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Series Preface

Advances	in	Materials	Science	and	Engineering

Series Statement

Materials form the foundation of technologies that govern our everyday life, from hous-
ing and  household appliances to handheld phones, drug delivery systems, airplanes, 
and satellites. Development of new and increasingly tailored materials is key to further 
advancing important applications with the potential to dramatically enhance and enrich 
our experiences. 

The Advances in Materials Science and Engineering series by CRC Press/Taylor & 
Francis is designed to help meet new and exciting challenges in Materials Science and 
Engineering disciplines. The books and monographs in the series are based on cutting-
edge research and development, and thus are up-to-date with new discoveries, new under-
standing, and new insights in all aspects of materials development, including processing 
and characterization and applications in metallurgy, bulk or surface engineering, inter-
faces, thin films, coatings, and composites, just to name a few. 

The series aims at delivering an authoritative information source to readers in academia, 
research institutes, and industry.  The Publisher and its Series Editor are fully aware of 
the importance of Materials Science and Engineering as the foundation for many other 
disciplines of knowledge. As such, the team is committed to making this series the most 
comprehensive and accurate literary source to serve the whole materials world and the 
associated fields.

As Series Editor, I’d like to thank all authors and editors of the books in this series for 
their noble contributions to the advancement of Materials Science and Engineering and to 
the advancement of humankind.

Sam	Zhang
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Preface

As the clock of history ticks into the twenty-first century, “life sciences” has become one of 
the buzzwords of the time. Various nanotechnologies are mobilized to serve this field, the 
field of understanding life, the field of prevention of disease and cure, the field of enhanc-
ing quality of life. This two-volume handbook, Biological and Biomedical Coatings, comes at 
the right time to help meet these needs.

Volume 1 has nine chapters focusing on process and characterization of biological and 
biomedical coatings through sol–gel method, thermal spraying, hydrothermal and physi-
cal or chemical vapor deposition, and so forth. These chapters are “Bone-Like Mineral 
and Organically Modified Bone-Like Mineral Coatings,” “Synthesis and Characterization 
of Hydroxyapatite Nanocoatings by Sol–Gel Method for Clinical Applications,” 
“Hydroxyapatite and Other Biomedical Coatings by Electrophoretic Deposition,” “Thermal 
Sprayed Bioceramic Coatings: Nanostructured Hydroxyapatite (HA) and HA-Based 
Composites,” “Nanostructured Titania Coatings for Biological Applications: Fabrication 
and Characterization,” “Hydrothermal Crystallization with Microstructural Self-Healing 
Effect on Mechanical and Failure Behaviors of Plasma-Sprayed Hydroxyapatite Coatings,” 
“Bioceramic Coating on Titanium by Physical and Chemical Vapor Deposition,” “Coating 
of Material Surfaces with Layer-by-Layer Assembled Polyelectrolyte Films,” and “Bioactive 
Glass-Based Coatings and Modified Surfaces: Strategies for the Manufacture, Testing, and 
Clinical Applications for Regenerative Medicine.”

Volume 2 contains 10 chapters centering on coating applications in the medical field such 
as implant and implanted devices, drug release, biosensing, and so forth. These chapters 
are “Sol–Gel Derived Hydroxyapatite Coatings on Metallic Implants: Characterization, In 
Vitro and In Vivo Analysis,” “Amorphous Carbon Coatings for Biological Applications,” 
“Biomedical Applications of Carbon-Based Materials,” “Impedance Spectroscopy 
on Carbon-Based Materials,” “Control of Drug Release from Coatings: Theories and 
Methodologies,” “Release-Controlled Coatings,” “Orthopedic and Dental Implant Surfaces 
and Coatings,” “Piezoelectric Zinc Oxide and Aluminum Nitride Films for Microfluidic 
and Biosensing Applications,” “Medical Applications of Sputter-Deposited Shape Memory 
Alloy Thin Films,” and “Bioactive Coatings for Implanted Devices.”

A striking feature of these handbooks is the consideration of both novice and experts: 
the chapters are written in such a way that, for newcomers in the relevant field, the hand-
books serve as an introduction and a stepping stone for them to enter the field with less 
confusion, whereas for experts, the books provide up-to-date information through figures, 
tables, and images that will assist their research. I sincerely hope this aim is achieved.

The chapter authors come from different regions all over the globe: Australia, China, 
France, Hong Kong, Japan, Singapore, Taiwan, the United Kingdom, and the United States. 
As top researchers in the forefront of their relevant research fields, naturally they all are 
very busy. As the editor of these volumes, I am very grateful that they all made a special 
effort to ensure timely response and progress of their respective chapters. I am extremely 
indebted to many people who accepted my request and acted as reviewers for all the chap-
ters. Since these volumes aim to cater to both novice and experts, the chapters are inevita-
bly lengthy; many were more than 100 pages in the manuscript stage. To ensure the highest 
quality, close to 50 reviewers (at least two and sometimes three per chapter) painstakingly 
went through the chapters and came out with sincere and frank criticism and modification 
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suggestions that helped make the chapters what they are today. I would like to take this 
opportunity to say a big “thank you” to all of them. Last but not least, I would like to reg-
ister my gratitude to many CRC Press staff, especially Ms. Allison Shatkin, Miss Kari A. 
Budyk, and Miss Andrea Dale at Taylor & Francis Group for the invaluable assistance they 
have rendered to me throughout the entire endeavor, which made the smooth publication 
of these volumes a reality.

Sam	Zhang
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(International Conference on Technological Advances of Thin Films & Surface Coatings), 
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Other details of Professor Zhang’s research and publications are easily accessible at his 
personal Web site, http://www.ntu.edu.sg/home/msyzhang.
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1
Sol–Gel	Derived	Hydroxyapatite	Coatings	
on	Metallic	Implants:	Characterization,	
In Vitro	and	In Vivo	Analysis

Wang	Yongsheng

Introduction

In modern society, the rapid development of biomedical engineering has provided consid-
erable improvement on human quality of life. Biomaterials, as the main part of biomedical 
engineering, have attracted more and more attention regarding replacing a part or certain 
function of the body in a safe, reliable, economic, and physiologically acceptable manner 
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(Bronzino 2000). A vast array of manmade biomaterials, including metals, polymers, ceramics, 
and composites, have been widely developed during the past 90 years for the requirements of 
clinical applications. Each biomaterial has its own advantages and disadvantages for a specific 
application (Ratner et al. 1996; Smallman and Bishop 1998). In other words, the selection of a 
biomaterial for a specified case depends on the particular repair or replacement situation and 
the properties of related biomaterials. Herein, this chapter is limited to some issues related to 
load-bearing implants, such as hip joint replacement and teeth roots repair. The demands for 
these kind of load-bearing implants have increased enormously in the current industrial era 
due to increased injuries caused by accidents and the improvement of social awareness about 
the right of existence. According to the American Academy of Orthopedic Surgeons, for exam-
ple, more than 120,000 total hip replacement operations are performed each year (Marsha, 
Leonard, and Randall 2000). As such, the development of reliable high-performance implants 
is greatly meaningful and valuable.

Many kinds of materials have been developed, including metals and alloys, polymers, 
ceramics, and composites, and are widely used in biomedical fields. However, no matter what 
the source, biomaterials must meet several criteria to perform successfully as load-bearing 
implants in orthopedic and dental applications (Hench 1998; Poitout 2004). First of all, they 
must be biocompatible, or able to function in vivo without eliciting any intolerable response 
in the body, either locally or systemically. On the other hand, those appropriate biomaterials 
must be able to withstand the often hostile environment of the body, and show better proper-
ties, such as resistance to corrosion and degradation, such that the body environment does 
not adversely affect material performance over the implant’s intended performance lifetime. 
Furthermore, adequate mechanical properties, such as tensile/compressive strength, elastic 
modulus, and fatigue endurance, are also critical criteria for the selection of biomaterials to be 
used as devices intended to replace or reinforce load-bearing skeletal structures. In addition, 
they must be capable of reproducible fabrication to the highest standards of quality control at, 
of course, a reasonable cost. Biomaterials that meet these criteria are fundamental to the prac-
tice of orthopedic surgery and to ensuring the success of implantation.

Among all the suggested biomaterials, metallic biomaterials, such as Co–Cr–Mo alloys 
and titanium alloys, may be the most preferred selection for load-bearing implants 
due to their excellent mechanical properties (Table 1.1). However, all these metallic 

TABLE 1.1

Mechanical Properties of Bone and Some Biomaterials

Types	of	Materials
Young’s	Modulus	

(GPa)
Ultimate	Tensile	
Strength	(MPa)

Tensile	Elongation	
Rate	(%)

Fracture	Toughness	
(MPa	m1/2)

Alumina 420 282–551 <1 3–5.4
Hydroxyapatite 
(3% porosity)

7–13 38–48 –
3.7–5.5

Stainless steel 200 1000 10 100
Co–Cr alloys 230 450–1300 10–30 100
Ti–Al–V and c.p. Ti 100–140 500–1150 15–25 80
Mg and Mg alloys 41–45 225 – –
PMMA 2.8 55 8 1.19
Cortical bone 3.8–11.7 82–114 – 2–12

Source: Leyens, C., Peters, M., Titanium and Titanium Alloys: Fundamentals and Applications, Wiley-VCH, Weinheim, 
2003; Smallman, R.E., Bishop, R.J., Modern Physical Metallurgy and Materials Engineering-Science, Process, 
Ap plication, Elsevier, 1998; Friedrich, H.E., Mordike, B.L., Magnesium Technology, Springer-Velag, Berlin, 
Germany, 2006; Ben-Nissan, B., Pezzotti, G., Biomaterials, 25, 20, 4971–4975, 2004. With permission.
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biomaterials are bioinert and would release some undesired metal ions caused by corro-
sion in the human body’s biological environment. Of the bioceramics, alumina, calcium 
phosphate, and bioglass in use are mainly because of their superior biocompatibility and 
bioactivity. However, their poor mechanical properties (e.g., tensile strength and fracture 
toughness) are serious design limitations for these materials when used in load-bearing 
implants (Table  1.1). Polymers, including polymethyl methacrylate (PMMA), polyethy-
lene, poly urethane, etc., are widely used in plastic surgery, cardiovascular surgery, and 
other soft tissue surgery due to their properties of resilience and malleability, which are 
not at all suitable for load-bearing implants. Therefore, none of the three kinds of above-
mentioned biomaterials meet all the requirements of implants for hard tissue repair and/
or replacement.

However, in view of the advantages and disadvantages of each kind of biomaterial, 
an advisable and practicable solution is to develop bioceramic-coated metallic implants. 
It is believed that such kinds of implants can do well in combining the desired biological 
properties of bioceramics and the excellent mechanical properties of metallic substrates. 
The bioceramic coating can also protect the metallic substrate from corrosion and serve 
as a barrier for the possible release of toxic metal ions into the human body. Among all 
these bioceramics, hydroxyapatite (HA) is the most suitable candidate to be used as a coat-
ing on the surface of metallic implants due to its chemical and biological similarity to 
human hard tissues (Boretoes and Eden 1984). HA coating cannot only improve the rate of 
osseointegration, but can also establish a high bone–implant interfacial strength by form-
ing strong chemical bonds with the surrounding tissues (Vedantam and Ruddlesdin 1996; 
Roop, Kumar, and Wang 2002).

HA	and	HA	Coating

HA is the main mineral component of human hard tissues (mainly bones and teeth), and 
provides storage for the control of calcium uptake and release for the human body (Aoki 
1994). HA belongs to a class of calcium phosphate-based bioceramics with a chemical 
formula of Ca10(PO4)6(OH)2. The word “hydroxyapatite” consists of “hydroxyl” ion and 
“apatite,” which is the mineral name. The stoichiometric Ca/P molar ratio is 1.67, and the 
calculated density is about 3.219 g/cm3. HA crystallite possesses a hexagonal structure 
with the unit cell dimensions of: a = b = 0.9432 nm and c = 0.6881 nm (Hench and Wilson 
1993; Kay, Young, and Posner 1964). The atomic structure of HA projected along the c-axis 
on the basal plane is shown in Figure 1.1.

It is well known that HA can be used as bone substitutes in orthopedics and dental 
treatment due to its biocompatibility and osteoconductive properties (Boretoes and Eden 
1984). In order to meet the clinical requirements of different applications, HA has been 
developed well to be fabricated into different forms, such as particulates (solid, porous, 
or even hollow particles) in different sizes, blocks, and coatings (Wang et al. 2009). As for 
load-bearing implants, bulk HA seems not suitable because of the limitation of its mechan-
ical properties (Hench and Wilson 1993; Bronzino 2000). There is a wide variation in the 
reported mechanical properties of synthesized HA, which strongly depended on the pro-
cess applied with the HA sample preparation. For example, the compressive strength of 
synthesized HA ranges from 294 to 917 MPa (Park 1984). Other related mechanical prop-
erties are listed in Table 1.1. The mechanical properties of HA strongly influence their 
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applications as implants. Therefore, the application of bulk HA as load-bearing implants is 
inevitably impracticable because of its poor fracture toughness (too brittle).

The most interesting property of HA in bone repair is its attractive bioactivity and strong 
ability to form direct chemical bonds with surrounding tissues. Therefore, HA-coated 
metallic implants could integrate the bioactivity of HA and the mechanical properties of 
metallic substrates for an ideal combination. Many techniques have been developed for 
the fabrication of HA coatings onto metallic implant surfaces. Commonly used methods 
include pulsed laser deposition (PLD) or laser ablation (Koch et al. 2007; Bao et al. 2005; 
Arias et al. 2003), hot isostatic pressing (HIP) (Onoki and Hashida 2006; Fu, Batchelor, and 
Khor 1998), thermal spraying techniques, including plasma spraying (Wang, Lu et al. 2007; 
Yan, Leng, and Weng 2003; Gu, Khor, and Cheang 2003), flame spraying (Cheang and Khor 
1995; Oguchi et al. 1992), and high-velocity oxy-fuel combustion spraying (HVOF) (Lima 
et al. 2005; Khor et al. 2003), electrophoretic deposition (Wei et al. 2001; Xiao and Liu 2006), 
biomimetic coating (Reiner and Gotman 2009; Bharati, Sinha, and Basu 2005), sputtering 
coating (Pichugin et al. 2008; Ding 2003), and the sol–gel method (Haddow, James, and 
Van Noort 1999; Ak Azem and Cakir 2009; Avés et al. 2009). Each method has its own 
advantages and disadvantages in the coating properties, such as coating chemistry, phase 
composition, crystallinity, and mechanical properties, as well as biological properties. 
A comparison of these coating techniques is summarized in Table 1.2. Among all these 
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FIGURE 1.1
Crystal structure of hydroxyapatite, viewed along c-axis. (From Kay et al., Nature, 204, 4963, 1050–1052, 1964. 
With permission.)
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coating techniques, the sol–gel method is commonly used for its advantages of composi-
tion homogeneity, low cost, and ease in operation (Zhang et al. 2006).

Sol–Gel	Derived	HA	Coating

Brief Introduction of the Sol–Gel Technique

The sol–gel process is a chemical synthesis method generally used for the preparation of 
ceramics, glasses, and composites at much lower temperatures than other traditional methods, 
such as hot pressing and sintering (Hench and Wilson 1993). The use of the sol–gel method can 
be traced back to as early as the mid-1800s, and a fast-growing development of sol–gel appli-
cations has been achieved within the past three decades (Gupta and Kumar 2008; Wang and 
Bierwagen 2009). In the sol–gel process, the solution system involves a transition from a liquid 
“sol” into solid “gel” phase. The starting materials used in the preparation of “sol” are usually 
inorganic metal salts or metal organic compounds such as metal alkoxides. After a certain 
process with the sol (e.g., the coating of “sol” onto a substrate), followed by drying to remove 
residual organics and heat treatment, the “gel” is converted into dense materials (Klein 1988). 
Since the design of the sol–gel system and related sol–gel process can be controlled easily, this 
method has been employed to produce various products of desired sizes, shapes, and formats 
(e.g., particle, fiber, coating, bulk). The main advantages and important features of the sol–gel 
method can be summarized as (Wang and Bierwagen 2009; Klein 1988):

• Increased homogeneity due to the mixing at the molecular level
• Reduced processing temperature, frequently close to room temperature
• Substrate/mold shape-independent, since liquid precursors are used (such that 

complex shapes of products can be successfully fabricated)
• Easy mixing for multicomponent systems
• Use of different chemical routes (precursor selection)
• Possibility of producing materials with special properties (e.g., composition, crys-

tallinity, morphology, and even composites)
• Low cost and easy operation

Today, sol–gel technology is widely used in the development of catalyst (Blum, Avnir, 
and Schumann 1999), nanomaterials (Rǎileanu et al. 2009), chemical sensors (Lin and 
Brown 1997), biosensors (Pastor et al. 2010), and electrochemical devices in diverse scien-
tific and engineering fields, including the ceramic industry (Klein 1988), optical engineer-
ing (Gvishi et al. 1997), biomedical field (Gupta and Kumar 2008), and electronic industry 
(Dulay et al. 2002). Sol–gel technology shows great potential for the development of novel 
materials and devices in a broad range of applications.

Metallic Substrates

Because of the preliminary requirement of biocompatibility for a biomaterial, the num-
ber of metallic materials that can be considered for implants is limited. Metals and alloys 
used in clinical applications mainly include stainless steel, Co–Ni–Cr alloy, cast and 
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wrought Co–Cr–Mo alloy, commercially pure titanium (c.p. titanium), and titanium alloy 
(Ratner et al. 1996). Compared with other metals and alloys, however, c.p. titanium and 
titanium alloy–Ti6Al4V have been used as implant materials only for a short time. They 
have been widely used in clinical application and have a great potential prospect for medi-
cal applications due to their good biocompatibility, superior mechanical properties, and 
corrosion resistance (Leyens and Peters 2003). In the case of other metals as implants, the 
accumulation of toxic metal ions caused by dissolution and corrosion in the body’s physi-
ological environment often leads to severe pathological problems (Jaffe and Scott 1996). 
Furthermore, in comparison with cobalt chromium alloys, titanium and its alloy demon-
strate a 33% increase in bonding strength to HA coating in vitro. Moreover, concerning 
the costs of semiproducts, Ti and its alloys belong to the same groups as stainless steel, 
whereas Co–Cr alloys are more expensive (Leyens and Peters 2003). Thus, titanium and 
its alloys with their favorable properties are more preferable for medical applications com-
pared to other metallic materials. 

Recently, magnesium and magnesium alloys, as the lightweight metals (density ~1.75g/
cm3), have been proposed as biodegradable implants for orthopedic and trauma surgery 
due to their outstanding biocompatibility, biodegradability, and mechanical properties 
(Witte 2010; Friedrich and Mordike 2006). According to Wolff’s law, Mg alloys are most 
preferred because of the similarity of Young’s modulus between Mg alloys and human 
bones (cf. Table 1.1). Such kind of similarity can effectively avoid the stress shielding effect, 
leading to enhanced stimulation of new bone growth and remodeling (Zberg, Uggowitzer, 
and Löffler 2009). Noticeably, because of the bioresorbable characteristic, Mg alloy-based 
implants are strongly expected as biodegradable implants (e.g., coronary stent) rather than 
the permanent ones. Therefore, it is still questionable for Mg alloys to be used as load-
bearing implants for hard tissue repair or replacement.

Precursors for Sol–Gel Derived HA Coating

Theoretically, any precursor able to form reactive inorganic monomers or oligomers can 
be used for sol–gel process to synthesize the corresponding inorganic products. However, 
in order to obtain sol–gel derived coatings with the desired quality, the selection of related 
precursors (as well as the designed sols) should satisfy some basic requirements (Klein 
1988; Gupta and Kumar 2008): 

 (1) Must be soluble in the selected reaction media and reactive enough to participate 
in the gel forming process.

 (2) The precursors should be stable (do not produce any unwanted by-product).
 (3) The sols containing precursors should have certain viscosity and can wet the sub-

strate well to produce an overall homogeneous deposited layer.
 (4) Uniform and long-term stability of the sols is possible.
 (5) Easy removal of unused ions or organic groups to obtain a coating with pure 

phase and uniform surface morphology.

A number of calcium and phosphate precursors have been employed for sol–gel synthesis 
of HA coatings on metallic implant surfaces at a low temperature. An overview of differ-
ent calcium and phosphate precursors commonly used for the preparation of HA coatings 
is listed in Table 1.3. Due to the difference in chemical activity of different precursors, the 
temperature required to produce the apatite structure depends largely on the chemical 
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nature of the precursors (Haddow, James, and Van Noort 1996; Liu, Troczynski, and Tseng 
2001). With the use of different precursors and processing conditions, the expected prop-
erties (chemical composition, phase components, crystallinity, thickness, morphology, 
porosity, etc.) of these HA coatings can be successfully achieved and well controlled. 

Chemical and Physical Properties of Sol–Gel Derived HA Coating

Phase Composition

According to the processing temperature, all coating methods can be classified into 
two groups, low-temperature and high-temperature deposition techniques, as shown in 
Table 1.2. Even though the sol–gel method is classified into the low-temperature group, 
almost all the HA coatings prepared with this method must be treated with an essential 
sintering or heat treatment step at an elevated temperature. (Generally, the temperature is 
lower than 1000°C.) (Chen et al. 2005). Such a heat treatment process is usually required 
to remove the unwanted chemical components (to obtain the final HA coating) or to 
increase the coating crystallinity. However, the following decomposition reactions may 
also occur during the heat treatment (Ogiso, Yamashita, and Matsumoto 1998; Senamaud 
et al. 1997): 

 Ca10(PO4)6(OH)2 → 2Ca3(PO4)2 + Ca4(PO4)2O + H2O→	

 Ca10(PO4)6(OH)2 → 3Ca3(PO4)2 + CaO + H2O→	

Generally, the final coating is a pure HA coating or with a small amount of impurity 
phases, such as CaO, and/or TCP, OCP, carbonated HA, CaCO3 (Montenero et al. 2000; 
Hsieh, Perng, and Chin 2002; Wang, Chen, and Wang 2009; Weng and Baptista 1998). 
Figure 1.2 shows a typical HA phase with small amount β-TCP (less than 5%) of sol–gel 

TABLE 1.3

Overview of Different Calcium and Phosphate Precursors for Preparation of HA Coatings

Calcium	Precursor Phosphate	Precursor References

Calcium nitrate 
tetrahydrate 
(Ca(NO3)2•4H2O)

Diphosphorous pentoxide (P2O5); 
Ammonium hydrogen phosphate 
((NH4)2HPO4); Ammonium 
dihydrogen phosphate; Triethyl 
phosphite; Triethyl phosphate (TEP); 
Phosphoric acid (H3PO4); n-Butyl 
acid phosphate (n-BAP); Triethyl 
phosphate

(Weng, Han et al. 2003; Montenero et al. 
2000; Hsieh, Perng, and Chin 2002; You, 
Oh, and Kim 2001; Cavalli et al. 2001; Liu, 
Yang, and Troczynski 2002; Kim et al. 2004; 
Manso, Ogueta et al. 2002; Manso, Langlet 
et al. 2002; Hwang et al. 2000; Wang, Chen, 
and Wang 2009; Gan and Pilliar 2004; 
Weng and Baptista 1998)

Calcium acetate 
monohydrate 
(Ca(OA-c)2•H2O)

Diethyl hydrogen-phosphonate 
((C2H5)2HPO);

(Ben-Nissan, Milev, and Vago 2004; 
Balamurugan, Kannan, and Rajeswari 
2002)

Calcium diethoxide Triethyl phosphite; Diethyl hydrogen-
phosphonate ((C2H5)2HPO); 
Phosphoric acid (H3PO4)

(Ben-Nissan, Milev, and Vago 2004; 
Haddow, James, and Van Noort 1999; Chai 
and Ben-Nissan 1999)

Calcium hydroxide 
(Ca(OH)2)

2-Ethylhexyl-phosphate (Metikos-Hukovic et al. 2003; Tkalcec et al. 
2001)
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derived HA coatings on Ti6Al4V after being calcined at 900oC by using Ca(NO3)2•4H2O 
and (NH4)2HPO4 as corresponding precursors (Montenero et al. 2000).

On the other hand, the phase purity and the degree of crystallinity of sol–gel derived 
HA coatings is reported to depend on the kind of precursors used for the preparation of 
HA coatings (Haddow, James, and Van Noort 1996). For instance, Gan and Pilliar (2004) 
pointed out that the HA coating prepared with an organic route (precursors: calcium nitrate 
tetrahydrate and triethyl phosphite) possesses higher crystallinity than that obtained with 
an inorganic route (precursors: Ca(NO3)2•4H2O and ammonium dihydrogen phosphate). 
Moreover, besides the selection of temperature, some other factors, including time of heat 
treatment, heating rate, and surrounding atmosphere, are also quite important to control 
the final phase composition and crystallinity (Chen et al. 1997; Wang, Chen, and Wang 
2009; Hsieh, Perng, and Chin 2002). For instance, water molecules in the firing atmosphere 
could promote HA crystallization, whereas in a dry atmosphere TCP and TTCP are more 
stable than HA in a higher temperature (Chen et al. 1997). Comparatively, the phase com-
position of HA coatings produced by the sol–gel method is simpler than those coatings 
obtained by using high temperature deposition methods, which usually contain a certain 
amount of other impure phases, such as amorphous hydroxyapatite (ACP), oxyapatite, tri-
calcium phosphate (TCP), tetracalcium phosphate (TTCP), and calcium oxide (CaO) (Ong 
et al. 2006; Yan, Leng, and Weng 2003; Lima et al. 2005).

No matter the impure phases, all have crucial effects on the performance of coated 
implants, especially on the dissolution behavior of the coatings (Sun et al. 2001; You, Oh, 
and Kim 2001; Yang, Kim, and Ong 2005). All of the others’ phases in the coating have 
larger solubility than that of HA (Ducheyne, Radin, and King 1993; Wang, Lu et al. 2007; 
Khor et al. 2003). Although the faster dissolution produces a supersaturated environment, 
which allows physiologically produced HA to precipitate on the coating and enhance the 
bone ingrowth, it also leads to the serious resorption or degradation of the coatings, and 
even to the failure of the implants (Cheng, Zhang, and Weng 2007; Kim, Kim, and Knowles 
2005). On the other hand, the impure phase, CaO, has no biocompatibility and dissolves 
significantly faster than TCP. Thus, it is a detrimental phase that should be avoided (Wang, 
Chen et al. 2008; Sun et al. 2001). As such, both the purity and the crystallinity of the coat-
ing should be strictly controlled in order to obtain the expected effective HA coating layers. 
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FIGURE 1.2
Phase composition of sol–gel derived HA coatings on Ti6Al4V substrate after calcination at 900°C. (From 
Montenero et al., Journal of Materials Science, 35, 11, 2791–2797, 2000. With permission.)
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The smaller amount of other phases, the higher degree of crystallinity, and the lower the 
dissolution rate, the better the performance of the implants, and vice versa. Thereby, from 
the viewpoint of phase purity, the sol–gel method is preferred in depositing the expected 
HA coatings on metallic substrates.

X-ray diffraction (XRD) is a powerful, nondestructive analysis tool and has been widely 
used as a means of determining the phase composition and crystallinity of the HA coatings. 
That is, it estimates the percentage of crystallinity and identifies the secondary phases gen-
erated during the preparation of HA coatings from the relative peak intensity of different 
phases (Löbmann 2007). The new phases can be identified from the plot of the intensity vs. 
2θ, or from the lattice parameter change determined by XRD results. Also, other analytical 
techniques, such as differential thermal analysis (DTA)/differential scanning calorimetry 
(DSC), Fourier transform infrared spectroscopy (FTIR), can help in this analysis.

Surface Chemistry and Composition

The surface chemistry of sol–gel derived HA coatings, as one of the most significant fac-
tors for the coating in a clinical application, has received considerable attention because of 
its dominant role in osseointegration (Hench and Wilson 1993; Kačiulis et al. 1998). X-ray 
photoelectron spectroscopy (XPS) or electron spectroscopy for chemical analysis (ESCA) 
is the most famous technique for the analysis of surface chemistry, since it can detect all 
elements except hydrogen and helium with high sensitivity even for the trace amount of 
contaminants in the materials (Briggs and 2003; Brundle, Evans, and Wilson 1992). XPS is 
an important analytical tool in the area of coatings/thin films, and it can provide useful 
information, including compositions (elements), chemical states, and coating thickness. 
Based on the survey and narrow scan, the possible elements can be accurately ascertained 
since each element has its own characteristic binding energy. The chemical state (valence) 
or bonding information of each element can be determined through the shift of corre-
sponding peak position (binding energy).

There are two main properties of concern regarding surface chemistry: the composi-
tion of the HA coating and the chemical status of the elements existing in the HA coating 
(Kačiulis et al. 1999). As for the composition of HA coatings, it is mainly the three elements 
of Ca, P, and O and their concentration (commonly described as Ca/P and O/Ca molar or 
weight ratio). The Ca/P and O/Ca peak ratios can help distinguish and quantify different 
Ca/P phases in the mixtures. With respect to the stoichiometry of the HA coatings, the 
Ca/P ratios for the sol–gel samples were in good agreement with the stoichiometric val-
ues compared with other coating techniques (Massaro et al. 2001; Metikos-Hukovic et al. 
2003). However, as Haddow, James, and Van Noort (1996) have pointed out, the Ca/P ratio 
could have a great difference in response to different precursors selected. For example, 
the Ca/P ratio was 1.46 for the inorganic-route precursors and 2.10 for the organic-route 
precursors in the work of Gan and Pilliar (2004). All these changes on the Ca/P ratio can 
be demonstrated by other analytical methods, such as XRD and FTIR. As for the chemical 
states analysis, it is becoming more and more important in the biological development. 
Each element has the “fingerprint” characteristics that can be determined by some ana-
lytical techniques (Kačiulis et al. 1998). According to the analysis, some new phases can be 
determined. For HA coatings, many studies have been done on this point. Generally, Ca2p 
(or Ca2p1/2 and Ca2p3/2), P2p, and O1s are the most studied for determining the chemical 
properties of the coating. For example, in Figure 1.3, the O1s peaks of the HA coatings 
deposited by different methods are presented (Massaro et al. 2001). As indicated, peak 1 
is the characteristic O1s peak in HA structure with a binding energy of 531.4eV; peak 2 is 
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attributed to the O1s in adsorbed water, whereas peak 3 is the O1s coming from TiO2. As 
such, according to the binding energy of a specified element, it is quite easy to find out 
what kind of phase/compound of this element is in. Table 1.4 summarizes the binding 
energy levels of core elements in some calcium-containing salts. Importantly, based on the 
XPS analysis (especially the narrow scan screening), the determination of trace elements 
in the coating is critical for the investigation and evaluation of new biomaterials (Kačiulis 
et al. 1999).

Surface chemistry and composition can also be analyzed by FTIR. The FTIR technique is 
rapid and nondestructive, requires no vacuum, and is applicable to samples of any dimen-
sion and even to those with curvature (Kazarian et al. 2004). The chemically specific infor-
mation contained in the unique “fingerprint” region of the IR spectrum allows one to 
distinguish different chemical groups and even different materials. In HA, compound 
groupings, such as hydroxyl bands (OH groups), carbonate bands (CO3 groups), and phos-
phate bands (PO4 groups), are usually quantified by FTIR (Stoch et al. 2005; Vijayalakshmi, 
Prabakaran, and Rajeswari 2008). Crystalline HA generates two characteristic OH bands 
at about 3570 and 630 cm−1 (Weng and Baptista 1999; Stoch et al. 2000). Sometimes they are 
absent in FTIR spectra, and some authors attribute this missing OH modes to a perturba-
tion of hydroxyl stretching and bending modes on the apatite surface by the hydrogen 

1
3

2

1
1

(a) (b) (c)

FIGURE 1.3
O1s spectra (XPS) of HA coatings prepared by different methods ([a] sol–gel coating; [b] sputtered coating; 
[c] plasma-sprayed coating). Peak 1 is the characteristic O1s peak in HA structure with a binding energy of 
531.4eV; peak 2 is attributed to the O1s in adsorbed water; peak 3 is the O1s coming from TiO2. (From Massaro 
et al., Journal of Biomedical Materials Research, 58, 6, 651–657, 2001. With permission.)

TABLE 1.4

XPS Binding Energy Values of Main Elements in Some Calcium-Containing Salts

Phase

Binding	Energy	(eV)

Ca	2p1/2 Ca	2p3/2 P	2p O	1s

HA 351.0–351.2 347.2–347.5 133.3–133.5 531.3–531.6
α-TCPa 350.7 347.2 133.3 531.0

β-TCPa 350.6 347.0 133.1 530.9
ACPa 350.6 347.1 133.1 531.1
CaCO3

b 350.1 346.5 − 533.9 (OI)
535.6 (OII)

Source: Amrah-Bouali et al., Biomaterials, 15, 4, 269–272, 1994; Lu et al., Anal. Chem., 72, 13, 2886–2894, 2000; 
Chusuei, C.C., Anal. Chem., 71, 1, 149–153, 1999; Yan et al., Biomaterials, 24, 15, 2585–2592, 2003; Battistoni 
et al., Surf. Interface Anal., 29, 11, 773–781, 2000. With permission.

a Peak positions are calibrated by setting the adventitious C1s to 284.7eV.
b Powder form in calcite phase.
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bonding of water molecules to the surface OH ions. The adsorbed water yields a broad 
band in the 3000–3500 cm−1 range and at about 1650 cm−1 (Stoch et al. 1999).

The phosphate group has a Td symmetry resulting in four internal modes’ being IR active: 
ν3 asymmetric stretching mode of vibration characterized by a strong, complex band in 
1000–1150 cm−1 range and a medium intensity band at about 963 cm−1 due to ν1 symmetric 
stretching vibration (Tkalcec et al. 2001). The ν4 bending vibration of PO4 is characterized 
by bands located at 560–610 cm−1. A weak band at 430–463 cm−1 corresponds to ν2 bending 
vibration (Stoch et al. 1999).

The FTIR spectrum is very sensitive to the carbonate (CO3
2−) group; even a very small 

amount of carbonate can be detected. Generally, carbonate can be incorporated into the 
HA structure by replacing the OH group (type A substitution) or by replacing PO4 groups 
(type B substitution) (Stoch et al. 1999). The presence of CO3

2− as well as its position can 
be well determined by FTIR: type A substitutions have a singlet band at ~880 cm−1 (out-
of-plane deformation, ν2) and a doublet band at about 1450 and 1545 cm−1 (asymmetric 
stretching vibration, ν3); the co-occurrence of CO3

2− absorption peaks recorded at 873 cm−1 
(ν2), 1412 and 1465 cm−1 (ν3) indicates the incorporation of CO3

2− groups into HA lattice 
structure through the B-type substitution (Tkalcec et al. 2001).

Along with FTIR, Raman spectroscopy (RS) is another powerful analytical technique 
for the determination of molecular vibrations. The vibration activity is different in FTIR 
and RS due to the symmetry dependence of some chemical groups. In other words, some 
vibrations are both FTIR and RS active, but others are only FTIR or RS active. Therefore, 
complementary detailed information about the molecular vibrations could be well char-
acterized by combing the FTIR and RS analysis. A detailed report about the application of 
RS in characterizing HA samples can be found in some related references (Mihály et al. 
2009; Silva and Sombra 2004). 

Surface Morphology

Surface morphology is another important coating characteristic that influences its per-
formance. Surface morphology of the HA coating also affects the dissolution and bone 
apposition on the coating or bone ingrowth, because the coating surface, once implanted, 
is directly in contact with the bone and body fluid, thus playing a major role in the forma-
tion and maintenance of tissue integrity (Ben-Nissan, Milev, and Vago 2004). Scanning 
electron microscopy (SEM) and atomic force microscopy (AFM) are the most widely used 
techniques to characterize the surface morphology of HA coatings in practice.

In sol–gel technology, the solvent can be evaporated to leave a solid with a certain level 
of fine porosity. So, generally, according to the process characteristics of sol–gel technique, 
it is a common phenomenon that the sol–gel derived HA coating is a homogeneous, but 
rough with micro pores (about a few hundred microns) and even micro cracks (Massaro 
et al. 2001; Montenero et al. 2000). Figure 1.4 shows a typical SEM micrograph (Figure 
1.4a, precursors: Ca(NO3)2•4H2O and P2O5) and AFM image (Figure 1.4b, precursors: 
Ca(NO3)2•4H2O and (NH4)2HPO4)) about the surface morphology of sol–gel derived HA 
coating on the titanium and titanium alloy substrates. The coating looks quite uniform 
with a certain degree of porosity. The surface morphology of sol–gel derived HA coatings 
can be controlled by sol–gel parameters, such as different precursors (Guo and Li 2004; 
Gan and Pilliar 2004), post heat treatment (Hwang et al. 2000), the addition of chemical 
additives (Weng, Han et al. 2003), and surface roughness of the substrates as well as the 
thickness of the coating (You, Oh, and Kim 2001). Therefore, a customized surface mor-
phology can be obtained according to the different requirements in practical application. 
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Interfacial Analysis

Interfacial failure is reported to be one of the most predominate failure modes of HA-coated 
implants (Cheng et al. 2005). Generally, the interfacial adhesion of a sol–gel derived coating–
substrate system comes from two aspects: the mechanical interlock and the chemical 
bonding. As for the mechanical interlock, surface pretreatment of metallic substrate is 
commonly applied, such as surface polishing and chemical treatment (Balakrishnan et 
al. 2007). However, it is believed that the contribution of mechanical interlock to adhesion 
is quite limited. The formation of certain chemical bonds at/near the coating substrate 
is strongly desired to improve the adhesion properties. Interfacial analysis (usually, the 
distribution of elements at/near the interface between the coating and substrate) is always 
carried out to provide the necessary bonding information about adhesion property. Time-
of-flight secondary ion mass spectrometry (ToF-SIMS) (Cheng et al. 2005), glow discharge 
optical emission spectroscopy (GDOES) (Qi et al. 2008), and electron dispersive x-ray spec-
troscopy (EDS/EDX) (Zhang et al. 2006) are commonly used techniques for determining 
element distribution near the coating–substrate interface.

As a typical result, Figure 1.5 shows the SIMS composition depth profiles analysis of a 
sol–gel derived HA coating on Ti6Al4V substrate (precursors: Ca(NO3)2•4H2O and P2O5). 
According to the distribution of the concerned elements along the cross section (i.e., Ca, O, 
P, and Ti), the cross section can be divided into three regions at/near the interface: the sub-
strate (Rs) region, the transitional region (Rt), and the coating region (Rc). The transitional 

5 μm

(a)

(b)

Z: 1.17 μm

X: 35.00 μm
Y: 35.00 μm

FIGURE 1.4
Surface morphology of sol–gel derived HA coating on Ti and Ti-alloy substrates: (a) SEM micrograph; (b) AFM 
image. (From Massaro et al., Journal of Biomedical Materials Research, 35, 11, 2791–2797, 2000. With permission.) The 
surface is uniform with certain degree of porosity. 
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region (Rt) has a thickness of about 85 nm, and within the transitional region, the Ca and P 
concentrations decrease drastically toward the substrate, whereas O element decreases 
gradually from the coating region (Rc) to the substrate region (Rs), and the concentration 
of Ti element increases gradually from the transitional region (Rt) to the substrate region 
(Rs). It can be speculated from the existence of the transitional region and the distribution 
of the elements along the cross section that certain Ti–P–Ca–O compounds have formed 
at/near the interface (Montenero et al. 2000; Hsieh, Perng, and Chin 2002). 

Mechanical Properties of Sol–Gel Derived HA Coating

Pull-Out Tensile Adhesion Strength and Interfacial Shear Strength

In view of the successful implantation as well as long-term stable performance, mechani-
cal properties are important for HA-coated metallic implants. Among all the mechani-
cal properties required, adhesion strength (or bonding strength) between the coating 
and metallic substrate is the most important property for those load-bearing implants. 
Two kinds of pull-out based methods are widely used to evaluate the adhesion strength: 
uniaxial pull-out tensile test method (as shown in Figure 1.6a) for the determination of 
tensile adhesion strength and shear pull-out test (Figure 1.6b) for the measurement of 
shear adhesion strength (Zhang et al. 2008; Ma, Wong et al. 2003; Implants for Surgery-
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FIGURE 1.5
SIMS composition depth profile analysis of HA–Ti6Al4V interface. Three regions can be divided for cross sec-
tions: coating region (Rc), a transitional region (Rt), and substrate region (Rs). Within the transitional region, 
Ca and P concentrations decrease drastically from the coating toward the substrate, while the O concentration 
decrease gradually toward the substrate; Ti concentration increases gradually from transitional region to the 
substrate.
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Hydroxyapatite—Part 4: Determination of Coating Adhesion Strength 2002). Both of these 
two methods are tested using epoxy or super glues to fix the coating onto the counterpart. 
Accordingly, the bonding strength will be highly influenced by many factors, such as the 
uniformity of the epoxy layer, penetration depth of the glues, porosity and thickness of the 
coating, and alignment of the applied force. Therefore, it could be imagined that a wide 
range (large deviation) of adhesion strengths would be obtained, even for the coatings 
deposited with the same deposition method. According to the documented results, the 
adhesion strengths of HA coatings on metallic substrates prepared with different deposi-
tion techniques were summarized in Table 1.5. As stipulated by ISO standards (ISO13779), 
the recommended bonding strength (pull-out tensile test) should be not less than 15 MPa 
(Implants for Surgery-Hydroxyapatite—Part 2: Coatings of Hydroxyapatite 2000). The sol–
gel method is thus acceptable for the preparation of HA coatings from the standpoint of 
adhesion (cf. Table 1.5). 

More importantly, the adhesion strength after in vitro or even after in vivo tests is quite 
crucial in estimating the survivability of HA coating on implant surfaces. As reported, 
in vivo studies suggested that the failure of plasma sprayed HA-coated metallic implants 
mainly occurs at the coating–substrate interface, and the failure probability at this inter-
face increased with the period of implantation because the strength of the coating–bone 
interface tends to increase with more healing time (Sun et al. 2001; Albrektsson 1998). Such 
degradation of adhesion is generally attributed to the dissolution behaviors related to the 
coating properties (e.g., impurity phases [TCP, CaO, etc.], crystallinity, cracks) (Lima et al. 
2005), which would impair the mechanical properties (especially, adhesion strength) of the 
coating. Detailed description and discussion about the adhesion properties after in vitro 
and/or in vivo tests can be found in some related reports (Aksakal, Gavgali, and Dikici 
2009; Zhang et al. 2008; Kim et al. 2005; Albrektsson 1998).

Noticeably, cohesion failure (failure within the coating layer) was always observed in 
those pull-out based tests (Figure 1.7), indicating that the obtained results are not the actual 

Tensile
load

Tensile
load

Epoxy resin

Epoxy resin

Al rod

Coating

Coating
Load

Load

Substrate

Substrate

Jig

(a) (b)

FIGURE 1.6
Schematic diagrams of pull-out testing methods for assessing of adhesion strength: (a) tensile adhesion strength 
test (from Zhang et al., Thin Solid Films, 516, 16, 5162–5167, 2008; with permission); (b) shear adhesion strength 
test.
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adhesion strengths between the coating and substrate (Zhang et al. 2008). In other words, 
those pull-out based testing methods are highly influenced by the coating characteristics 
and infiltration of epoxy, resulting in limited information about the adhesion properties 
at the coating–substrate interface. Therefore, other evaluation techniques/methods (e.g., 
scratch test) are necessary to get a sound evaluation of adhesion properties. 

Evaluation of Interfacial Shear Strength

Generally, for bioceramic-coated, load-bearing implants, the adhesion behaviors of coating–
substrate interface can be roughly classified into tensile and shear adhesion. Therefore, 
besides the tensile strength, the interfacial shear strength also serves as a crucial factor 
for those implants used as tooth root and hip joint replacement. Although certain quan-
titative evaluations have been done with the commonly used pull-out shear test, in view-
ing the intrinsic drawbacks of the “pull-out test,” those obtained shear strength should 
be the “cohesive shear strength” rather than the “interfacial shear strength” (Li, Khor, 
and Cheang 2002). However, the shear lag strain approach described by Agrawal and Raj 
(Agrawal and Raj 1989, 1990), which utilizes the regular crack patterns obtained through 
the designed tests, appears useful and relatively straightforward for the determination of 
interfacial shear strength. Basically, this method relies on the development of transverse 
crack patterns in a brittle coating when the relatively ductile supporting substrate is plas-
tically deformed under an applied uniaxial load. This crack behavior can be adequately 
described by a shear-lag analysis that directly relates crack density to the load transfer 
capabilities of the interface, and this shear lag theory predicts the establishment of a steady 
state of constant crack density observed at relatively high strain levels. For a coating of 
thickness t, the interfacial shear strength τmax can be determined by a simplified expression 
(Agrawal and Raj 1989): 

 

τ σ
π

λmax .
= f

t
1 5

 

Substrate 

Cohesive 

20 μm 

FIGURE 1.7
Typical fracture surface of fluoridated HA coatings after pull-out tensile test: a mixed failure mode is com-
monly observed, which consists of adhesion failure occurring at the coating–substrate interface, cohesion fail-
ure occurring within the coating, and gluing failure occurring at the epoxy-coating interface. (From Zhang et 
al., Thin Solid Films, 516, 16, 5162–5167, 2008. With permission.)
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where λ is the average steady-state crack spacing and σf is the tensile strength of the film 
(i.e., the coating). σf can be determined experimentally by measuring the maximum elastic 
strain, εf, of the coating (at which the initial formation of cracks is detected):

	 σf = εfEf 

where Ef is the Young’s modulus of the coating.
The interfacial shear strength evaluated with the shear lag strain method are reported 

to be at least an order of magnitude greater than the pull-out shear strengths reported 
for plasma-sprayed and high-velocity oxy-fuel sprayed HA (Li, Khor, and Cheang 2002; 
Brossa et al. 1994; Gan, Wang, and Pilliar 2005). On the other hand, the reported interfacial 
shear strength between the coating surface and surrounding tissues in vivo was about 
16.65 MPa after a 24-implantation (Yang et al. 1997). Therefore, from the standpoint of 
interfacial shear strength, sol–gel derived HA coatings appear quite promising for long-
term load-bearing implants. However, it should be noted that the determination of interfa-
cial shear strength using the shear lag analysis requires a limited film thickness, hence the 
low transverse residual stress within the coating. 

Scratch Test

The scratch test is generally accepted as one of the simple and popular methods in assess-
ing the adhesion properties of coating–substrate interface (Arias et al. 2003; Zhang et al. 
2006). Basically, it is carried out by drawing a diamond tip over the coating surface to pro-
duce a scratch. The applied normal load is increased linearly until a critical load is reached 
at which the adhesion failure is induced at the coating–substrate interface. Thus, the criti-
cal load can be taken as a semiquantitative measurement of the coating–substrate adhe-
sion strength, and the failure mode can provide further qualitative information upon the 
coating–substrate interface (Zhang et al. 2006). Figure 1.8 shows a typical scanning scratch 
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FIGURE 1.8
Coefficient of friction in terms of relative output voltage as a function of normal load in the scratch test of sol–
gel derived coating: (a) HA coating, (b) fluoridated HA coating. At point 1, the indenter starts to plough into the 
coating, resulting in a steeper increase in coefficient of friction; at point 2, the indenter completely peels off the 
coating and scratches onto the substrate causing an abrupt increase in friction. (From Zhang et al., Surface and 
Coatings Technology, 200, 22–23 Spec. Iss., 6350–6354, 2006. With permission.)



Sol–Gel	Derived	Hydroxyapatite	Coatings	on	Metallic	Implants	 19

curve of sol–gel derived HA and fluoridated HA coatings. The curves indicate a good 
adhesion between the coating and substrate, and reveal that the coating–substrate interfa-
cial failure mode changes from brittle to ductile with fluorine ion were incorporated into 
the HA lattice structure (Zhang et al. 2006). That is to say, the scratch test can provide a lot 
of remarkable information about the coating–substrate interface, even though some of the 
data are just qualitative. Therefore, by considering the features of the pull-out tensile test, 
shear lag strain method, and scratch test, the combination of these three testing methods 
could be more helpful in getting a comprehensive understanding of the coating–substrate 
adhesion properties. 

Toughness of Sol–Gel Derived HA Coating

Fracture toughness serves as a decisive factor in evaluating the functionality of coated 
implants and determines the level to which the material can be stressed in the presence 
of cracks, or equivalently, the magnitude of cracking that can be tolerated at a specific 
stress level. Regarding the interfacial fracture toughness of HA-coated Ti6Al4V implants, 
Filliaggi, Coombs, and Pilliar (1991) used a short bar chevron notch test and obtained the 
KIC values of 0.6–1.41 MPa m1/2. By using a single-edge notch-bend test, Tsui, Doyle, and 
Clyne (1998) reported some similar values of KIC of about 0.28–1.1 MPa m1/2. In addition, 
an indentation based method was also employed by Li, Khor, and Cheang (2002), and the 
corresponding value was reported as 0.48 MPa m1/2 for KIC.

However, for HA coatings prepared with the sol–gel method, indentation-based 
energy analysis method is preferred due to the limitation of the thickness of HA coating. 
Theoretically, the energy approach examines the energy difference before and after the 
cracking, which is responsible for the fracture of the coating. The energy difference would 
then be the energy release in the through-thickness cracking in the coating. The energy 
release can be obtained from a “step” that would be observed in the load–displacement 
curve for the indentation. Therefore, based on the energy difference before and after the 
crack generation, the fracture toughness of the coating can be determined as (Li, Diao, and 
Bhushan 1997): 
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where νf is the Poisson’s ratio of the coating, 2πCR is the crack length in the coating plane, 
t and Ef are the coating thickness and elastic modulus, respectively, and ΔU is the strain 
energy difference before and after cracking. Figure 1.9 displays a typical load–displacement 
curve of indentation together with the corresponding SEM micrograph, which can be used 
readily for toughness evaluation of the HA coating (Zhang et al. 2008).

Residual Stress Measurement

Residual stress is inherently induced in any coating deposited by a method with a high 
temperature process due to the differences in the thermal properties between the coating 
and the substrate. Residual stress in the coating might vary with coating thickness, deposi-
tion parameters, etc. Therefore, both tensile and compressive residual stresses have been 
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reported with different values. For instance, tensile residual stresses of 200–450 and 20–40 
MPa were reported by Brown, Turner, and Reiter (1994) and Tsui, Doyle, and Clyne (1998), 
respectively. In contrast, a compressive residual stress of about 35–78 MPa was reported 
by Yang, Chang, and Lee (2003), and Yang and Chang (2005). The differences may result 
from the coating preparation method and process, as well as the method employed for the 
measurement of residual stress.

Considerable efforts have been made in recent years to understand and measure the 
residual stresses developed during the preparation of HA coatings (Tsui, Doyle, and Clyne 
1998; Yang and Chang 2005). Popular among the various methods is the XRD method, 
which is a nondestructive and simple technique for residual stress measurement. However, 
since this method is based on the shift of the peaks in XRD patterns, the use of this method 
is limited by some factors of the coating, such as surface roughness, phase composition, 
and especially the doping of some expected ions. Considering the intrinsic characteristic 
of residual stress, a “wafer curvature method” was developed to evaluate residual stress, 
especially for sol–gel derived coatings (Watanabe et al. 2002; Xie and Hawthorne 2003): on 
a relatively thin substrate, the residual stress distributed in the coating layer will cause the 
substrate to bend, and the induced curvature for the coated substrate depends on the force, 
the elastic properties, and the thickness for both substrate and coating. By measuring the 
curvature difference before and after the removal of the coating (Δk), the residual stress, 
σR, in the coating, can be calculated:

 
σR

f S T f f S T T T
=

+ ( ) + + + +∆kE h E h E h E h E h h h h2 3 3 2 3( ) ( ) ( ) ( )22

6 1+ −( )( )h hT Sν  

where hT is the total thickness of the substrate plus coating, h is the coating thickness, νS is 
the Poisson’s ratio of the substrate, and ES and Ef are the Young’s modulus of the substrate 
and the coating, respectively. Detailed description about the curvature measurement has 
been reported by Xie and Hawthorne (2003). Figure 1.10 depicts the typical profiles of mea-
sured curvatures for sol–gel derived fluoridated HA coatings (Zhang et al. 2007). A larger 
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FIGURE 1.9
(a) SEM micrograph of nanoindentation of sol–gel derived HA coating and (b) its corresponding load–displacement 
curve.
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curvature radius after removing the coating indicates a tensile residual stress existed in 
the coating.

A great number of possible parameters can cause residual stresses, depending on the 
deposition technique. Structure-related residual stress results from the following three 
aspects: thermal stress, growth-induced stress, and structural mismatch-induced (includ-
ing lattice distortion) stress (Zhang et al. 2004). In a sol–gel deposition process, the thermal 
stress comes from the drying and firing process coupled with the difference in the coef-
ficient of thermal expansion (CTE) between the coating and the substrate, the growth-
induced stress comes from the coating shrinkage driven by capillary stresses during the 
drying and firing process, and the structural mismatch-induced stress comes from the 
difference in crystal structure between the coating and the substrate as well as the lattice 
distortion within the coating as a result of defects or incorporation of foreign molecules or 
molecule groups. Mainly, thermal stress, σRt, always contributes more to the total residual 
stress in the coating, and it can be calculated by (Watanabe et al. 2002): 

 
σ

ν

α
Rt

f

S

=
−

∆ ∆TE
1  

where Δα is the difference of CTE between the interested coating and the metallic sub-
strate and ΔT is the temperature variation during drying or firing. For example, CTE of 
HA is 15 × 10−6/K, whereas that of Ti6Al4V substrate is about 8.9 × 10−6/K (Zhang et al. 
2006). Thereafter, the residual stress caused by thermal mismatch between HA coating 
and Ti6Al4V substrate should be tensile.

The presence of residual stress in the coating serves as an important influencing factor 
in determining the durability of the coated implants. Previous work has demonstrated 
that the existence of residual stress in HA coatings can alter the concentration of superna-
tant species in solution: tensile residual stresses enhancing dissolution and compressive 
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Typical profilometry results of measured curvatures for sol–gel derived fluoridated HA coating: (a) before 
removing the coating and (b) after removing the coating. The reduction of curvature caused by the removal 
of fluoridated HA coatings indicates a tensile residual stress existing in the coatings. (From Zhang et al., 
Engineering Fracture Mechanics, 74, 12, 1884–1893, 2007. With permission.)
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residual stress impeding dissolution (Han, Xu, and Lu 2001; Yang and Chang 2001). In 
addition, tensile residual stress will promote multiple cracking of the coating, and the com-
pressive residual stress can weaken the bonding and bonding strength at the coating–
substrate interface. Therefore, since both the tensile and compressive residual stresses exert 
detrimental influences on HA-coated implants, it is desirable to produce coatings on metal-
lic implants without any unexpected residual stress. 

In Vitro Assay

It is well known that any biomaterial must be thoroughly evaluated to determine its biocom-
patibility/bioactivity and whether it functions appropriately in actual biomedical applica-
tions. Generally, two kinds of evaluation techniques are employed for such purposes: in 
vitro (in a glass tube) and in vivo (in a living organism) tests. Although in vivo tests are the 
most direct and reliable evaluation methods for biomaterials, their results are normally 
difficult to obtain and interpret due to a lack of animal sources and the complexity of dif-
ferent cellular responses. (During in vivo tests, the cells that migrate to the implant surface 
contain different cell lineage, and the final results are demonstrated by the fact that the 
progeny of these cells may form a variety of tissue types adjacent to the implant.) (Boyan et 
al. 2001). In vitro testing can provide more rapid and relatively inexpensive data compared 
with in vivo testing. Moreover, in vitro testing can provide useful initial screening of mate-
rials and can aid in understanding the performance of a material in vivo. These valuable 
insights could also help to determine whether an implant/device needs further evaluation 
in expensive in vivo experimental models and minimize the amount of animals required 
in in vivo testing (Ratner et al. 1996). In vitro tests of biomaterials can be carried out in any 
cell-free or cell-containing environment to study their biocompatibility and bioactivity. In 
particular, cell-free solutions allow the study of chemical and mineralogical changes of the 
material under conditions that simulate the physiological interactions between the mate-
rial surface and the surrounding tissues. 

Dissolution Behavior

A prerequisite for any implant used in orthopedic or dental treatment is permanent fixa-
tion to the surrounding tissues with no intervening gaps or fibrous tissues (Vedantam 
and Ruddlesdin 1996). According to the in vivo and in vitro studies as well as more than a 
decade’s clinical practice with HA-coated prostheses, there is general agreement that the 
originally desired benefits of HA coatings, that is, earlier fixation and stability with more 
bone ingrowth or outgrowth, can be achieved. However, doubts still exist concerning the 
durability of the fixation (Greenspan 1999). One of the most important events occurring at 
the bone–implant interface is the resorption of the HA coatings, also called degradation 
or coating loss (Bloebaum et al. 1994; Dalton and Cook 1995). Although some resorption 
or dissolution is, of course, essential to trigger bone–implant bonding, the fast resorp-
tion could lead to disintegration of the coating, with rapid loss of the bonding strength 
between it and the substrates, resulting in delamination, the production of particles, and 
loss of mechanical fixation. It is reported that a decrease as high as 31.6% was observed for 
plasma-sprayed HA coatings after only 2 weeks’ immersion in SBF (Gu, Khor, and Cheang 
2003). Other studies have shown resorption of HA coatings up to 2 years after implantation 
and a complete loss of a 60-μm-thick HA coating after 4 years (Sun et al. 2001). Aebli et al. 
(2003) carried out a histological study of a proximally HA-coated femoral component and 
found that the HA coating had completely degraded after 9.5 years’ implantation.
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Generally, the dissolution behavior of HA coatings are investigated in some Ca2+ ion 
free simulated physiological saline solution, such as Tris-buffered physiological saline 
solution (TPS) (Wang, Zhang et al. 2007) or citric acid-modified phosphate buffer solu-
tion (CPBS) (Weng, Zhang et al. 2003). Two competitive processes are commonly used to 
describe the surface reactions during the dissolution progress, dissolution and reprecipi-
tation (Dorozhkin 1997). For HA coating, the dissolution/reprecipitation process can be 
described as:

 Ca10(PO4)6(OH)2 → 10Ca2+ + 6PO4
3− + 2OH− 

If the dissolution process is predominant, the coating will be dissolved continuously until 
a thermodynamic equilibrium is established for these two concurrent processes, and vice 
versa. Therefore, after incubating the coatings in the testing solutions, they will inevitably 
be dissolved quickly at first in such an unsaturated environment, and a thin Nernst layer 
will be formed in the solution near to the coating surface, which results in a certain reduc-
tion of coating dissolution rate.

The degradation of HA coating is strongly influenced by the coating phase composition 
(phase purity and crystallinity). Accordingly, using different solubilities of CaPs, the in 
vivo degradation rates of CaPs can be predicated and follow the order of (Yang, Kim, and 
Ong 2005; Ducheyne, Radin, and King 1993):

 ACP >> TTCP ≈ α-TCP > DCPD > DCP > OCP > β-TCP >>HA 

where ACP denotes amorphous calcium phosphate, TTCP is tetracalcium phosphate, 
α-TCP id α-tricalcium phosphate, DCPD is dicalcium phosphate dehydrate, DCP is dical-
cium phosphate, OCP is octocalcium phosphate, and β-TCP is β-tricalcium phosphate.

Therefore, the presence of ACP (related to crystallinity) or other impurity phase (e.g., TCP) 
can cause a higher degradation rate at the initial stage after the immersion of HA-coated 
implants into the testing solution, followed by a “constant rate” dissolution of the remain-
ing coating (Figure 1.11).

On the other hand, it is well known that actual human body fluid contains various kinds 
of organic components (such as carbohydrates and proteins), and these organic compo-
nents are thought to exert certain influences on the degradation of HA coating (Dorozhkin, 
Dorozhkina, and Epple 2003; Liu et al. 2003). As a typical result, Figure 1.11 indicates the 
dissolution behaviors of sol–gel derived HA coating in glucose-modified TPS solution and 
in albumin-containing TPS solution. The results indicate that the addition of glucose has 
no significant influence on dissolution behaviors of FHA coatings in comparison with the 
tests in TPS. However, in comparison with the testing in TPS or G-TPS, the presence of 
albumin results in a significantly higher Ca2+ concentration released in the solution during 
the whole testing period.

Moreover, residual stress may affect the thermodynamics of dissolution behaviors by 
altering the chemical potential of the coatings. For those stress-free coatings, the unit free 
energy change of an equilibrium status, ΔG0, can be described as (Han, Xu, and Lu 2001; 
Sergo, Sbaizero, and Clarke 1997):

	 ΔG0 = –RT ln Ksp 

where R is the gas constant, T is the temperature, and Ksp is the solubility product of the 
corresponding coating. If the constraint of a stress-free solid is removed and a stress, σss, 
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is applied, such as a residual, the system is no longer in equilibrium because the chemical 
potential of the coatings is altered by an amount proportional to the stress, namely, σssΩ/3 
per unit volume. (Ω is the unit volume of the species under consideration.) As a result, 
according to the thermodynamic analysis, with the presence of residual stress, additional 
free energy for the dissolution equilibrium becomes available in the form of elastic strain 
energy stored in the coatings, and the new equilibrium condition is represented by an 
altered value of the solubility product, Ksp

σ :

 
∆G RT K0

3
− = −
σ σss

spln

The negative sign implies that a compressive residual stress will hinder, whereas a tensile 
residual stress will enhance the dissolution. Therefore, the ratio of the solubility product 
under different stresses (e.g., σ1 and σ2) is:

 

K

K RT
sp

sp

σ

σ
σ σ

1

2 1 2 3
= −( )exp

This expression can be used to estimate the change of solubility product owing to the pres-
ence of different residual stresses. Therefore, if the residual stresses in the sol–gel derived 
HA coatings are tensile stresses, a higher dissolution rate would be observed than the 
stress-free coatings correspondingly.

All in all, even though the mass loss caused by dissolution is somehow detrimental 
to the adhesion, it is still believed that the initial dissolution behaviors are quite benefi-
cial to the healing process as well as the long-term successful osteointegration (Martini et 
al. 2003). First, the initial fast dissolution of the coating will result in a local super satu-
rated environment (e.g., Ca2+), which is more favorable for the nucleation and growth of 
bonelike apatite, speeding up the formation of chemical bonds between the implant and 
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FIGURE 1.11
Dissolution behavior of sol–gel derived HA coatings in different testing conditions: (a) Tris-buffered physiologi-
cal saline solution (TPS), (b) glucose-modified TPS (G-TPS), and (c) albumin-containing TPS (A-TPS).
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surrounding tissues. On the other hand, a rough implant surface appears to be favorable 
for cell attachment and particularly suitable for primary implant stability as compared to a 
smooth implant surface. HA coatings with controllable degradation rate are much desired 
and can be realized by altering the phase composition, doping of other ions (F−, Mg2+, Zn2+, 
etc.) (Cai et al. 2009; Wang, Sam et al. 2007; Miao et al. 2005), and controlling the residual 
stress.

In Vitro Test in Acellular Simulated Body Fluid

Currently, Simulated Body Fluid (SBF), which was first developed by Kokubo et al. in 1991, 
has been routinely used as an effective in vitro testing method to predict the in vivo bone 
bioactivity of various biomaterials (Kokubo and Takadama 2006). The development of SBF 
is based on the concept that the essential requirement for an artificial material to bond 
to living bone is the formation of bonelike apatite on its surface when implanted into the 
living body. The acellular SBF has similar inorganic ion concentrations to those of human 
blood plasma (as shown in Table 1.6) and can reproduce the formation process of bone-
like apatite on biomaterials in vitro. Furthermore, this test can be used for the determi-
nation of  the number of animals used during in vivo testing, as well as the duration of 
animal experiments. For a material to be bioactive in vivo, it must possess the capability 
to induce bonelike apatite formation on its surface in SBF. Many studies have been done 
on HA-coated metallic implants in SBF, which verified the intrinsic bioactivity of HA to 
be used as coatings (Gu, Khor, and Cheang 2003; Nagarajan, Raman, and Rajendran 2010; 
Stoch et al. 2005). On the other hand, the response of HA coatings in SBF was observed to be 
highly affected by coating phase composition, crystallinity, morphology, etc. (Ducheyne, 
Radin, and King 1993; Khor et al. 2003), and the precipitation rate of bonelike apatite was 
directly dependent on the Ca2+ ion concentration in the SBF at the vicinity of the coat-
ing surface (Lee et al. 2005; Montenero et al. 2000). As mentioned above, besides the HA 
phase, there also exists some other phases, including TCP, TTCP, and CaO, which possess 
higher solubilities than that of the HA phase. Therefore, in SBF testing, the dissolution 
of such impure phases will accelerate the precipitation rate of bonelike apatite through 
significantly enhancing the Ca2+ ion concentration at a localized area near to the implant 
surface (Gu, Khor, and Cheang 2003; Khor et al. 2003). To some extent, this indicates that 
the existence of impure phases in HA coating could improve the bioactivity of HA-coated 
metallic implants.

However, actual body fluid contains not only the inorganic components, but also various 
kinds of organic components (Table 1.6), and the organic components would exert notice-
able influence on the implants (Dorozhkin, Dorozhkina, and Epple 2003; Wang, Sam et al. 
2007). Therefore, it is unwise to neglect the influences of organic components in in vitro 
tests. Jaou et al. (2000) and Balint et al. (2001) reported that although sugar and/or glucose 
have a minor influence on crystallization of HA, they significantly inhibit the crystalli-
zation process of fluoridated apatite (FA). This effect was attributed to the formation of 
nonstoichiometric apatite in the presence of sugar. The inhibition effects of carbohydrates 
on the bone mineralization were also reported by other researchers (Pearce, Hancock, and 
Gallagher 1984; Balint et al. 2001). Dorozhkin, Dorozhkina, and Epple (2003) concluded 
that glucose exhibited negligible influence on crystallization of calcium phosphate based 
on in vitro tests with the glucose-modified SBF solution. On effects of proteins, extensive 
investigations have been done on CaP biomaterials, especially on HA (Luo and Andrade 
1998; Xie, Riley, and Chittur 2001). It has been reported that plasma proteins would adsorb 
immediately on the surface of HA after it was implanted in vivo, and the initial cellular 
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response was partly dependent on the proteins adsorbed by the implant surfaces (Bender 
et al. 2000). The first protein layer adsorbed on the implant surface affects the cellular 
adhesion, differentiation, and production of extracellular matrix production (Combes and 
Rey 2002; Ducheyne and Qiu 1999). It also affects dissolution (Bender et al. 2000), nucle-
ation, and crystal growth of HA as well as the final fixation between the implant and sur-
rounding tissues (Xie, Riley, and Chittur 2001). Albumin is usually selected for this kind 
of study due to its high concentration in blood plasma, favorable diffusion coefficient, and 
ability to bind other ions and molecules (Jenney and Anderson 2000). It has been reported 
that albumin could slow down the nucleation rate and growth rate of new bonelike apatite 
in albumin-containing SBF. 

Cell Response to HA Coating

Cell culture methods have been used to evaluate the biological compatibility of a material 
for more than two decades. Investigations on cell responses to materials can provide more 
details of understanding cell–materials interactions and can aid in establishing actual bio-
logical responses to artificial materials (Knabe et al. 2000). Because HA-coated metallic 
implants are used for hard tissue replacement/repairing, in vitro models using osteoblas-
tic cells are essential and valuable tools for the initial assessment of candidate implants. 
Osteoblastic cells, which arise from pluripotential mesenchymal stem cells, have a set of 
distinguishing characteristics that include the ability to synthesize osteoid or bone matrix 
and to mineralize the osteoid to get the calcified bone (Aubin et al. 1995). Since then, osteo-
blastic cell lines are commonly employed for in vitro cellular assessments of hard tissue 
implants.

Initial Cell Attachment on HA-Coated Implant

The fixation of implants to bone is based on the process of osteointegration, which leads 
to direct apposition of mature living bone onto the implant surface (Menezes et al. 2003; 
Dorota et al. 2005). Since that osteointegration process is strictly mediated by osteoblastic 
cells, the fate of such implants is thus determined by the response of cells to the material’s 
surface. Therefore, the implant should create favorable conditions for osteoblast attach-
ment, spreading, growth, differentiation, and functionalization. Virtually, in a physiologi-
cal environment, all implant surfaces become immediately coated with a 1- to 10-nm-thick 
adsorbed protein layer before cells can adhere to the material (Kasemo 1998; Tengvall 
2003). The rapid adsorption of proteins effectively translates the structure and composition 
of the foreign surface into a biological language, which is also a response to the following 
host responses (Wilson et al. 2005). As such, when the cells arrive at the implant surface, 
they can only “see” a protein-covered surface. Those adsorbed proteins offer necessary 
binding sites to those anchorage-dependent cells, leading to the initial cell attachment 
onto the surface of biomaterials. For anchorage-dependent cells (e.g., osteoblastic cells), ini-
tial cell attachment and spreading are crucial prerequisites in determination of long-term 
viability of cells on the implant surface, involving DNA synthesis and cell growth (cell 
proliferation), differentiation, mineralization, and successful osseointegration (Folkman 
and Moscona 1978; Baxter et al. 2002). Therefore, a quick attachment of a certain amount of 
osteoblastic cells and the following rapid cell spreading are strongly expected.

Figure 1.12 shows the typical morphological change sequences of osteoblastic cell (MG63) 
spreading on sol–gel derived HA coatings during the first 4 h of incubation (Wang, Zhang 
et al. 2008). The process of cell attachment and spreading can be described by the follow-
ing steps: (1) adsorption of proteins on coating surface (surface roughness plays a positive 
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role); (2) contact and attachment of cells onto the protein layer (surface roughness does not 
have an effect unless very rough—a difference of more than a few microns); (3) centrifugal 
growth of filopodia; (4) cytoplasma spreading; and finally (5) cell flattening. It should be 
emphasized that these different stages are not discretely separable but are different phases 
of a contiguous progress. Recognition and studies of these different morphological events 
during initial cell adhesion and spreading on HA-coated implants would be of great value 
in understanding the behavior of osteoblastic cells in vitro and in vivo.

Cell Morphology

Along with the initial cell attachment and spreading, further cell spreading and the corre-
sponding morphology also should be investigated in order to evaluate cell viability on the 
coating surface (Folkman and Moscona 1978). Figure 1.13 shows typical SEM micrographs 
of MG63 cells after a culture duration of 3 days on sol–gel derived HA coating surface. All 
cells spread well and grew favorably throughout the coating surface (Figure 1.13a). Under 
higher magnification (Figure 1.13b), the cells are seen flattened and attached tightly on 
coating surface with their filopodium and lamellipodium, suggesting good cell viability 

(d) (c)

(b)(a) 

2 μm 5 μm

5 μm 10 μm

FIGURE 1.12
Morphological changes of osteoblastic cells after incubating on HA coatings for up to 4 h: (a) 0.5 h, (b) 1 h, 
(c) 2 h, (d) 4 h. The process of initial cell attachment and spreading can be described as the following continu-
ous steps: contact and attachment of cells (a), centrifugal growth of filopodia (b), cytoplasma spreading (c), and 
cell flattening (d). (From Wang et al., Journal of Biomedical Materials Research Part A, 84, 3, 769–776, 2008. With 
permission.)
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on the fabricated HA coating (Wang, Zhang et al. 2007). As reported, the well-spread cells 
on the fabricated HA coating surface are believed to be favorable for the following DNA 
synthesis and cell growth. 

Cell Proliferation and Differentiation

Following the initial cell attachment and spreading, those well-spread cells will step 
into the stages of proliferation and functionalization. Roughly, the progress from an ini-
tially attached osteoblastic cell to well-differentiated mature osteoblast (osteocyte) can be 
divided into three stages: proliferation, differentiation or extracellular matrix synthesis 
and maturation, and mineralization (Stein and Lian 1993).

During the first several days following cell attachment and spreading, cells try to repro-
duce, and an active cell proliferation is directly reflected by the exponential increase of 
cell number as well as the deposition of type I collagen. On the other hand, several genes 
related to cell cycle (e.g., histone) and cell growth (e.g., c-myc, c-fos, and c-jun) are actively 
expressed and can be used to monitor those mitotic activities (Stein and Lian 1993). 
Commonly, cell proliferation (increase in cell number) is directly monitored through the 
following two quantitative methods: cell counting under a microscope (with a hemocy-
tometer) and MTT assay (Kim et al. 2005; Wang, Zhang et al. 2007). These two methods are 
much easier than other protein- or gene-based methods. Noticeably, the variation in cell 
numbers is sometimes employed to assess and screen the cytotoxicity of a biomaterial (cell 
viability). Roughly, a decrease in cell number during the culture span reveals a cytotoxic 
environment caused by the biomaterial, or the material itself is toxic to the cells.

Immediately after the down-regulation of proliferation, cell phenotypes associated with 
osteoblastic cell differentiation can be detected, indicating that the cells step into the dif-
ferentiation stage (Stein and Lian 1993). The most frequently used markers of osteoblast 
differentiation are alkaline phosphatase (ALP), and osteocalcin (OC). As an early differ-
entiation marker, ALP is an enzyme associated with calcification. This is an early marker 
of osteoblastic cell differentiation because activity is greatest just before mineralization 
actually begins. It is reported that an enhanced expression of this enzyme is apparently 
needed just before the onset of matrix mineralization, providing localized enrichment of 
inorganic phosphate, one of the components of apatite (the mineral phase of bone) (Boyan et 

(a)

50 μm

(b)

20 μm

FIGURE 1.13
Morphology of MG63 cell after 3 days on sol–gel derived HA coating at (a) low magnification and (b) high 
magnification. All cells spread well and grow favorably throughout the coating surface, suggesting good cell 
viability of the HA coating. (From Wang et al., Materials Science and Engineering C, 27, 2, 244–250, 2007. With 
permission.)
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al. 2001; Kartsogiannis and Ng 2004). High levels of bone ALP are usually detected in both 
preosteoblasts (osteoblastic cells) and osteoblasts in vivo and in differentiating osteoblastic 
cells in vitro. Along with ALP, OC, known as a late marker of cell differentiation, is a small 
molecular weight protein (5.7 kDa) produced by osteoblasts and has the ability to chelate 
Ca2+ to form bone minerals (Stein and Lian 1993; Gerstenfeld et al. 1987). For this reason, it 
is a particularly effective marker of a well-differentiated osteoblastic cell. Generally, once 
mineralization is initiated, ALP will decrease, whereas osteocalcin accumulation contin-
ues, reflecting an expression related to deposition of mineral for the latter.

As one of calcium phosphate ceramics, sintered HA has been well established as a bioac-
tive material that enhances osteoblastic cell viability and osteointegration with host bone 
(Hench 1991; Greenspan 1999). Those valuable biological properties are well maintained 
when HA is used as coatings on metallic implants. In comparison with those bioinert 
metallic implants, many studies reported that the fabricated HA coatings on their surface 
not only can help to stimulate cell growth and DNA synthesis, but also can enhance the 
ALP and OC activities and the mineralization of extracellular matrix (Massaro et al. 2001; 
Yang, Kim, and Ong 2005; Li et al. 2005). However, these desired biological properties of 
HA coatings are highly dependent on coating surface roughness. Lee et al. (2002) investi-
gated the cell responses to HA coatings with different roughness values (Ra), 0.67 and 10.37 
μm, and concluded that the smoother surface was more favorable for cell attachment than 
the rougher one. Moreover, Kim et al. (2005) reported that the higher surface roughness 
(Ra = 0.84 μm) could significantly enhance the number of attached cells compared with the 
lower surface roughness (Ra = 0.22 μm), but there was no significant difference regarding 
cell proliferation and differentiation. An enhanced effect on cell differentiation activities 
and the formation of bone nodules was observed in other researchers’ studies (Li et al. 
2005; Perizzolo et al. 2001; Borsari et al. 2005).

On the other hand, several other studies also indicated that the behavior of cultured 
osteoblastic cells are affected by the crystallinity and phase composition of the prepared 
HA coatings (Yang, Kim, and Ong 2005). Kim et al. (2005) claimed that on the coatings with 
higher crystallinity (>76%), the cells attached and proliferated well and expressed ALP and 
OC to a higher degree as compared to the poorly crystallized coatings (~43% crystallin-
ity). Chou, Marek, and Wagner (1999) reported that the lower crystalline coatings with 
some other impure phases (CaO, TCP, etc.) were favorable to cell attachment but exerted 
inhibiting effects on cell proliferation due to the elevated medium pH value caused by 
the dissolution of the impure phase. However, other studies illustrated insignificant influ-
ences on cell attachment, proliferation, and differentiation or mineralization with respect 
to different crystallinity and/or phase compositions (Siebers et al. 2006).

Although it is commonly accepted that the HA coatings could improve the in vitro bio-
logical properties for those metallic implants, there still exist some inconsistent or even 
conflicting viewpoints regarding the influences of coating properties on cell responses. 
Considering those differences in coating preparation, experimental setup, testing meth-
ods, etc., it is hard to judge which one is more acceptable.

In Vivo Animal Trial

Practically speaking, the goal of in vivo animal trial of implants or devices is to deter-
mine and predict whether such implants/devices possess potential harm to the human 
body by evaluations under conditions simulating clinical end-use applications (Anderson 
2001). In vivo models allow the direct evaluation of toxicity of a biomaterial and the effi-
cacy of a biomaterial as implant/device within a therapeutic application. Therefore, those 
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osteointegration (the close apposition of bone to implant surface) examinations during in 
vivo studies are essential for further analysis about the effect of the implant on the expres-
sion of osteoblast phenotype and even for future clinical application.

Histological analysis of HA-coated implants has shown that bone ingrowth with osseous 
integration occurs as early as 10 days following implantation (Furlong and Osborn 1991). 
Thereby, HA coating could provide the crucial initial fixation requirement for the success 
of an implant. Furthermore, a histomorphometric study by Moroni et al. (1994) compar-
ing the percentage of bone bonding to plasma sprayed HA-coated and uncoated implants 
in dogs revealed a significant increase in bone amount in the HA-coated implants. They 
also showed enhancement of bone-to-pin osseointegration and interfacial strength in 
HA-coated pins as compared to uncoated pins in a sheep study (Moroni et al. 1998). Figure 
1.14 shows the typical histological micrograph on the enhancing effect of HA coating on 
bone–implant fixation (Hirai et al. 2004): after 4 weeks’ implantation in the transfemoral 
drill hole on a rat, the area of the new bone of the cross-sectional implants was 0.108 mm2 
for sol–gel HA-coated titanium and only 0.087 mm2 for uncoated samples. That is to say, 
the implant with HA coating had comparatively higher bone apposition ability than the 
uncoated implant. Similar results have been reported in other studies (Ramires et al. 2003; 
Gerber et al. 2003; You, Yeo et al. 2005).

Along with the histological analysis, extensive investigations have been conducted on 
the bonding strength of HA-coated implants during in vivo animal trials. For instance, in 
the studies of Oonishi et al. (1989), the adhesion strength between the implant and bone 
was ~0.53 and ~1.35 MPa for uncoated and HA-coated implants, respectively, at 2 weeks 
after implantation, whereas those bonding strengths increased to ~7.5 and ~14.15 MPa at 
6 weeks, correspondingly. Other short-term in vivo trials also elucidated the similar trend 
regarding the bone-implant bonding property (Yang, Lin et al. 1997; Chang et al. 1997; 
Dalton et al. 1995). Essentially, it is revealed that those rapid and positive responses of HA 
coatings in vivo benefit significantly from the fast dissolution of related impure phases 
(e.g., amorphous phase, TCP), which results in an increase in Ca2+ and PO4

3− ion concentra-
tions in local areas around the implant–bone interface. Nevertheless, from the viewpoint 
of long-term stability, whether the loss of HA coating could maintain such a desired bond-
ing strength between the implant and surrounding tissue is questioned.

0.2 mm

(a) (b)

0.2 mm

FIGURE 1.14
Histological sections of the nondecalcified sections after 4 weeks’ implantation in a transfemoral drill hole on 
a male Wister rat: (a) sol–gel coated titanium, (b) uncoated titanium. The area of the bone of the cross-sectional 
implants was 0.108 mm2 for sol–gel HA-coated titanium and 0.087 mm2 for uncoated titanium. (From Hirai 
et al., Journal of the American Ceramic Society, 87, 1, 29–34, 2004. With permission.)
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Recent	Trends	Related	to	Sol–Gel	Derived	HA	Coatings

Even though previous studies on HA-coated metallic implants have shown good fixation 
to the host bones and increased bone ingrowth into the implants, there are still many 
concerns about the application of HA coatings, especially the related long-term stability 
of HA coating (Greenspan 1999). One of the most serious concerns raised is the resorption 
or degradation of HA coating in a biological environment. Faster resorption or degrada-
tion rate is likely to result in faster and stronger fixation in the initial stage of implanta-
tion, but could also lead to disintegration of the coating, including rapid loss of interface 
bonding strength of the coating–substrate and implant-surrounding tissue, delamination 
of HA coating, etc. (Bloebaum et al. 1994). Hence, the stability and integrity of the coating 
on metallic implants should be carefully considered prior to any clinical application. By 
contrast, a controlled resorption or degradation rate may allow the surrounding bone the 
opportunity to replace the resorbed coating at the similar rate and achieve the desired 
long-term stability.

Unfortunately, particles or particulates, as the products of HA degradation, may cause 
severe damage or complications to the bone–implant system. It is reported that the HA 
particles can be resorbed by macrophages if their size is sufficiently small compared to 
the macrophages (approximately 30 μm) (Mullermai, Voigt, and Gross 1990). When a mac-
rophage phagocytizes the particles, the cells release cytokines, prostaglandins, and col-
lagenases almost immediately. If the particles do not dissolve within the life span of the 
macrophage, more macrophages will accumulate at the site in response to the release of 
cytokines to digest the dead macrophages and those undissolved HA particulates. As well, 
particles larger than a macrophage (>30 μm), will not be digested by macrophages and will 
probably become engulfed by a giant cell. The excessive cellular reaction to HA particu-
lates and the stimulation of a foreign-body response could lead to a decrease in local pH 
value, which disrupts the bone remodeling process, causing the dissolution/resorption of 
both HA coating and bone (Gross, Walsh, and Swarts 2004). Additional problems could 
arise if particulate debris travels to the implant–bone interface, producing third-body wear 
and component loosening/failure. Morscher, Hefti, and Aebi (1998) investigated six revi-
sions of HA-coated implants follow-up over 10 years after successful primary implanta-
tion. They found that HA granules had embedded in all of the examined implants, and 
as high as 66.7% of them had loosened and 50% of them showed severe osteolysis of the 
proximal femur.

Understanding that the essential issue of the above problems is the high rate of biodeg-
radation, a possible solution has been proposed: fabrication of macro- and micro-textured 
porous surfaces to overcome the problems of dissolution and micromotion. Overgaard 
et al. (1998) compared the influences of different surface textures (microporous and grit-
blasted) of plasma sprayed HA-coated implants on the mechanical fixation, bone ingrowth, 
bone remodeling, and gap healing after implanting the implants in dogs for 16 weeks. It 
was concluded that the microporous HA-coated surface could provide better fixation for 
both interfaces of coating–substrate and implant-surround tissues. What’s more, more new 
bone was generated on the microporous HA-coated implants to replace and/or compen-
sate the resorption of HA coating, suggesting a possible long-term fixation for this kind of 
implant. However, this kind of HA coating commonly possesses a larger thickness, which 
could cause the potential risk of generating large particulate debris. Another possible way 
is the incorporation of F− into HA lattice structure through the F− → OH− exchange to form 
a fluoridated HA coating (Ca10(PO4)6Fx(OH)2−x, where x is the degree of fluoridation: x = 0, 
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pure HA; x = 2, pure FA; 0 < x < 2, fluoridated hydroxyapatite [FHA]). Considering the 
advantages of the sol–gel method (cf. Section 1.3.1), preliminary studies on fluoridated HA 
coatings have been successfully produced using the sol–gel method on titanium alloy sub-
strates (Zhang et al. 2006). The incorporation of F− cannot only reduce the degradation rate 
of the coating, but also benefit the interfacial adhesion properties of the coating–substrate. 
Fluoridate HA coatings have since attracted much attention as a promising replacement for 
pure HA because fluoridated HA demonstrates significant resistance to biodegradation.

On the other hand, it is well known that human bone contains certain trace elements, 
such as K+, Na+, Mg2+, Zn2+, Cl−, F−, etc., and these trace elements exert crucial influences 
on bone metabolism through promoting biocatalytic reactions and/or controlling some 
related metabolic processes (Hench and Wilson 1993; Aoki 1994). As such, some efforts have 
been made to incorporate some of these trace elements into the HA structure to improve 
further related properties of pure HA (to mimic the actual composition of human bones). 
Besides F−, Mg2+ and Zn2+ are the two most promising ions to improve the bioactivity of 
pure HA coating (Qi et al. 2008; Köseoğlu et al. 2009; Chung et al. 2006). However, those 
Mg- and Zn-incorporated HA coatings always possess higher solubility than that of pure 
HA coating. Recalling the feature of an ideal coating, short-term rapid degradation (bioac-
tivity) and long-term dissolution-resistance (stability), codoping of (Mg2+, F−) or (Zn2+, F−) 
are accordingly proposed (Miao et al. 2005). In addition, biphasic coatings of β-TCP/FHA 
and functional graded multilayered coatings are also possible ways to achieve the combi-
nation of bioactivity and stability (Cheng, Zhang, and Weng 2006).

In summary, HA-coated metallic implants are attracting the highest interest for hard 
tissue repair/replacement, since these kinds of implants can combine the advantages of 
both materials: the bioactivity of HA and the excellent mechanical properties of metallic 
substrates. The sol–gel technique is the most preferred method for preparing HA coatings 
due to its distinguishing characteristics (e.g., ability for tailoring chemical compositions, 
improved homogeneity at the molecular level, ability to produce uniform coating, low 
cost, and easy operation). More HA-base high-performance coatings are expected to be 
produced using the sol–gel method in order to satisfy the requirement of bioimplants.
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Rǎileanu, M., M. Crişan, N. Drǎgan, D. Crişan, A. Galtayries, A. Brǎileanu, A. Ianculescu, V. S. 

Teodorescu, I. Niţoi, and M. Anastasescu. 2009. Sol–gel doped TiO2 nanomaterials: a compara-
tive study. Journal of Sol–Gel Science and Technology 51 (3):315–329.

Ramires, P. A., A. Wennerberg, C. B. Johansson, F. Cosentino, S. Tundo, and E. Milella. 2003. Biological 
behavior of sol–gel coated dental implants. Journal of Materials Science: Materials in Medicine 14 
(6):539–545.

Ratner, B. D., A. S. Hoffman, F. J. Schoen, and J. E. Lemons. 1996. Biomaterials Science—An Introduction 
to Materials in Medicine. San Diego, CA: Academic Press.



Sol–Gel	Derived	Hydroxyapatite	Coatings	on	Metallic	Implants	 41

Reiner, T., and I. Gotman. 2009. Biomimetic calcium phosphate coating on Ti wires versus flat 
substrates: structure and mechanism of formation. Journal of Materials Science: Materials in 
Medicine:1–9.

Rigo, E. C. S., A. O. Boschi, M. Yoshimoto, S. Allegrini, B. Konig, and M. J. Carbonari. 2004. Evaluation 
in vitro and in vivo of biomimetic hydroxyapatite coated on titanium dental implants. Materials 
Science & Engineering C-Biomimetic and Supramolecular Systems 24 (5):647–651.

Roop Kumar, R., and M. Wang. 2002. Functionally graded bioactive coatings of hydroxyapatite/
titanium oxide composite system. Materials Letters 55 (3):133–137.

Senamaud, N., D. Bernache-Assollant, E. Champion, M. Heughebaert, and C. Rey. 1997. Calcination 
and sintering of hydroxyfluorapatite powders. Solid State Ionics 101:1357–1362.

Sergo, Valter, Orfeo Sbaizero, and David R. Clarke. 1997. Mechanical and chemical consequences of 
the residual stresses in plasma sprayed hydroxyapatite coatings. Biomaterials 18 (6):477–482.

Siebers, M. C., X. F. Walboomers, S. C. G. Leeuwenburgh, J. G. C. Wolke, and J. A. Jansen. 2006. The 
influence of the crystallinity of electrostatic spray deposition-derived coatings on osteoblast-
like cell behavior, in vitro. Journal of Biomedical Materials Research-Part A 78A (2):258–267

Silva, C. C., and A. S. B. Sombra. 2004. Raman spectroscopy measurements of hydroxyapatite obtained 
by mechanical alloying. Journal of Physics and Chemistry of Solids 65 (5):1031–1033.

Smallman, R. E., and R. J. Bishop. 1998. Modern Physical Metallurgy and Materials Engineering-Science, 
Process, Application. Woburn, MA: Elsevier.

Stein, G. S., and J. B. Lian. 1993. Molecular mechanisms mediating proliferation differentiation inter-
relationships during progressive development of the osteoblast phenotype. Endocrine Reviews 
14 (4):424–442.

Stoch, A., A. Brozek, G. Kmita, J. Stoch, W. Jastrzebski, and A. Rakowska. 2001. Electrophoretic coat-
ing of hydroxyapatite on titanium implants. Journal of Molecular Structure 596:191–200.
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Amorphous	Carbon	Coatings	for	
Biological	Applications

Soon-Eng	Ong	and	Sam	Zhang

Introduction—The	Material

Since the first fabrication of amorphous carbon (a-C) in 1971 [1], the material has been 
largely studied and utilized as passivation or protective coatings. The material is known 
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to have superior mechanical properties, such as high hardness, low stiction, low friction 
coefficient, and low surface roughness. The material also has good chemical and biologi-
cal properties, such as resistance to chemical corrosion and biocompatibility, and thus has 
attracted the attention of researchers around the world on studying and developing it for 
biological and biomedical applications.

Before discussing the various biological/biomedical studies done over the years, it is 
important to have an understanding on the material itself. In this section, the material, 
amorphous carbon, and some useful ways of characterizing it will be covered. In addition, 
an introduction on how to determine its surface characteristics will be briefly discussed.

Bonding in Amorphous Carbon

Amorphous carbon contains both sp3 and sp2 bonded carbon (refer to Figure 2.1). It is also 
called “diamond-like carbon.” In the sp3 configuration, as with diamond, a carbon atom’s 
four valence electrons are each assigned to a tetrahedrally directed sp3 orbital with an 
angle of 109.5° from each other, which makes a strong σ bond to an adjacent atom. In 
the sp2 configuration, as in graphite, three of the four valence electrons enter trigonally 
directed sp2 orbitals equally separated by an angle of 120°, which form σ bonds in a plane. 
The fourth electron of the sp2 atom lies in a π orbital, normal to the σ bonding plane. This π 
orbital forms a weaker π bond with a π orbital on one or more neighboring atoms.

Amorphous carbon bonding structures and electronic properties have been widely 
studied using ab initio molecular dynamics of the first principles. Both sp2-rich a-C [2] and 
sp3-rich a-C (sp3 fraction > ~80% is popularly known as the tetrahedral amorphous carbon 
or ta-C) [3] models were studied. Results have shown an increase in sp2 hybridizations 
when the temperature is increased. It is therefore apparent that in order to fabricate high-
quality amorphous carbon with properties that are near diamond (high sp3 bondings), the 
synthesis process should be carried out at room temperature or lower.

Amorphous Carbon Growth Mechanism

Lifshitz et al. [4, 5] used the Auger analysis of the depth profiles of medium energy carbon ions 
incident on nickel substrates to show that the growth was subsurface and denoted the process 
as “subplantation” (low-energy subsurface implantation). This process advances as follows:

 (a) Penetration
 Penetration of the impinging species into the subsurface layers of the substrate, 

with the penetration depth and distribution depending on the mass and energy 

sp3 sp2

π

FIGURE 2.1
sp3 and sp2 hybridized bonding of carbon.
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of the impinging species and nature of the target material. Some of the impinging 
species may be backscattered and will not contribute to the net film growth.

 (b) Stopping
 Stopping of the energetic species via three energy-loss mechanisms: atomic dis-

placements, phonon excitations, and electron excitations. (The latter two phenom-
ena are sometimes collectively referred to as “thermal spikes.”)

 (c) Site occupation
 The possible initial sites the impinging atoms occupy after being stopped are 

determined by the host matrix that serves as a “mold” for the structure of the 
growing film. Hyperthermal species trapped in a site may occupy another during 
further impingement of energetic species, either due to collisions or recrystalliza-
tion induced by compositional changes during deposition.

 (d) Phase formation
 The increase in concentration of the penetrating species in the host matrix results 

in the formation of an inclusion of a new phase, accompanied by the outward 
expansion of the substrate layer (internal subsurface growth).

 (e) Surface composition
 During the early stages of film growth, the surface is mainly composed of substrate 

atoms due to the subsurface penetration of the impinging particles. These substrate 
surface atoms are gradually sputtered and/or diluted by ion-mixing mechanisms 
until a surface consisting of only projectile species evolves.

 (f) Film structure
 Several factors determine the phase and structure of the film: (1) the “mold” effect 

of the host matrix that determines the possible site occupancies of the penetrating 
species and places constraints on initial evolution of the new phase; (2) preferential 
displacement of atoms with low displacement energies leaving atoms with high 
displacement energies in their more stable positions; (3) diffusion rates of vacancies 
and interstitials created in the deposition process. When the temperature is suf-
ficiently low, the interstitials are immobile, and their concentration increases with 
fluence until an athermal spontaneous transformation to a new phase occurs.

 (g) Sputtering
 The surface features of the evolving film and the efficiency of the deposition pro-

cess depend on the sputtering yield of both substrate and trapped atoms by the 
impinging ions. Low sputtering yield is essential for efficient deposition and is 
necessarily less than unity for net film growth to occur at all.

 (h) Film evolution
 Evolution of a pure film from hyperthermal species impinging on a substrate con-

sisting of atoms different from that of the bombarding species is feasible only 
when collisional ion-mixing and diffusion processes are small enough so as to 
allow evolution of a pure layer. Therefore, the “deposition” process has two stages: 
(1) initial “heterodeposition” followed by evolution into a pure layer as described 
in (a)–(e) and (2) “homodeposition” of energetic species adding to the pure film.

Lifshitz et al. [4, 5] proposed that the sp3 sites accumulate via preferential displacement 
of sp2 sites. Moller [6] modeled preferential displacement in more detail and proposed that 
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the sp2 and sp3 atoms would be displaced at certain rates into interstitial sites and then 
fall back at similar rates into sp2 and sp3 sites. The fraction of sp3 sites increases if there 
is a preferential displacement of sp2 atoms. However, this model arose from some early 
estimates of the displacement threshold in graphite and diamond of 25 and 80 eV, respec-
tively. The more recent direct measurements find similar values for graphite (35 eV) and 
diamond (37–47 eV) [7, 8], so preferential displacement is unlikely.

McKenzie et al. [9] noted that sp2 bonded graphite occupies 50% more volume than sp3 
bonded diamond. This leads to the phase diagram of diamond and graphite shown in 
Figure 2.2, with diamond stable at a higher pressure above the Berman–Simon curve, and 
therefore it stabilizes the high-pressure diamond-like phase.

Robertson [10,11] proposed that subplantation would create a metastable increase in den-
sity, causing the local bonding to change into sp3. Preferential displacement is not required, 
as only the subsurface growth in a restricted volume is needed to get sp3 bonding.

A number of numerical and analytical simulations substantiate the basic idea of the subplan-
tation model [12–14]. The unsolved problem is in the details of the relaxation process, which 
suppresses sp3 bonding at higher ion energies and higher deposition temperatures.

In the following, the atomic scale processes will be discussed using Robertson’s data 
[10,11,15]. In the energy range of 10–1000 eV, the carbon ions have a range of a few nm, 
and their energies are lost mainly by elastic collisions with the substrate atoms (nuclear 
stopping). The cross section of the collisions decreases as the energy is raised due to the 
repulsive part of the interatomic potential. Therefore, an ion of low energy incident on a 
surface sees an impenetrable wall of touching spheres. At a higher energy, the atomic radii 
decrease, so the interstices of the substrate are relatively wider. At some energy, the ion can 
pass through an interstice and so penetrate the surface layer. This ion energy is termed the 
penetration threshold, Ep.

The displacement threshold, Ed, is the minimum energy of an incident ion needed to 
displace an atom from a bonded site and create a permanent vacancy-interstitial pair. The 
ions when entering the surface must also overcome the substrate’s surface binding energy, 
EB. Thus, the net penetration threshold for free ions is:

 Ep ≈ Ed + EB (2.1)
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FIGURE 2.2
Berman–Simon P–T phase diagram for carbon. (Reprinted with permission from Robertson, J., Mater. Sci. Eng. 
R, 37, 129, 2002.)
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Considering carbon ions incident on an amorphous carbon surface [11], a low energy ion 
will not have enough energy to penetrate the surface, so it will just stick on the surface and 
remain in its lowest energy state, which is sp2. If the ion energy is greater than Ep, then it 
will have a probability to penetrate the surface and enter a subsurface interstitial site. This 
will cause an increase in local density, and so the local bonding will reform around that 
atom according to the new density. Robertson assumed that, in the highly energetic condi-
tions of ion bombardment existing during film growth, atomic hybridizations will adjust 
easily to changes in the local density and become more sp2 if the density is low and more 
sp3 if the density is high.

When the ion energy increases, the ion range increases as well, hence the ion can pen-
etrate deeper into the substrate. A rather small fraction of this energy is used to penetrate 
the surface, and another fraction of about 30% is dissipated in atom displacements [16]. 
The ion must dissipate the rest of this energy ultimately as phonons. This whole process 
consists of three stages: (a) a collisional stage of 10−13 s, (b) a thermalization stage of 10−12 s, 
and (c) a relaxation stage of 10−10 s. Process (b) and/or (c) allow the excess density to relax 
to zero and cause a loss of sp3 bonding at higher ion energies.

Referring to Figure 2.3, consider an incident beam of flux F with a fraction → of energetic 
ions of energy Ei. The nonenergetic fraction of the atoms or ions (1 − f→) will just stick on 
the outer surface, while some of the penetrating ions will relax back to the surface. This 
flux is proportional to a driving force, the fraction of interstitials below the surface, n.

In the steady state, the fraction of the ions remaining at the interstitial sites to give den-
sification is n = f→ − βn, where β is a constant. This gives:

 

n
f

=
+
φ

β1  
(2.2)

A fraction n of the beam becomes subplanted inside the film, and a fraction (1 − n) is left on 
the surface as sp2 sites. The subplanted fraction creates a density increment of:

 

∆ρ
ρ
=

−
n

n1  
(2.3)
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FIGURE 2.3
Schematic diagram of densification by subplantation. A fraction of incident ions penetrates the film and densi-
fies it, and the remainders end up on the surface to give thickness growth. (Reprinted with permission from 
Robertson, J., Mater. Sci. Eng. R, 37, 129, 2002.)
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which gives:

 

∆ρ
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(2.4)

where ρ is the density of sp2 carbon and Δρ is the density increase.
Figure 2.4 shows that penetration can occur in two ways, either directly or indirectly by 

knock-on. Knock-on penetrations only occur for the case of ion-assisted deposition.
The first numerical models assumed that relaxation occurs in the thermal spike stage of 

~10−12 s [10,11]. This will give a relaxation rate of β ≈ 0.016(Ei/E0)5/3, where E0 is the diffusion 
activation energy, and so:
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The thermal spike model proposes that all the excess energy of the ion is converted to 
thermal energy at a point or along the ion trajectory. Then the energy diffuses outward by 
thermal diffusion, creating an expanding front in which all atoms inside the front have a 
similar thermal energy, by equipartition. The temperature profile of a spherical spike is:
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where r is the distance from the impact, t the time from the impact, D the thermal diffusiv-
ity, and c the thermal capacity of the carbon. Q is the ion energy Ei minus that lost in dis-
placements [17]. Taking Q ≈ Ei for now, Robertson assumed that the thermal spike allows 

Penetration Relaxation

Direct

Knock-on

FIGURE 2.4
Schematic of basic processes in subplantation: direct penetration, penetration by knock-on of a surface atom, 
and relaxation of a densified region. (Reprinted with permission from Robertson, J., Mater. Sci. Eng. R, 37, 129, 
2002.)
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atoms to diffuse back to the surface to relax the density to a lower, stable sp2 density. He 
also assumed that relaxation occurs by thermally activated diffusion at a rate of:
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(2.7)

where E0 is the activation energy for atomic diffusion. The total number of hops of all the 
atoms within one spike is the integral over the spike volume and time:
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where k is Boltzmann’s constant, n0 the atomic number density, v0 the phonon frequency, 
r1 the minimum radius of the spike, and t1 the minimum time of the spike. It is useful to 
put everything in dimensionless atomic units, with an atomic radius a. Robertson defines 
reduced distances r→ = r/a, times t→ = v0t, and a reduced temperature τ = kT/E0. The heat 
capacity per atom is 3k, so c = 9k/4πa3, D ≈ v0a2, and n0 = 3/4πa3. Integration over t→	is carried 
out, and the integral over r→ is converted to one over τ to give:
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In the limits τ1 → 0 and τ2 → ∞ this gives:
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where p is a dimensionless constant of order 1. All the other quantities cancel out. This is 
the equation used in Equation 2.5.

Equation 2.5 gives a good representation of the variation of density or sp3 fraction with 
energy for tetrahedral-amorphous carbon (ta-C) deposited by filtered cathodic vacuum arc 
(FCVA) [11,18] with E0 = 3.1 eV. The increasing sp3 fraction at lower ion energy is controlled 
by the penetration probability f, and the decline in sp3 fraction at high ion energy is con-
trolled by the relaxation.

Despite this superficial agreement between theory and experiment, this model of depo-
sition is still deficient. There are many faults with the thermal spike concept when applied 
to carbon deposition. A thermal spike is only truly valid for much heavier ions and higher 
ion energies, where the energy loss rate per distance (stopping power) is much higher, so 
the energy density is greater [19,20]. In carbon, energy equipartition does not really hold, 
so the spike volume consists of a few excited atoms among much less excited atoms.

A satisfactory model of growth must account for

• The transition temperature to sp2 bonding, being 400–500 K [21,22], despite the 
temperature in a thermal spike’s being 106 K

• The variation of the transition temperature for sp3 formation with ion energy [21].
• The variation of transition temperature with instantaneous growth rate [17,23]
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Bonding Characterization of Amorphous Carbon

X-ray Photoelectron Spectroscopy

X-ray photoelectron spectroscopy (XPS) is a technique used to investigate the composition of 
deposited films by ionizing surface atoms and measuring the energy of ejected photoelec-
trons. The method requires the sample of interest to be bombarded with low energy x-rays, 
produced from an aluminum or magnesium source, with an energy of hv, where h is Planck’s 
constant (6.62 × 10−34 Js) and v is the frequency (Hz) of the radiation. These x-rays cause elec-
trons to be ejected from either a valence or inner core electron shell. The kinetic energy of the 
electron, KE, is given by KE = hv − BE, where BE is the binding energy of the atom. If the energy 
of the ejected photoelectrons were measured, its binding energy, which is the energy required 
to remove the electron from its atom, can be calculated. Some important facts about the sample 
under investigation can be learned from the binding energy: (1) the elements from which it is 
made, (2) the relative quantity of each element, (3) the chemical state of the elements present, 
and (4) the lateral and depth distributions (profiles).

The change in chemical state (interatomic bonding) will cause a shift in the binding energy. 
In a-C, there are two main hybridizations, namely sp3 diamond and sp2 graphite (as discussed 
in Section 2.1.1). Since both are formed by bondings of carbon atoms, the chemical shift between 
that of sp3 and sp2 is small. That is, the binding energy of the two as determined from XPS will 
be relatively close to each other. Therefore, there will be a superpositioning of the C 1s core 
level peak due to the contribution of the two hybridized carbons. The peak of amorphous 
carbon is thus broadened. In order to determine the contribution of each hybridized carbon in 
the film, the C 1s peak can be deconvoluted. It was found that the full-width at half-maximum 
of both the sp3 peak and the sp2 peak tend to be wider than those from pure diamond and 
graphite [24]. This is attributed to the environment within the a-C film with mixed sp2 and sp3 
bondings. A deconvoluted C 1s peak is shown in Figure 2.5. This regime for the approximation 
of the sp2 and sp3 concentration in the a-C is widely used [24–27].

Raman Spectroscopy

Raman spectroscopy is widely used, being a routine, nondestructive way to characterize 
the structural quality of amorphous carbons. The Raman effect is possible because of the 

Fitted curve

CO curve

300 296 292 288 284 280
Binding energy (eV)

sp3 curve

sp2 curve

FIGURE 2.5
Example of fits of C 1s peak from an XPS spectrum. (Reprinted with permission from Filik et al., Diamond Rel. 
Mater., 12, 974, 2003.)
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strain dependence of the electronic polarizability. It is the light scattering by the change 
in polarizability due to lattice vibration. The difference in energy between the incident 
photon and the Raman scattered photon is equal to the energy of a vibration of the scat-
tering molecule. A plot of intensity of scattered light versus energy difference (or shift) is 
a Raman spectrum.

The Raman spectra of diamond, graphite, and some disordered carbons are compared in 
Figure 2.6. Diamond has a single Raman active mode at 1332 cm−1, which is a zone-center 
mode of T2g symmetry. Single crystal graphite has a single Raman active mode, which is the 
zone-center mode at 1581 cm−1 of E2g symmetry labeled “G” for “graphite.” The zone-center 
optical modes in graphite can be decomposed into irreducible representation [28,29]:

	 Γ = 2B2g + 2E2g + A2u + E1u (2.11)

The A2u and E1u modes are infrared active, the B2g modes are optically inactive, and the E2g 
modes are Raman active. The symmetry of the E modes restricts the motion of the carbon 
atoms. The two different Eg modes occur because adjacent planes can vibrate in phase or 
with opposite phase [28,29]. The two in-plane Raman active E2g modes are found to occur 
at frequencies of 1581 cm−1 (E2g2) and 42 cm−1 (E2g1). The peak at 1581 cm−1 from the Raman 
active zone-center mode of graphite, assigned to the C–C stretching mode [28,29], is also 
referred to as the G peak. When the long-range order of the graphite is disrupted (disor-
dered graphite), a second peak appears at about 1355 cm−1 referred to as the D peak (“D” 
for “disorder”). The D peak is associated with in-plane vibrations and results from struc-
tural imperfections. The Raman spectra of most disordered carbons remain dominated 
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FIGURE 2.6
Comparison of typical Raman spectra of carbons. (Reprinted with permission from Robertson, J., Mater. Sci. 
Eng. R, 37, 129, 2002.)
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by these two G and D modes of graphite, even when the carbons do not have particular 
graphitic ordering [30].

The G mode of graphite at 1581 cm−1 has E2g symmetry, and it involves the in-plane bond-
stretching motion of pairs of carbon sp2 atoms. This mode does not require the presence of 
six fold rings, and so it can occur at all sp2 sites, not only in rings. It is always in the range 
between 1500 and 1630 cm−1. The D peak around 1355 cm−1 is a breathing mode of A1g sym-
metry. This mode is forbidden in perfect graphite and only becomes active in the presence 
of disorder. And its peak intensity is connected to the presence of six fold aromatic rings 
[30].

Figure 2.7 shows the various factors that can shift the G and D peaks in either direction 
and alter their relative intensity.

Ferrari and Robertson [30] found that the Raman spectra of all disordered carbons can 
be classified within a three-stage model of increasing disorder. The Raman spectrum is 
considered to depend on 

 1. Clustering of the sp2 phase
 2. Bond disorder
 3. Presence of sp2 rings or chains
 4. The sp3/sp2 ratio

The above factors act as competing forces on the shape of the Raman spectra, as shown in 
Figure 2.7. Ferrari and Robertson [30] defined an amorphitization trajectory ranging from 
graphite to ta-C consisting of three stages:

 1. Graphite → nanocrystalline graphite
 2. Nanocrystalline graphite → a-C
 3. a-C → ta-C

Stage 1 corresponds to the progressive reduction in grain size of ordered graphite layers, 
while keeping aromatic rings. As the grain size decreases, phonon confinement causes the 
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FIGURE 2.7
Schematic of the factors affecting position and heights of Raman G and D peaks of noncrystalline carbons. 
(Reprinted with permission from Robertson, J., Mater. Sci. Eng. R, 37, 129, 2002.)
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phonons to disperse upward from 1581 cm−1, so this causes an up-shift of the G peak to 
~1600 cm−1. The D mode is forbidden in an ideal graphitic layer, but the disorder causes it 
to appear.

In Stage 2, defects are progressively introduced into the graphite layer, causing disorder-
ing and the loss of aromatic bonding, but with a purely sp2 network. The disordering and 
loss of aromatic bonding weaken the bonds, thus causing the G peak to shift downward 
to ~1510 cm−1. The number of ordered rings now decreases, and ID starts to decrease. The 
intensity of the G peak remains unchanged as it is only related to bond stretching of sp2 
pairs. The ID/IG decreases with increasing amorphization. The end of Stage 2 corresponds 
to a completely disordered, almost fully sp2-bonded a-C consisting of distorted six fold 
rings or rings of other orders (maximum 20% sp3). A typical example is sputtered a-C 
[31,32].

In Stage 3, when passing from a-C to ta-c, the sp3 content rises from ~10–20% to ~85%. 
This changes the sp2 configuration from mainly rings to short chains [30]. The bond length 
of the chains (olefins) is shorter than that of the rings, so they have higher vibrational fre-
quencies. Therefore, the G peak increases from ~1510 to ~1570 cm−1. The D-peak is absent 
in curve fit, and the G-peak skew falls to almost zero (more symmetric) at high sp3 content 
[33].

Determination of Surface Energetics

The interaction between biological entities, such as cells or proteins, is very much affected 
by the contacting amorphous carbon surface properties. Subsequent sections have numer-
ous works discussing this. Here, a brief introduction on the concept of surface energy and 
the means to their determination will be discussed. More comprehensive coverage of the 
topic can be found elsewhere [34].

Concept of Surface Energy

The ability of a liquid to wet a solid surface depends on the surface energies of the solid– 
vapor interface, the liquid–vapor interface, and the solid–liquid interface. The surface 
energy across an interface is a measure of the energy required to form a unit area of new 
surface at the interface. The intermolecular bonds or cohesive forces between the mol-
ecules of a liquid cause surface tension. There is usually an attraction between the liquid 
and another substance when they are brought into contact. The adhesive forces between 
the liquid and the second substance will compete against the cohesive forces of the liquid. 
Liquids with weak cohesive bonds and a strong attraction to the other material will tend to 
spread over the material. Liquids with strong cohesive bonds and weaker adhesive forces 
will tend to bead up and form a droplet when in contact with another material.

The definition of “surface energy” is the work required to increase the surface area of 
a substance by unit area. Surface energy derives from the unsatisfied bonding potential 
of molecules at a surface, giving rise to “free energy.” This is unlike the molecules within 
a material which have less energy because they are interacting with like molecules in all 
directions. Molecules at the surface will try to reduce this free energy by interacting with 
molecules in an adjacent phase. The free energy per unit area is termed the surface energy 
for solids, and the surface tension in liquids when one of the bulk phases is a gas. On the 
other hand, when both phases are condensed (e.g., solid–solid, solid–liquid, and immis-
cible liquid–liquid interfaces), the free energy per unit area of the interface is called the 
“interfacial energy.”
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Surface energy is also related with surface hydrophobicity. Whereas surface energy 
describes interactions with a range of materials, surface hydrophobicity describes these 
interactions with water only. Since water has a high capacity for bonding, a material of 
high surface energy (i.e., high bonding potential) can have more interactions with water 
and consequently will be more hydrophilic. Therefore, hydrophobicity generally decreases 
as surface energy increases. Hydrophilic surfaces such as glass have high surface energies, 
whereas hydrophobic surfaces such as polytetrafluoroethylene (PTFE) or polystyrene have 
low surface energies.

The determination of solid–vapor (γsv) and solid–liquid (γsl) interfacial tensions is impor-
tant in a wide range of problems in pure and applied sciences. Due to the immerse difficul-
ties involved in the direct measurement of surface tension when a solid phase is involved, 
indirect approaches are usually required. Several approaches have been used to estimate 
solid surface tensions, but among these methods, contact angle measurements are believed 
to be the simplest.

Contact angle can be measured by establishing the tangent (angle) of a liquid drop with 
a solid surface at the base. The possibility of estimating solid surface energies from contact 
angles relies on a relation that has been recognized by Young [35]. The contact angle of a 
liquid drop on a solid surface is defined by the equilibrium of the drop under the action 
of three interfacial tensions (Figure 2.8): solid–vapor, γsv, solid–liquid, γsl, and liquid–vapor, 
γlv. This equilibrium relation is known as Young’s equation:

	 γlv cos θY = γsv – γsl (2.12)

where θY is the Young contact angle, or the measured contact angle.
The calculation of the solid surface tension γsv from the contact angle of a liquid of surface 

tension γlv begins with Young’s equation. Of the four parameters in Young’s equation, only 
θ and γlv are readily measurable. θ, of course, can be determined during the test, and γlv 
can be determined and calculated using the pendant drop method by fitting the shape of 
the suspended droplet (in a captured video image) to the Young–Laplace equation, which 
relates the interfacial tension to drop shape:

 
∆P

R R
= +γ

1 1

1 2  
(2.13)
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FIGURE 2.8
Contact angle and respective interfacial tensions component of a liquid sample.
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where ΔP = interfacial pressure difference in a column of fluid of density ρ and height h, 
ΔP = ρgh and g is the acceleration due to gravity (9.8 m/s2). γ = interfacial tension (γlv), R1, 
R2 = surface’s radii of curvature of the drop.

Therefore, there are only two unknown parameters in Young’s equation. An obvious 
approach is to solve for the two unknowns simultaneously from the two simultaneous 
equations generated by two test liquids (each with its own γlv value and θ generated). 
However, the problem with this approach is the γls, which is a function of the liquid’s own 
γlv and the solid’s γsv. That is to say, the γls value should be different when two liquids are 
used, and hence cannot be determined simultaneously. So a more appropriate method 
is to combine the equations from the surface tension component approaches (γsv is the 
sum of different surface tension components, e.g., dispersive or polar components) with 
Young’s equation and then solve simultaneously the equations generated by using two or 
three liquids. If deionized water (which is polar in nature) is used, diiodomethane (which 
is dispersive) can be a supplementary liquid to be used, as the γlv and θ values are more 
prominently differentiated from that of deionized water.

Surface Tension Component

Fowkes

The approach of surface tension components was pioneered by Fowkes [36]. The total sur-
face tension can be expressed as a sum of different surface tension components, each of 
which arises due to a specific type of intermolecular force:

	 γ = γ	d + γh + γ	di + ××× (2.14)

where γ, γ	d, γh, and γ	di are, respectively, the total surface tension, dispersive surface tension 
component, and surface tension components due to hydrogen and dipole–dipole bonding. 
Equation 2.14 is often rearranged into:

	 γ = γ	d + γ	n (2.15)

where the total surface tension γ is a sum of only the dispersive γ	d and nondispersive γ	n 
surface tension components. The former arises from molecular interaction due to London 
forces; the latter is from all the other interactions due to non-London forces. A geometric 
mean relationship was postulated both of the solid–liquid and liquid–liquid interfacial 
tensions:

 γ γ γ γ γ12 1 2 1 22= + − d d

 (2.16)

For solid–liquid systems, combining Equation 2.16 with Young’s Equation 2.12 yields:

 γ θ γ γ γl Y s
d

l
d

lcos = −2  (2.17)

Typically, experimental contact angles of different liquids with known γ l
d on a dispersive 

solid surface ( γ γs s
d= ) are employed to determine the surface tension of a solid.
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Owens–Wendt–Kaelble

Fowkes’ concept was extended by Owens and Wendt [37] to cases where both dispersion 
and hydrogen bonding forces may operate. The surface tension composes of two compo-
nents such that:

	 γ = γ	d + γh (2.18)

where γ	h denotes the component of surface tension due to both hydrogen bonding and 
dipole–dipole interactions. They postulated:

 γ γ γ γ γ γ γsl s l s
d

l
d

s
h

l
h= + − −2 2  (2.19)

Combining this equation with Young’s Equation 2.12 yields:

 
γ θ γ γ γ γl Y s

d
l
d

s
h

l
h1 2 2+( ) = +cos

 
(2.20)

Around the same time, Kaelble [38] published a very similar equation in terms of dis-
persion and polar forces. Thus, Equation 2.19 is often called the Owens–Wendt–Kaelble 
equation.

Equation 2.20 contains two unknowns: γ s
d and γ s

h. They can be determined by measuring 
the contact angle of at least two different liquids on one and the same solid surface and 
then solving the two simultaneous equations.

Lifshitz–van der Waals/acid–base (van Oss)

The Lifshitz–van der Waals/acid–base (van Oss) approach [39,40] is a generalization of 
the Fowkes’ approach, by considering perceived acid–base interactions at the interface. 
van Oss et al. divided the surface tension into different perceived components (i.e., the so-
called Lifshitz–van der Waals (LW), acid (+), and base (−) components) such that the total 
surface tension is given by:

 γ γ γ γi i i i= + + −LW 2  (2.21)

where i denotes either the solid or liquid phase. The interfacial tension was postulated 
both of solid–liquid and liquid–liquid systems as:

 γ γ γ γ γ γ γ γ γ12 1 2 1 2 1 2 1 22 2 2= + − − −+ − − +LW LW

 (2.22)

For solid–liquid systems, combining Equation 2.22 with Young’s equation yields:

 
γ θ γ γ γ γ γ γl Y l

LW
s
LW

l s l s1 2 2 2+( ) = + ++ − − +cos
 

(2.23)

Equation 2.23 is used to determine the solid surface tension components (γ s
LW, γ s

+, and γ s
−) 

from contact angles, using three simultaneous equations by inserting the properties of the 
test liquids.
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Remarks

It must be noted that amorphous carbon is not a specific material, but a group of materials 
with a wide range of atomic bonding structures and properties depending on the deposi-
tion method. There are a number of “names” for this material. They include diamond-like 
carbon (DLC) and amorphous diamond (aD). In this chapter, “amorphous carbon” will be 
used as a general term for this group of materials. For ease of discussion, abbreviations 
will be used for specific classes as such:

Unhydrogenated amorphous carbon: a-C
Hydrogenated amorphous carbon: a-C:H
Unhydrogenated amorphous carbon with dopant: a- C(X), where “X” is the  

dopant
Hydrogenated amorphous carbon with dopant: a- C:H(X), where “X” is the  

dopant
Tetrahedral amorphous carbon: ta-C

Tetrahedral amorphous carbon does not usually contain hydrogen. But if there are such 
cases, “ta-C:H” will be used.

Hemocompatibility

The major clinical issue in the use of blood’s contacting artificial materials is blood com-
patibility. When biomaterials come into contact with internal body tissue, blood coagula-
tion (i.e., thrombosis) may take place. The interaction of a biomaterial surface with blood 
stimulates platelet activation, coagulation, and thrombus formation. The reactions of the 
body to a blood-contacting surface crucially depend on the surface, especially the chemi-
cal situation present at the surface, the surface texture, the local flow conditions, and other 
such factors [41]. It is generally known that the increase in platelet adhesion, activation, 
and aggregation on the surface exposed to blood precede the formation of a thrombus. A 
high ratio of the proteins albumin/fibrinogen adsorbed on the surface prior to cell or plate-
let attachment can be correlated with a low number of adhering platelets and therefore a 
lower tendency of thrombus formation. Hence, a better inhibition of platelet and fibrino-
gen adhesion and enhancement of albumin adhesion on the surface are basic prerequisites 
for blood compatibility.

There are a number of regimes to characterize hemocompatibility. One of the most com-
mon methodologies is the use of platelet-rich plasma assay. Before we go into the topic, it 
is best we have some idea regarding the method. Below is one example.

Platelet-rich plasma preparation and assay. Four hundred and fifty milliliters of human whole 
blood from a drug-free donor was drawn and mixed with trisodium citrate. The ratio of 
blood to trisodium citrate was 9 to 1. To prepare the platelet-rich plasma (PRP), the blood 
was centrifuged at 3200 rpm for 10 min to separate the blood corpuscles. The plasma was 
extracted and centrifuged again at 3200 rpm for 15 min. Platelet clumps were obtained and 
allowed to redistribute back into the plasma, which was then 30 ml after draining away the 
excess. The platelet count in the PRP was determined by flow cytometry to be 1.6 × 106 
cells/µL. The plasma was then held in a 37°C water bath for 30 min to allow the platelets to 
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return to their original shape. After the cleaning (ultrasonic cleaning in acetone) and ster-
ilization (4-h UV exposure) processes, the PRP was seeded onto the surfaces of the a-C(Si) 
coated substrates placed in a Petri dish. Incubation was carried out at 37°C in 5% CO2 for 
30 min. Afterward, the supernatant was discarded, and the samples were rinsed twice 
with Phosphate Buffered Saline (PBS) to remove the proteins and nonadherent platelets. 
The cells on the specimens were fixed with 2.5% gluteraldehyde for 30 min, followed by 
1% osmium tetraoxide on ice for 45 min. After the fixation, the samples were washed and 
dehydrated in a graded ethanol series of 50%, 70%, 80%, 95%, and 100% (twice) for 10 min 
each. Critical point drying can be performed if desired.

A scanning electron microscope can be used to observe the platelets. The samples were 
coated with ~15 nm of gold to prevent surface charging. An average platelet count using 
the mean of six nonrepeating selected areas was conducted on each sample. Results were 
expressed as counts/unit area and standard error. The statistical analysis used was one-
way analysis of variance (ANOVA) on an average of three replicates to compare data 
between different periods of culture, and Student’s t-test was carried out to compare 
the culture data between coatings on each count. Statistical significance was considered 
at p < 0.05. The morphological shape changes were categorized according to Goodman 
et al. [42] and are illustrated in Table 2.1. There are five types of platelet morphologies. 
Inactivated platelets of Type I are ~2 µm in diameter and do not have a pseudopod. With 
increasing activation, the platelets develop pseudopodial extensions, which eventually 

TABLE 2.1

Five Types of Platelet Morphologies in Relation to Their Activation Level Upon Adhesion to 
Foreign Surfaces

Type Morphology	Description

I Round and discoid—No pseudopodia

II Dendritic—Early pseudopodial with no flattening

III Spread-dentritic—Intermediate pseudopodia with one or more 
pseudopodia flattened, no hyaloplasm between pseudopodia

IV Spreading—Late pseudopodial with hyaloplasm spreading

V Fully spread—Hyaloplasm fully spread with no distinct pseudopodia
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become hyaloplasm at the highest state of activation (Type V). The platelets then can have 
a size up to ~5 µm.

Hydrogenated and Unhydrogenated Amorphous Carbon

Using PRP prepared from whole human blood and a parallel plate flow chamber, Krishnan 
et al. [43] showed that platelet adhesion is reduced on a-C compared to a titanium surface. 
Also, using radioscintigraphy, they showed that the adherence of platelets to the material 
is determined by the shear rates at which the materials are exposed to the PRP.

An in vitro experiment conducted by Jones et al. [44,45] showed that a-C:H surface 
expressed a lower area coverage of platelets when compared to titanium, titanium nitride 
(TiN), and titanium carbide (TiC). Water contact angle measurement of the films shows 
that the a-C:H is more hydrophobic as compared to the other films. Platelet activation, clot-
ting of platelets, and thrombus formation were observed on titanium containing surfaces, 
but no such reactions took place on a-C:H surfaces.

A higher ratio of albumin/fibrinogen adsorption was observed on the a-C surfaces than 
on titanium, titanium nitride (TiN), and titanium carbide (TiC), indicating the ability of 
a-C to prevent thrombus formation [45]. Cui and Li [46] also showed the similar result 
when comparing a-C with carbon nitride (CN) and polymethylmethacrylate (PMMA) with 
a-C having a higher albumin/fibrinogen ratio. The albumin/fibrinogen ratios from the 
two research groups are summarized in Figure 2.9.

Gutensohn et al. [47] analyzed the intensity of the platelet activation antigens CD62p and 
CD63. In their in vitro experiment, they showed that a-C coating of AISI316L stainless steel 
coronary artery stents resulted in a decrease of the CD62p and CD63 antigens, indicat-
ing low platelet activation on a-C and, therefore, a low tendency for thrombus formation. 
Additionally, they showed that metal ion release from the stainless steel stents, which may 
negatively influence the hemocompatibility of a surface, could be suppressed by the a-C 
coating.

Platelet adhesion is found to be influenced by the sp3/sp2 ratio [48–52]. Recently, plasma 
immersion ion implantation (PIII) has been used to provide non–line-of-sight deposition of 
a-C:H films on large-sized substrates and on complicated-shaped substrates at room tem-
perature. This technique is thus potentially useful for real medical devices with irregular 
geometries. Chen et al. [48] investigated the properties and blood compatibility of a-C:H 

1.4

1.2

1

0.8

0.6

0.4

0.2

0
Ti TiN TiC a-C PMMA CN

A
lb

um
in

/fi
br

in
og

en
 ra

tio Jones et al.
Cui et al.

FIGURE 2.9
Albumin/fibrinogen ratios for different surfaces. (Data from Jones et al., J. Biomed. Mater. Res., 52, 413, 2000; and 
Cui, F.Z., Li, D.J., Surf. Coat. Technol., 131, 481, 2000. With permission.)



62	 Biological	and	Biomedical	Coatings	Handbook:	Applications

films fabricated on silicon substrates at room temperature using acetylene (C2H2) plasma 
immersion ion implantation-deposition (PIII-D). By changing the C2H2 to Ar (FC2H2

/FAr) 
flow ratios during deposition, they examined the effects of the reactive gas pressure and 
flow ratios on the characteristics and blood compatibility of the a-C:H films. The relation-
ship between the sp3 and sp2 content ratio and adherent blood platelet quantity is specifi-
cally investigated.

Their FTIR data indicate that the a-C:H films are hydrogenated, but the atomic hydrogen 
in the films is free and not bonded to carbon. Rutherford backscattering spectrometry shows 
that the C concentration is uniform with depth in the a-C:H films. The Raman D band to G 
band intensity ratio is consistent with the platelet quantity. Both exhibit an initial increase 
and subsequent decrease with increasing FC2H2

/FAr flow ratios. The blood compatibility of the 
amorphous carbon films is influenced by the ratio of sp3 to sp2, not by the absolute sp3 or sp2 
content. The hemocompatibility becomes worse at larger sp3 to sp2 ratio. Their study suggests 
that a-C:H films with the proper sp3/sp2 ratio and good blood compatibility can be fabricated 
using C2H2 PIII-D. From Figure 2.10, the platelet count is lower when the intensity ratio of D 
band to G band (Raman spectroscopy) is lower (equivalent to higher sp3/sp2 ratio).

Yang et al. [49,52] also showed a similar phenomenon when they changed the D band to 
G band intensity ratio by changing the bias voltage (Figure 2.11). The surface energies are 
evaluated by solving the combined work of adhesion and van Oss equations. Platelet adhe-
sion experiments were conducted to evaluate the surface thrombogenicity of the films and 
to examine the interaction between blood and the materials in vitro.

Platelet activation on the surface of a material can be assessed by their degree of spread-
ing and changing shape [45]. Thus, platelets are strongly activated by films deposited at 
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higher bias voltage compared to those at lower bias voltage. The platelet attachment and 
morphology studies suggest that the adhesion behavior is related to the surface energy of 
the film. From Figure 2.12, the higher the bias voltage (lower the sp3/sp2 ratio), the lower 
the value of the polar component of the surface energy and, accordingly, the higher the 
activation of adherent platelets. 

Li and Gu [51] also found that the sp3 fraction and surface energy of the film affects the 
adhering platelets. They coated a-C:H on polymethylmethacrylate (PMMA) using IBAD 
with different CHn+ beam bombarding energies. They investigated the effects of the bom-
barding energy on the chemical states and several sensitive cell attachments of the coatings 
by means of extensive spectroscopic experiments and cultured cells in vitro. Compared 
with the control sample (uncoated PMMA), a-C:H coatings show a lower platelet attach-
ment. The highest 800 eV CHn+ beam bombardment during the film synthesis resulted in a 
more obvious decrease in the number of the platelets adhering to the surface of a-C:H coat-
ing. Analysis by XPS and Raman spectroscopy revealed an increase in sp3 fraction within 
the 800 eV coating. A simple contact angle measurement using water showed the film to be 
more hydrophobic. In other words, the film had a lower surface energy that inhibited the 
adhesion of platelets. However, one should note that the surface energy’s relation with cell 
adhesion is complex, and the study did not include comprehensive analysis of the films’ 
surface characteristics.

Logothetidis et al. [53] studied the hemocompatibility of unhydrogenated, hydrogenated 
amorphous carbon and ta-C films based on the surface adsorption of the two proteins 
human serum albumin (HSA) and fibrinogen (Fib); both are contained in human plasma. 
The main characterization technique applied was Spectroscopic Ellipsometry (SE). From 
the analysis of the SE data, using the appropriate modeling, the HSA/Fib surface concen-
tration ratio was derived. The higher the HSA/Fib ratio, the more hemocompatible the 
coating. By using the SE technique, it is possible to determine the optical functions of thin 
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layers, such as the protein layers [54,55], that are formed after dipping the carbon-based 
surfaces into the protein solutions and drying them afterward. The sp3 content was found 
to control the hemocompatibility of the a-C films. That is, the HSA/Fib ratio increases 
with the sp3 fraction. Remarkable enhancement in the HSA/Fib ratio was observed for 
the a-C:H films grown with floating biased substrates and with 10 at.% H2 concentration 
in plasma. The lowest HSA/Fib ratio was deduced for the ultrathin ta-C film examined in 
this work. This can be justified either by the surface properties of this type of film and/or 
its thickness, which is the lowest among the examined films.

A follow-up study by Logothetidis [56] with additional platelet morphology studies by 
AFM on hydrogenated a-C was carried out. On biased a-C:H films, platelets become aggre-
gated and develop pseudopodia, as derived by AFM measurements, while on floating 
a-C:H thin films, platelets are round without pseudopodia. These morphological changes 
indicate platelets activation and the beginning of thrombus formation on biased films. 
The ratio HSA/Fib has a smaller value on biased a-C:H thin films compared with floating 
films, when protein adsorption is studied by SE. Therefore, hemocompatibility evalua-
tion through both protein adsorption and platelet adhesion, by both techniques, verifies 
that the floating films are more hemocompatible than the biased ones. Protein adsorption 
mechanisms were also studied by SE and AFM. It was revealed that protein adsorption 
takes place very quickly. The fibrinogen adsorption rate is slower on the floating a-C:H 
film. Conformation of the proteins’ changes during adsorption even after the equilibrium 
was observed. Based on the AFM measurements, a possible model of protein adsorption is 
suggested: protein molecules initially form islands and then coalesce until they fully cover 
the film’s surface. The characteristics of the FIB molecule were preserved on the biased 
a-C:H film, even after a long incubation time (~70 min). Modification of FIB’s conformation 
and interactions between molecules were also observed.

In another work by Karagkiozaki et al. [57], a study of platelets’ response to a-C:H by 
the implementation of AFM enhanced by IR SE method was made in order to provide a 
more detailed description of nanoscale mechanisms of bio and non-bio interactions. The 
nondestructive FTIRSE technique was used for investigation of the vibrational properties 
of the bonding structure of the adsorbed platelets that preserve their viability, providing 
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evidence about the platelets’ adhesion onto a-C:H surfaces, paving the way for its utiliza-
tion in the real-time study of cellular interactions with surfaces. The correlation between 
nanotopography, structural characteristics, and wettability of carbon-based thin films 
and their thrombogenicity was verified, whereas the different deposition conditions of RF 
reactive magnetron sputtering led to different structural and surface properties of the car-
bon thin films. The AFM study of a-C:H thin films concerning platelets aggregation (refer 
to Figure 2.13) shows that the films grown without ion bombardment during deposition 
with 5% H2 in plasma exhibit less thrombogenicity compared to the biased ones grown 
with ion bombardment, attributing partially to their higher surface roughness and surface 
chemistry properties (e.g., lower contact angle and higher surface free energy). Lousinian 
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et al. [58,59] also show better hemocompatibility of a-C:H deposited at a floating condition 
by studying the HSA/Fib ratio on the films.

The hemocompatibility of ta-C and low temperature isotropic pyrolytic carbon (LTI car-
bon) (a material used clinically used for artificial heart valves) was compared [60]. By evalu-
ating the hemolysis ratio (measuring absorbencies of samples immersed in different diluted 
blood solutions) and observing the platelet morphology, their results indicate ta-C’s having 
a better anticoagulation property than LTI carbon. The hemolysis ratio of ta-C film is much 
lower compared to LTI carbon, and there are significantly much lower platelet adhesion, 
aggregation, and activated platelets as well. In order to understand the observed hemo-
compatibility results, the surface energy of the films was evaluated to analyze surface 
adsorption of HSA and Fib. However, it was found that the ta-C films are identical to LTI 
carbon with respect to protein adsorption. It is reported that the formation of thrombus 
on the biomaterial surface is correlated with charge transferring from the inactive state of 
the protein (e.g., fibrinogen) to the material surface [61]. During this process, fibrinogen is 
oxidized and transforms to fibrin monomer, which then cross-links to give an irreversible 
thrombus. Fibrinogen has an electronic structure similar to a semiconductor with a band 
gap of 1.8 eV [62]. The effective work function of the ta-C films is approximately 1.0 eV, 
and LTI carbon’s is a graphitic material with an effective work function of approximately 
5.5 eV [60]. Therefore, the charge transferring from the inactive state of fibrinogen to the 
ta-C films is much more difficult than that to the surface of LTI carbon. Consequently, the 
platelet adhesion, which is related to fibrinogen adsorption and decomposing processes, is 
prevented, resulting in improved anticoagulation property.

Nurdin et al. [63] also show that amorphous carbon coating prolonged the clotting time 
and tended to suppress the platelet and complement convertase activation. Fedel et al. 
[64] conducted an extensive study on several commercially available amorphous carbon 
coated substrates. They showed that a low platelet activation and aggregation degree on 
the carbon- coated surfaces generally related to a low fibrinogen/albumin adsorption ratio. 
It was proposed that human serum albumin rapidly adsorbs on and strongly binds to 
the coated surfaces, causing amorphous carbon surface passivation and preventing high 
adsorption of fibrinogen and other platelet adhesive proteins.

Effects of Doping

Ong et al. [65] studied the effect of silicon incorporation on the hemocompatibility of mag-
netron sputter deposited amorphous carbon films. The number of adhered platelets and 
the fraction of inactivated platelets are presented in Figure 2.14. From a t-test, there is 
no significant difference between the count on a-C(Si7.4at.%) and a-C, while the rest are 
significantly different (having a p value smaller than 0.05, especially a-C(Si37.6at.%) with 
p < 0.001). In addition, the result from ANOVA shows that Si concentration in a-C indeed 
influenced the number of adhering platelets. The results clearly show a decrease in the 
number of adhering platelets as well as in the fraction of activated platelets as the Si con-
centration in the film is increased. The decrement is comparable to Raman spectroscopy 
results (refer to Figure 2.15), suggesting the increasing Si concentration and sp3/sp2 ratio 
improve the hemocompatibility of the film. However, the evolution of the surface proper-
ties of these films is not directly related to the platelet count. There is a decrease in the total 
surface energy until the Si concentration of 16.6 at.%. The decrease in the platelet count 
with decreasing total surface energy in the low Si concentration region is also shown by 
Okpalugo et al. [66] on hydrogenated a-C films. The results of films with higher Si con-
centration cannot be compared, as there is currently no hemocompatibility study done on 
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such a-C films, whether hydrogenated or not. In this case, there is an increase in the sur-
face energy when Si concentration is increased further, and it is attributed to the increase 
in the polar component (as shown in Figure 2.16).

The amount of adhered platelets and activation on the film surfaces is inversely pro-
portional to the ratio of albumin to fibrinogen adhesion on the surfaces [45,46]. This is 
because the adhesion of albumin (a water-soluble protein in the blood plasma) on the film 
can prevent the adhesion of platelets. Fibrinogen is a protein that can enhance the adhe-
sion and activation of platelets, and hence a thrombus when it is converted into fibrin by 
the action of the enzyme thrombin. The surface tensions of both albumin and fibrino-
gen are found to be similar at 65 mN/m [67], and the polar component of fibrinogen is 
higher than that of albumin: 40.3 mN/m as compared to 33.6 mN/m. The Lifshitz–van der 
Waals/acid–base approach allows a more in-depth analysis of the polar component. The 
polar component can further be differentiated into base (electron donor) and acid (electron 
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centration on number of adherent platelet was significant, F(5,30) = 23.05, p =1.89 × 10−9.
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Raman D to G peaks intensity ratios with increasing Si concentration. (Reprinted with permission from Ong 
et al., Biomaterials, 28, 4033, 2007.)
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acceptor) components, and as Table 2.2 shows, the base components for all the films are 
very much larger than the acid component, indicating the polar component of the surfaces 
is predominantly negatively charged. This is beneficial toward hemocompatibility as the 
platelets and proteins tend to have a net negative zeta potential of −8 to −13 mV [68]. In 
other words, there will not be any preferential adsorption of any of the proteins and plate-
lets due to electrostatic interaction. Computing the relative contribution of the respective 
surface energy components finds that the polar-to-dispersive ratio increases as the Si con-
centration is increased (see Figure 2.17). Therefore, the repulsion between the film surface 
and proteins should increase as the Si concentration increases. Albumin is also repelled, 
but the effect should be less intense than with fibrinogen due to its lower polar component. 
Furthermore, the dispersive component of all the films is relatively much larger than the 
polar component. Therefore, reflecting the interaction is predominantly based on disper-
sive forces. Since albumin has a higher dispersive component, it should have a more stable 
interaction with the film surfaces.

The phenomenon can be justified in Figure 2.14, where the amount of activated platelets 
decreases as the Si concentration is increased. The discouragement of fibrinogen adsorp-
tion is also evidential from the evolution of platelet morphology. As shown in Figure 2.18, 
the platelets on a-C film are mainly Type III–V, while mainly Types I–III for platelets on 
a-C(Si37.6at.%) film. (The platelet activation level is presented in Table 2.1.) This shows that 
the doping of Si not only reduces the number of adherent platelets, it can also deter their acti-
vation. Although the undoped a-C film causes a higher state of platelet activation, there is no 
evidence of any aggregation. Unlike the coated Si wafer, the bare Si surface (not chemically 
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permission from Ong et al., Biomaterials, 28, 4033, 2007.)

TABLE 2.2

Base (−) and Acid (+) Contribution to Polar Component of a-C(Si) Films with Increasing Si 
Concentration 

Si	at.% 0 7.4 16.6 24.9 32.3 37.6

γ − (mN/m) 26.45 13.28 10.85 19.96 23.65 21.28

γ + (mN/m) 0.01 0.03 0.06 0.07 0.23 0.30
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treated; there will be a presence of a native oxide layer) not only had a higher number of 
adherent platelets and activation, but there were also numerous aggregation sites. This 
marks the initial stage of thrombus formation. Okpalugo et al. [66,69] also observed sili-
con incorporation’s improving the hemocompatibility of hydrogenated amorphous carbon 
films.

Hasebe et al. [70] investigated the hemocompatibility and biocompatibility of fluorinated 
a-C:H as surface coating for blood contacting devices in vitro and in vivo. Fluorinated 
a-C:H was compared to undoped a-C:H and medical grade SUS316L stainless steel (also 
used as substrate for the a-C:H coatings). The in vitro hemocompatibility was evaluated 
using a whole blood emersion and rotation model. After immersing rod specimens in the 
tubing and rotating at 37°C, blood was collected for in vitro assessment. Platelet counting 
was performed using an automated cell counter and markers of mechanically induced 
platelet activation [beta-thromboglobulin (beta-TG)], activated coagulation [thrombin– 
antithrombin three complex (TAT)], and acute inflammatory reaction (complement C3a) 
were assayed. Thrombogenicity of materials is predominantly associated with activated 
platelets. The group’s quantitative measurements demonstrated that platelet loss was 
lower in the a-C:H and a-C:H(F) groups than in the SUS group, which suggests the adhe-
sion of a smaller number of platelets on a-C:H and a-C:H(F) coated materials. Beta-TG, 
a platelet-specific alpha-granule protein marker reflecting platelet activation, was also 
lower in the a-C:H and a-C:H(F) groups than in the SUS group. TAT complex, a molecular 
marker of coagulation activity, was significantly lower in the a-C:H(F) group than in the 
SUS and a-C:H groups. These observations suggest that a-C:H(F) coatings have better anti-
thrombogenic characteristics than SUS and a-C:H coatings. They have also reported quan-
titative and morphological studies on platelet adhesion to a-C:H films or a-C:H(F) coated 
silicon (Si) and bare Si substrates incubated in platelet-rich plasma [71]. In that study, it was 
found that a-C:H(F) coating reduced the number of platelets and also inhibited platelet 
activation on the film surface with statistically significant by SEM observation (refer to 
Figure 2.19). In the water contact angle test, a-C:H and a-C:H(F) have more hydrophobic 
surfaces than SUS, with a-C:H(F) having the most hydrophobic surface. This suggests that 
the wettability of a biomaterial surface partially determines its blood compatibility. The 
a-C:H(F) films showed higher levels of C–F bonds than C–H bonds. The stable bonding of 
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FIGURE 2.17
Polar-to-dispersive ratio with increasing Si concentration. Ratio increase is mainly due to increase in polar com-
ponent. Since there is a higher surface O concentration when Si concentration is increased, polar bonds such as 
Si–O and C–O also increase, thereby causing increment of polar component of surface energy.
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carbon and fluorine atoms in a-C:H(F) films lowers the surface energy, which could result 
in the reduced adsorption of proteins. Results from the protein adsorption study show 
that a-C:H(F) film exhibited the highest albumin/fibrinogen ratio, which may be related to 
the low number of adhering platelets and, therefore, a low tendency to induce thrombus 
formation [72].

In the in vivo study, they assessed the systemic hematologic response and histocompat-
ibility of a-C:H(F) coated disks and uncoated SUS316L disks in a rat implant model. As 
acute inflammatory markers, they evaluated the concentrations of TNF-alpha, IL-1beta, 
and C3a in rat serum or plasma. In both the SUS and a-C:H(F) groups, they found no 
detectable levels of these markers, which suggests that these materials do not induce an 
acute systemic inflammatory response. Taken together, the results from these studies sug-
gest a favorable in vitro antithrombogenicity and an acceptable in vivo biocompatibility of 
a-C:H(F) coated materials.

(a)

20 µm

20 µm

20 µm

10 µm

10 µm

10 µm

(b)

(c) (d)

(e) (f )

FIGURE 2.18
SEM micrographs of adherent platelets on: (a and b) uncoated Si wafer, (c and d) undoped a-C film, (e and f) 
a-C(Si37.6at.%) film. Number of adherent blood platelets decreases when Si concentration is increased. Platelet 
activation type for a-C is mainly Type III–V, while for a-C(Si37.6at.%) is mainly Type I–III. Numerous platelet 
aggregation sites are found on bare wafer, which marks the initial stage of thrombus formation.
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Liu et al. [73] evaluated the hemocompatibility of Ti alloys with and without phosphorus 
incorporated tetrahedral amorphous carbon (ta-C(P)) films. (These films may be hydroge-
nated as PH3 was used as the precursor gas.) Platelet spreading and morphology are numer-
ically estimated using the size and circularity indexes of platelets [74]. Low-phosphorus 
ta-C(P) film (<6at.% P) with the lowest indexes exhibits the slightest adhesion, spreading, 
and activation of platelets. However, a high content of phosphorus (~8 at.%) increases the 
fraction of sp2-hybridized carbon atoms in ta-C(P) film and the ordering of structure, leading 
to a loss in blood compatibility (refer to Figure 2.20). They suggest the graphitized structure 
decreases the proportion of the polar component in surface energy, thus making the activa-
tion of platelets on the surface stronger.

In another study [75], they varied the deposition bias voltage of ta-C(P) (presumably 
<8at.% P) and found that all ta-C(P) films exhibit more hydrophilic surfaces than undoped 
ta-C film. Platelet adhesion tests show that ta-C(P) films with less spreading area and cir-
cularity index of platelets represent lower adhesion and activation of platelets in terms of 
the higher polar-dispersive ratio (as reviewed by the determined surface energy).

Kwok et al. [76] also observed a drastic increase in the polar component of the surface 
energy (which is also increased) of their phosphorus-doped a-C:H deposited by a plasma 
immersion ion implantation and deposition system as compared to undoped a-C:H. It is 
highly possible that this is due to the various POx and CPxOx species near the surface of the 
film. Platelet adhesion and activation are suppressed on the a-C:H(P) sample compared to 
the undoped a-C:H film. Their results suggest that one of the reasons for the good hemo-
compatibility is that the a-C:H(P) coating significantly minimizes the interactions with 
plasma protein, giving rise to slight changes in the conformation of adsorbed plasma pro-
teins and preferentially adsorbed albumin.

Effects of Post-Deposition Treatment

Zhang et al. [77] studied the effect of post-deposition annealing temperature on the hemo-
compatibility of silicon-incorporated amorphous carbon. The number of adhered plate-
lets and the fraction of inactivated platelets are presented in Figure 2.21 as a function of 
the annealing temperature. The number of adherent platelets increased when the anneal-
ing temperature was increased. Although this may be viewed as a degradation of blood 

(a) (b) (c)

10 μm 10 μm 10 μm

FIGURE 2.19
Morphology of adherent platelets on (a) Si, (b) a-C:H, and (c) a-C:H(F) surfaces observed using SEM. (Reprinted 
with permission from Saito et al., Diamond Rel. Mater., 14, 1116, 2005.)
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compatibility of the films, only the platelets with a higher state of activation contributed 
significantly to the formation of thrombus.

Figure 2.22 presents the micrographs of the platelet morphologies adhering to the film 
surface. Type V platelets are present on all a-C(Si) films annealed at different temperatures, 
but there are a fraction of Type 1–3 platelets when the film is annealed at higher tempera-
tures. From Figures 2.21 and 2.22, the fraction of activated platelets decreases with increas-
ing annealing temperature.

Besides the surface chemistry, the surface morphology is another factor influencing the 
wetting behavior and blood compatibility of a solid-state material. The surface morphology 
can impart conformation changes to the protein, hence rendering it inactive [78]. Although 
there is an increase in the surface roughness when the annealing temperature is increased, 
the maximum attained average roughness value at 600°C is about 0.76 nm (Rrms). This 
roughness value is still too low to affect the wetting and, thus, the surface energy (i.e., 
<<100 nm [79]). Even though the total surface area has increased, at such a low roughness 

(a) (b)

(c)

(e)

(d)

FIGURE 2.20
Morphology of adherent platelets on (a) Ti alloy, (b) ta-C, (c) ta-C(P2.9at.%), (d) ta-C(P5.8at.%), and (e) ta-C(P8.1at.%) 
surfaces. (Reprinted with permission from Liu et al., Mater. Sci. Eng. C, 28, 1408, 2008.)
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FIGURE 2.21
Number of adherent platelets and percentage of inactivated platelets on a-C(Si37.6at.%) film annealed at dif-
ferent temperatures. Values are mean of six replicates, while error bars denote standard error. ANOVA was 
conducted, and effect of annealing temperature on number of adherent platelet was significant, F(3,20) = 6.435, p = 
0.003. (Reprinted with permission from Zhang et al., Thin Solid Films, 515, 66, 2006.)
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FIGURE 2.22
SEM micrographs of adherent platelets on a-C(Si) films of 37.6at.%Si: (a) as-deposited, (b) annealed at 200°C, 
(c) annealed at 400°C, and (d) annealed at 600°C. Type V platelets can be found on all sample surfaces, but 
Type I–III platelets seem to have a slight increase when annealing temperature is increased. Although platelet 
activation level is a little lower on sample annealed at 600°C, there seems to be an increase in aggregation sites. 
(Reprinted with permission from Zhang et al., Thin Solid Films, 515, 66, 2006.)
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value, no significant influence is expected for the adsorption of platelets since the platelets’ 
size is about 2 µm. Proteins have a similar size of a few nanometers. For instance, albu-
min globule has a triangular shape of about 8 nm on the sides and 3 nm in thickness [80]. 
Therefore, the roughness (Rrms ~0.76 nm), though low, might have a certain effect on the 
adsorption of the proteins through mechanical interlocking. The changes in the number of 
adherent platelets and activation fraction are not likely to be affected by the changes in the 
internal bonding structure of the films as the films are thermally stable up to 600°C.

Table 2.3 shows that the base components for all the films are again much larger than the 
acid components, indicating that the polar component of the surface is predominantly nega-
tively charged. Therefore, as discussed earlier, there will not be any preferential adsorption 
of any of the proteins and platelets due to electrostatic interaction if the polar component is 
increased. However, computing the relative contribution of the respective surface energy 
component reveals that the polar-to-dispersive ratio decreased as the annealing tempera-
ture was increased (see Figure 2.23). Therefore, the repulsion between the film surface 
and proteins decreases as the annealing temperature increases. The adsorption of both 
albumin and fibrinogen will now increase, with a slightly stronger effect on fibrinogen 
since it has a higher polar component. The result is a higher count of adherent platelets on 
the a-C(Si) annealed at higher temperatures. On the other hand, since the dispersive com-
ponent of the films is much larger than the polar component, the interaction is predomi-
nantly based on dispersive forces. Since albumin has a higher dispersive component, it 

TABLE 2.3

Base (−) and Acid (+) Contributions to Polar Component of a-C(Si37.6at.%) with Increasing 
Annealing Temperatures

As-deposited 200°C 400°C 600°C

γ − (mN/m) 21.3 20.5 17.7 14.9

γ + (mN/m) 0.30 0.32 0.36 0.08

Source: Zhang et al., Thin Solid Films, 515, 66, 2006. With permission.
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FIGURE 2.23
Ratio of polar to dispersive surface energy component on a-C(Si37.6at.%) film annealed at different tempera-
tures. Ratio decrease at high annealing temperatures is mainly due to decrease in polar component. Since there 
is a decrease in surface and subsurface O level after thermal treatment, polar bonds such as Si–O and C–O also 
decrease, thereby causing decrement of the polar component of surface energy. (Reprinted with permission 
from Zhang et al., Thin Solid Films, 515, 66, 2006.)
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will have a more stable interaction with the film surfaces, thus contributing to the decrease 
fraction of activated platelets. 

Another study conducted by Okpalugo et al. [66,69] on hydrogenated silicon-incorpo-
rated amorphous carbon also showed that thermal annealing can have a detrimental effect 
on the hemocompatibility of the films, but only at higher temperatures (~600ºC and above). 
The results of the platelets aggregation study on a-C:H and a-C:H(Si) films for platelet incu-
bation indicated an increase in the level of platelet aggregation at two extremes: when the 
films had a higher electrical resistivity and when graphitization had occurred in the films 
(see Figure 2.24). Silicon-doped films with lower electrical resistivity than the undoped 
films showed a much lower level of platelet aggregation. This trend is consistent with the 
report of Bruck on pyrolytic polymers [81,82]. Bruck observed clotting times six to nine 
times longer than those observed with nonconducting polymers and also observed little or 
no platelet aggregation on electroconducting polymers, when compared to nonconducting 
control samples. In the investigation by Okpalugo et al., thermal annealing of a-C:H below 
400°C leads to lower levels of platelet aggregation similar to that observed in a-C:H(Si). 
This is attributed to the increased electronic conduction before graphitization at the lower 
annealing temperature for a-C:H. Zhang et al. [83] also observed more platelet adhesion 
and activation when annealing hydrogenated ta-C at 300ºC and above. 

The hemocompatibility of plasma-treated, silicon-incorporated hydrogenated amorphous 
carbon films was investigated by Roy et al. [84]. a-C:H(Si) films with a Si concentration of 2 
at.% were prepared using a capacitively coupled radio frequency plasma assisted chemical 
vapor deposition method. The a-C:H(Si) films were then treated with O2, CF4, or N2 glow 
discharge for surface modification. The aPTT determines the ability of blood to coagulate 
through the intrinsic coagulation mechanism. It measures the clotting time from the activa-
tion of factor XII through to the formation of fibrin clot [86]. The aPTT also governs how 
a biomaterial affects the coagulation time. The enzymatic activities that lead to clot for-
mation are measured through aPTT measurement. In Figure 2.25, the aPTT of untreated 
a-C:H(Si) film is compared with those of the plasma-treated films for an incubation time 
of 60 min. It is evident that the O2 plasma–treated a-C:H(Si) films had a higher aPTT. This 
indicates that the O2 plasma–treated a-C:H(Si) films have a tendency to retard the intrin-
sic coagulation activities of blood compared with the other samples, which is consistent 
with the protein adsorption behavior. Similar behavior was observed with N2 plasma–
treated a-C:H(Si) films. In contrast, CF4 plasma treatment did not induce a notable change 
in aPTT when compared with untreated a-C:H(Si) film. The N2 and O2 plasma–treated 
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FIGURE 2.24
Platelet aggregate count on a-C:H and a-C:H:Si(7.6at.%) samples. (Reprinted with permission from Okpalugo 
et al., Biomaterials, 25, 239, 2004.)
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a-C:H(Si) films were also found to have considerably reduced platelet adhesion compared 
with untreated and CF4 plasma–treated a-C:H(Si) films. The plasma treatment revealed an 
intimate relationship between the polar component of the surface energy and its hemocom-
patibility. All in vitro characterizations (e.g., protein absorption behavior, activated par-
tial thromboplastin time measurement, and platelet adhesion behavior) showed improved 
hemocompatibility of the N2- or O2 plasma–treated surfaces where the polar component 
of the surface energy was significantly increased. Si–O or Si–N surface bonds played an 
important role in improving hemocompatibility. These results support the importance of a 
negatively charged polar component of the surface in inhibiting fibrinogen adsorption and 
platelet adhesion.

Cytocompatibility

Cytocompatibility studies of a-C films have been performed in vitro by exposing the coated 
materials to a variety of environments simulating the body ambience. In this section, the 
various cells relating to various physiological environment and function will be discussed. 
In vivo evaluation on a-C films will also be touched on.

Before we move on, we should at least have the basic concept of cell culturing, since 
most of the studies carried out require cells to be cultured and then analyzed. Below is one 
example, but do note the method is not limited to the one discussed here.

Cell culturing. The study of cellular behavior on biomaterials surface in vitro is an impor-
tant aspect in determining the biocompatibility of the material. The healthy growth/pro-
liferation and morphology of the biological cells on the material surface is an important 
prerequisite for compatibility.

Two types of cell lines were used in this study: African green monkey kidney fibroblast 
COS7; and human osteosarcoma MG63. Both cell lines were obtained from the American 
Type Culture Collection (ATCC, Rockwell, MD). Cells were cultured at 37°C in a humidi-
fied 5% CO2 atmosphere. The standard medium used for culturing COS7 was Dulbecco’s 
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FIGURE 2.25
aPTTs of as deposited and O2-plasma treated a-C:H(Si) films. (Reprinted with permission from Roy et al., Acta 
Biomater., 5, 249, 2009.)
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modified Eagle’s medium (DMEM, ATCC) supplemented by 10% fetal calf serum (FCS, 
ATCC) and 1% penicillin (ATCC), while for MG63 Eagle’s minimum essential medium 
(EMEM, ATCC) was used, also supplemented by 10% fetal calf serum (FCS, ATCC) and 1% 
penicillin (ATCC). For cell assay, the a-C samples were diced into 10 × 10 mm segments and 
exposed to UV for 4 h. After which, the samples are placed in a 24-well culture dish, and 
both cell lines were seeded at a density of 4 × 104 cells/ml and cultured up to 6 days. After 
each culture period (1, 3, and 6 days), the samples were rinsed twice with phosphate buf-
fered saline solution, then the cells were detached using trypsin/ETDA. The detached cells 
were stained with trypan blue, and the living cells were counted using a hemacytometer 
(Becton Dickinson, Germany). The statistics of the cellular tests were conducted using one-
way ANOVA on an average of three replicates to compare data between different periods 
of culture. Student’s t-test was carried out to compare the culture data between coatings 
from each count. Statistical significance was considered at p < 0.05.

Endothelials

Endothelial cells, although not “blood cells,” have functions that may relate directly to plate-
let interactions and blood compatibility. At the microvascular level, where most cellular–
biomaterial interactions occur, these cells play key roles in the blood intravascular inner 
wall linings to keep the blood flowing without clotting. The inner endothelial lining of the 
endothelium is nature’s blood compatible surface, and the performance of any biomaterial 
designed to be hemocompatible must be compared with that of the endothelium [86]. Under 
normal circumstances, platelets do not interact with the endothelial cells, that is, platelet 
adhesion to the blood vessel wall and the formation of platelet aggregates do not normally 
take place except when required for hemostasis. Hence the surface of endothelial cells 
does not promote platelet attachment [86]. The formation of platelet aggregates in close 
proximity to the endothelium is also rendered difficult by prostacyclin (PGI2), a powerful 
inhibitor of platelet aggregation secreted by the endothelial cells [87]. An increased plate-
lets aggregation/adhesion on a material could be associated with increased potential of a 
material to induce clotting, while increased endothelial material adhesion could be associ-
ated with an increased potential of a material not to induce clotting, and vice versa. The 
functions of platelets and endothelial cells can therefore be said to be “opposing” but com-
plementary in nature, and thus investigation of the interactions between both endothelial 
cells and platelets with a particular biomaterial can provide valuable insight [88].

In the previous section, we discussed hemocompatibility by addressing issues relating 
to blood platelet adhesion and activation. In this section, we will focus on tissue and blood 
compatibility of amorphous carbon films using endothelial cell cultures.

In most, if not all endothelial cell culture experiments, human microvascular endothe-
lial cells (HMEC) are used. In a work by Okpalugo et al. [69], undoped and silicon-doped 
hydrogenated amorphous carbon films were annealed at various temperatures up to 
600ºC, and the attachment of HMEC was counted (refer to Figure 2.26a). For undoped 
films, without annealing the HMEC attachment is similar to that of the uncoated silicon 
control wafer. However, with increasing anneal temperature, cell attachment increases up 
to a maximum at 300ºC and falls thereafter. For two values of Si doping, ~5% and ~7.6%, a 
high and approximately constant value of cell attachment occurs, irrespective of annealing 
temperature. In Figure 2.26b, the HMEC cell attachment is seen to rise with silicon doping 
between 0.36% Si and 5% Si and then “saturate” thereafter. The contact potential difference 
(CPD) between the Si-doped films and a reference (brass) probe, of known work function, 
falls in almost inverse relationship to HMEC attachment. The CPD change indicates either 
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a reduction in the a-C:H(Si) work function, due to an increased sp3 fraction or a change in 
the density of surface charge [89].

HMEC attachment on a-C:H is lower than a-C:H(Si) and peaks at 300°C, beyond the 
onset of graphitization (as reviewed by an increasing ID/IG ratio of Raman spectroscopy), 
whereas attachment seems constant up to 600°C on a-C:H(Si). Without silicon, it appears 
that an optimal film structure exists at approximately 200–300°C, which promotes HMEC. 
It may be that loss of hydrogen is required for optimal attachment surfaces, but that con-
tinued hydrogen loss and the consequent conversion to sp2 bonding has a negative effect. 
The polar nature of the surface is clearly modified with the introduction of silicon. Contact 
angle measurements show a change in surface structure from polar to dispersive and an 
increase in hydrophobicity. It may be that in a-C:H(Si), the nature of the surface remains 
sufficiently hydrophobic even as the sp2/sp3 ratio increases at high anneal temperatures.

In hydrogenated amorphous carbon films subjected to post-deposition nitrogen doping, 
Okpalugo et al. [90] found that the introduction of nitrogen atoms/molecules to the a-C:H 
structures leads to an atomic structural change favorable to the attachment of human 
microvascular endothelial cells. In this study a “sweep plate” was employed to attract 
charged ions, so these are excluded from the doping species (samples named SN). Nitrogen 
doping therefore involved either atomic species (named SN) or a mixture of nitrogen atoms 
and ions (named N), via post deposition exposure to the flux for up to 2.5 h.
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FIGURE 2.26
(a) Attachment of HMEC (after 6 h) as a function of anneal temperatures and silicon content; (b) contact poten-
tial difference (CPD) variation with silicon content compared with HMEC count (normalized). (Reprinted with 
permission from Okpalugo et al., Diamond Rel. Mater., 13, 1088, 2004.)
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The water contact angle increased with a-C:H coating when compared with an uncoated 
sample. However, the contact angle value for the N-doped film is slightly lower than that 
of a-C:H, whereas the values for the doping where the sweep plates (to remove ions) were 
employed is higher. The number of adherent cells seems to be highest for the doped films 
(where the sweep plates were employed), followed by the doped films, including the 
ionic species, then a-C:H (undoped films), and finally, uncoated samples (silicon wafer 
substrates). Typical SEM imaging of the adherent cells on the film surfaces are shown in 
Figure 2.27. Figure 2.27a, b shows the endothelial cell attachment to bare (uncoated) silicon 
wafer–substrate and a-C:H coated silicon wafer–substrate, respectively. The worst biore-
sponse (lowest number of cell attachments) occurs on the bare substrate (see Figure 2.27a), 

(a) (b)

(c) (d)

(e) (f )

30–MAR–02 004481 WD13 mm 5.0 kV ×200 200 µm

21–DEC–01 004481 WD15 mm 5.0 kV ×200 200 µm 03–JAN–02 004481 WD14 mm 5.0 kV ×200 200 µm

20–DEC–01 004481 WD14 mm 5.0 kV ×200 200 µm 20–DEC–01 004481 WD14 mm 5.0 kV ×200 200 µm

30–MAR–02 004481 WD13 mm 5.0 kV ×200 200 µm

FIGURE 2.27
SEM micrographs of endothelial cells attached to a-C:H:N thin films, 3200: (a) uncoated substrate, (b) a-C:H 
coated substrate, (c) sample “SN1” (1 h exposure to nitrogen with use of sweep plates to exclude ions), (d) sample 
“SN2.5,” sweep plate for 2.5 h, (e) “N1” (1 h, no sweep plate used), and (f) “N2.5” (2.5 h, no sweep plate used). 
(Reprinted with permission from Okpalugo et al., J. Biomed. Mater. Res. B, 85B, 188, 2008.)
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followed by a-C:H coatings (see Figure 2.27b), and the best response is seen on the nitrogen 
doped counterparts. However, it can be seen from the SEM images that there are better 
endothelial cell adhesion and attachment on the SN films (Figure 2.27c, d) compared to N 
films (Figure 2.27e, f).

The results show that the trend in the endothelial behavior (attachment) seems not to 
be directly related to the degree of hydrophobicity alone. These preliminary results seem 
to suggest that hydrophobic films, with additional properties like increased atomic net-
works and decreased graphitic clusters as well as semiconductivity [91], may be favorable 
to human microvascular endothelial cellular attachment. It seems that the films obtained 
with the use of sweep plates (to remove ions, (i.e., atomic nitrogen doping)) encouraged 
more endothelial growth and proliferation compared to its counterpart. This is thought 
to be due to some changes in the films’ microstructure and chemical bonding as revealed 
by XPS and SIMS techniques; whereas a better endothelial cell adhesion on all nitrogen 
doped species in comparison with the undoped samples is thought to be due to changes 
in electronic states and increased conductivity of N-doped a-C:H compared to insulating 
undoped a-C:H. The increased adhesion of endothelial cells on the atomic nitrogen and 
nitrogen-doped films could also be associated with the emergence of a suitable surface 
chemistry and surface energy resulting from nitrogen atom substitution in the carbon 
matrix.

These post-deposition a-C:H(N) films were compared to in situ deposition Si-doped 
a-C:H films in terms of HMEC attachment [92]. As shown in Figure 2.28, the a-C:H(Si) films 
have the highest number of attached HMEC. They also have the highest water contact 
angle and lowest ID/IG ratio. In this study, the lower Raman ID/IG ratios are associated with 
increased sp3/sp2 ratio, increased H concentration, increased photoluminescence intensity, 
and a higher endothelial cellular adhesion in the a-C:H(Si) films, but not necessarily with 
the a-C:H(N) films, where either a slight increase or decrease in the ID/IG ratios, photolu-
minescence intensity, and sp3/sp2 ratio improved endothelial attachment. These results 
seem to suggest that more hydrophobic films, with the properties of decreased compres-
sive stress, increased atomic networks, decreased graphitic clusters, and semiconductivity, 
may be favorable to human microvascular endothelial cellular attachment.

The viability of various cells can be investigated by means of MTT (Tetrazolium) assay 
developed by Mosmann [93]. MTT (Tetrazolium) assay is a colorimetric assay that mea-
sures the reduction of 3-(4,5-dimethylthiazol-2-yl)-2,5-diphenyl tetrazolium bromide (MTT) 
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FIGURE 2.28
HMEC attachment per 2.4 × 105 μm2 of a-C:H (DLC) and a-C:H(Si) (SD5–20, 5–20 sccm of TMS flow) thin films 
compared to a-C:H(N) (doped with N-neutrals) thin films. (Reprinted with permission from Okpalugo et al., J. 
Biomed. Mater. Res. B, 78B, 222, 2006.)
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by the mitochondrial succinate dehydrogenase present in most cells. Thus, MTT assay 
is a semiquantitative colorimetric assay for mammalian cell survival and proliferation. 
According to Mosmann, the assay detects living, but not dead cells, and the signal gener-
ated is dependent on the degree of activation of the cells. However, according to Page et al. 
[94] nonviable cells could reduce the tetrazolium salt. The main advantages of the assay 
are rapidity and precision and a lack of radioisotope, thus requiring no washing steps [93]. 
In an MTT assay conducted on HMEC seeded on a-C:H and a-C:H(Si) films reviews no 
significant difference between coated and uncoated control samples (96-well tissue culture 
polystyrene) [95]. This shows that the coatings are not cytotoxic to the cells and could be 
said to be closely compatible when compared to the tissue culturing material.

Macrophages

Macrophages are white blood cells within tissues, produced by the division of monocytes. 
It is a suitable cell for in vitro biocompatibility testing, as it plays a major role in inflamma-
tion and the response to foreign bodies. Macrophages are known to produce a number of 
inflammatory mediators, which have an effect on the surrounding tissue [96]. They play 
a vital role in the development of atherosclerosis as well as in-stent restenosis. A minor 
population of macrophages can proliferate in the atherosclerotic lesions themselves, par-
ticularly in the early stage. Activated macrophages can accumulate cholesterol esters in the 
cytoplasm, which leads to foam cell formation in lesion development [97]. It is therefore 
desirable for a biomaterial material to have minimum macrophage adhesion and those 
that adhere should be viable.

Thomson et al. [98] studied the inflammatory potential of a-C coated tissue culture plates 
on a-C coating by measuring the levels of the lysosomal enzyme N-acetyl-d-glucosaminidase 
in the culture medium following the exposure of macrophages to a-C coatings. Since lyso-
somal enzymes are released from macrophages during inflammation, an increased enzyme 
level in the medium means that an inflammatory reaction has been elicited. They found no 
significant difference between the enzyme levels from a-C coatings and those from the 
control tissue culture plate. This shows that a-C does not induce inflammatory reactions in 
the cells any more than the tissue culture plate. Allen et al. [99] have also studied the effects 
of a-C–coated polystyrene plates on macrophages. The results showed that macrophages 
grew well on a-C–coated plates. Scanning electron microscopic examinations confirmed 
the normal behavior of cells and no evidence of extensive cell death, therefore showing 
no cytotoxicity was caused by the a-C coating. Lactate dehydrogenase (LDH), an enzyme 
released at cell death, has been used as a measure of cell viability [99], LDH assays carried 
out provided a measure of cell viability and have shown no evidence of overt cytotoxicity 
for a-C:H films [100]. No difference in LDH release between the a-C:H (with a-Si:H bonding 
layer) and control specimens has been observed. Furthermore, the absence of abnormal cel-
lular morphology has been demonstrated by optical microscopy. Li and Gu [101] observed a 
decrease in the number of adhering macrophages when the sp3 fraction and hydrophobicity 
were higher.

Increasing surface roughness and surface energy can lead to an enhancement of mac-
rophage viability, and the higher the hydrogen content for a-C:H films, the lower the mac-
rophage attachment [102]. The a-C:H films significantly suppressed attachment of viable 
macrophages, compared to the uncoated surface (Si), indicating possible lower inflamma-
tory responses. This finding is in agreement with a previous report by Ball et al. [103], 
where J744 macrophages, cultured on ta-C surfaces, showed reduced hydrogen peroxide 
production compared to thermanox, stainless steel, and polyurethane-coated stainless 
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steel. Therefore, hydrogen content may be an important factor for influencing the biologi-
cal response of amorphous carbon surfaces. Macrophage cells spread well on all a-C:H 
film surfaces, and the surface results indicated the nontoxic nature of the surfaces on the 
cells (refer to Figure 2.29).

Fibroblasts

Fibroblast is a type of cell that synthesizes the extracellular matrix and collagen, the struc-
tural fibers, and ground substance of connective tissue, and it plays a critical role in wound 
healing. In growing individuals, fibroblasts are dividing and synthesizing ground sub-
stance. Fibroblasts can give rise to other cells, such as bone cells, fat cells, and smooth 
muscle cells. It is therefore widely used in cytocompatibility tests. A biomaterial should 
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FIGURE 2.29
SEM micrographs of macrophage morphology: (a) Si, (b) ta-C, (c) a-C:H(C2H2), (d) a-C:H(CH4), and (e) thermanox. 
(Reprinted with permission from Ma et al., Biomaterials, 28, 1620, 2007.)
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be able to sustain healthy attachment, adhesion, spreading, proliferation, and growth of 
fibroblast.

The results of Allen et al. [99] have shown that there are no statistically significant dif-
ferences between fibroblast grown on control polystyrene plate and those grown on a-C:H 
coating. Morphological examination showed no evidence of cellular damage to the fibro-
blasts. In vitro tests using maurine fibroblasts showed that a-C:H deposited on a titanium 
alloy has a low level of cytotoxicity and acts as a diffusion barrier between the titanium 
alloy and the fibroblasts [104]. These tests with maurine fibroblasts (different cell lines) also 
demonstrated good adhesion and spreading of the cells on the films’ surface and no evi-
dence of overt cytotoxicity [99–101,105]. Functional evaluation of viable cells (maurine L929 
fibroblast cells) was done by assessing the metabolic activity via MTT assay of the cells 
after the contact of the cells with material extract [106]. Most of the cells were metabolically 
active, as they were able to convert MTT into formazan crystals by active mitochondrial 
enzymes. Ethidium bromide and acridine orange staining of adhered fibroblast cells on 
a-C:H-coated and uncoated Ti showed the intact nature of cell membrane.

In the study on cytotoxicity of silicon-doped unhydrogenated amorphous carbon using 
African green monkey kidney fibroblast COS7, Ong et al. [107] show that the cells prolifer-
ate better on a-C films with higher Si concentration (see Figure 2.30).

Raman spectroscopy results show a decrease in C sp2-hybridized bondings with the 
incorporation of Si. But it does not translate to a more hydrophobic surface due to the polar 
Si–O and C–O bonds on the surface. The films become more hydrophilic with a higher 
polar/dispersive surface energy component ratio when Si concentration is increased. The 
COS7 adhere, spread, and proliferate well on a-C and a-C(Si) films. The more hydrophilic 
film a-C(Si37.6at.%) seems to be more conducive for cellular growth when the count is high-
est at the end of the incubation period.

Figure 2.31 shows the living cells’ morphology on a-C(Si37.6at.%). The long and fine cyto-
plasmic extensions in multiple directions show that there is excellent adhesion of the cells 
to the film. The cells also exhibit long lamellipodes, indicating active cell migration lead-
ing to homogeneous colonization.
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FIGURE 2.30
Cell attachment number of COS7 fibroblast cells. Values are mean of three replicates, while error bars denote 
standard error. ANOVA shows that cell type proliferated on a-C and a-C(Si) with p < 0.001. *Significant differ-
ence between COS7 count on a-C(Si37.6at.%) and a-C (*p < 0.001). (Reprinted with permission from Ong et al., 
Thin Solid Films, 516, 5152, 2008.)
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Cell adhesion and spreading are influenced by the physicochemical characteristics of 
the underlying solid surface. The substrate surface free energy can affect the cell spread-
ing. Poor spreading on hydrophobic surface and good spreading on hydrophilic surface 
can be observed in both the absence and presence of preadsorbed serum proteins [108]. 
Therefore, the substrate characteristics extend through the adsorbed proteins and affect 
cell adhesion and spreading. Cells can reach the underlying substrate by pseudopodia pro-
truding through the preadsorbed protein layer, cells can consume preadsorbed proteins 
to make direct contact, and/or the substrate characteristics are reflected in the composi-
tion and conformation of adsorbed proteins, thus presenting different molecular groups 
to adhering and spreading cells. All proteins have NH2 and COOH groups at their ends. 
The NH2 tends to be positively charged and the COOH groups negatively charged [109]. 
a-C(Si) includes C–O and Si–O bonds at the surface that are polarized due to the difference 
in electronegativity between each element. Thus, the proteins can electrostatically bond 
with the film’s surface. Since a-C(Si37.6at.%) has the highest polar component of the surface 
energy, it has better affinity with the proteins and in turn attracts more cells to adhere, 
spread, and proliferate.

L929 fibroblast adhesion is also improved when nitrogen is doped into hydrogenated 
amorphous carbon [110,111]. The cell adhesion percentages to silica substrates and a-C:H 
without nitrogen doping were about 28% and 67%, respectively. The cell adhesion per-
centage increased with increasing N concentration, and the best cell adhesion percentage 
was about 85%. The Raman ID/IG ratio is found to be increasing with increasing N con-
centration, that is, sp3 fraction is decreasing. As can be expected, the film becomes more 
hydrophilic when N concentration is increased. It is considered that NH bonds and CN 
single and triple bonds exist at the surface in a-C:H(N). It is suggested that the surface of 
a-C:H(N) electrostatically bonds with protein molecules because a-C:H(N) polarizes at the 
surface due to the difference in electronegativity between carbon and nitrogen, and that 
a hydrogen bond is formed between electrically negative oxygen or nitrogen and NH2 or 
NH groups. It is considered that the number of proteins attached on the material’s surface 

COS7 – 6 h COS7 – 6 days

100 µm

FIGURE 2.31
Optical micrographs of COS7 on a-C(Si37.6at.%). Cells exhibit long lamellipodes indicating active cell migration. 
Long and fine cytoplasmic extensions indicate that there is good adhesion of cells to film, and thus good initial 
attachment. On sixth day of culture, complete colonization of cell line is observed. (Reprinted with permission 
from Ong et al., Thin Solid Films, 516, 5152, 2008.)
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increased with increasing the nitrogen concentration, and the cell adhesion percentage 
was enhanced.

Osteoblasts

Osteoblasts are mononucleate cells responsible for the formation of bone; in essence, osteo-
blasts are sophisticated fibroblasts that express all genes that fibroblasts express, with the 
addition of the genes for bone sialoprotein and osteocalcin. Osteoblasts produce osteoid, 
which is composed mainly of Type I collagen. Osteoblasts are also responsible for miner-
alization of the osteoid matrix. Bone mass is maintained by a balance between the activity 
of osteoblasts that form bone and other cells called osteoclasts (large multinucleate cells 
that differentiate from macrophages) that resorb bone. Osteoblast cells tend to decrease 
as individuals become older, thus decreasing the natural renovation of the bone tissue. 
One of the most promising applications of a-C is in the surface modification of artificial 
hip joint replacements. Therefore, a number of studies on the effects of these coatings on 
osteoblasts and osteoblast-like cells have been done.

The results of Allen et al. [99] indicated no statistical differences between osteoblasts 
grown on control polystyrene plates and those grown on a-C:H coatings. Scanning elec-
tron microscopy showed that the cells adhered well to the a-C coatings and produced 
extensive filopodia. Two osteoblast cell lines (MG-63 and SaOS-2) attached to and prolifer-
ated on both the uncoated and a-C:H–coated polystyrene substrates [112]. Analysis of cul-
ture medium and cell lysates showed that the cells maintained an osteoblastic phenotype 
on the a-C:H coating, with expression of alkaline phosphatase, osteocalcin, and type I 
collagen. Expression of each of the three markers was similar on uncoated and a-C:H–
coated polystyrene. Because the tissue culture grade polystyrene that was used in these 
experiments is known to be biocompatible, one can conclude that the a-C:H coating is also 
biocompatible in vitro.

The results of Du et al. [113] showed that osteoblasts could migrate out of bone fragments 
and could attach, spread, and proliferate on the a-C coating in an attempt to colonize the 
entire substrate surface. But the situation was different with uncoated silicon. The osteo-
blasts were able to attach on the wafers, but were unable to follow this attachment with 
spreading. The osteoblasts showed a normal pattern of adhesion and spreading on a-C:H 
coated titanium [106]. There was no evidence of cytoplasmic vacuolization, membrane 
damage, or extensive cell death. The cells adhered well and produced extensive filopo-
dia. The cells have not undergone any toxic reaction and showed proliferative capacity. 
Neighboring cells maintained cell–cell contact through multiple extensions. With prolif-
eration and spreading, cells formed a continuous sheet. LDH assays carried out have also 
shown no evidence of overt cytotoxicity for a-C:H films [100].

Rodil et al. [114] and Olivares et al. [115] showed that the degree of osteoblasts adhesion 
measured at 24 h attained higher value for a-C when compared to titanium and bare stain-
less steel (see Figure 2.32). In vitro, osteoblasts cells grow and spread in the presence of 
culture medium, but to promote mineralization it is necessary to add β-glycerphosphate, 
dexamethasone, and ascorbic acid [116,117]. Biomineralization was studied by observing 
the samples in the scanning electron microscope [115]. The capacity of mineralization of 
the osteoblasts cells was not impeded by the a-C film. Moreover, Ca/P composition ratios 
of the mineralized areas were between 1.5 and 2.3, similar to human bone ratios.

Interactions between Saos-2 osteoblast-like cells were studied on microtextured ta-C, 
ta-C hybrid films (doped with Ti and PDMS; i.e., ta-C(Ti), and ta-C(PDMS), respectively) 
[118]. The results show that ta-C has the lowest contact angle (hence the highest surface 
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energy) and highest polar component of the surface energy among the three films. It 
also has the highest number of adhering cells on its surface (see Figure 2.33). It is once 
again shown that the adhesion of biological cells can be affected by modifying the contact 
angle and surface energy parameter. Pure ta-C with favorable physicochemical properties 
seemed to be most suitable for Saos-2 adhesion.

An evaluation on MC3T3-E1 osteoblast-like cells’ response to a-C:H was done [119]. The 
a-C:H and deuterated a-C:H films were deposited by PECVD, and three types of precur-
sor gas were applied for deposition: pure methane (CH4), pure deuterated methane (CD4), 
and their half/half mixture. All surface treatments were performed under two different 
self-bias voltages (Vsb): −400 and −600 V. The a-C:H films deposited under the Vsb of −600 V 
in pure methane (600CH4) or in pure deuterated methane (600CD4) offered a significantly 
higher cell proliferation rate as compared to silicon substrate. SEM observations confirmed 
that the optimal cell adhesion behavior, among all the treated surfaces, occurred on the 
surface of the 600CH4 and 600CD4 groups, which showed increased amounts of filopodia 
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FIGURE 2.32
Adhesion of osteoblasts on the a-C, a-CN, Ti, and bare stainless steel substrates after 24 h. (Reprinted with per-
mission from Olivares et al., Surf. Coat. Technol., 177–178, 758, 2004.)
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Cell proliferation for different coatings and silicon. Number of viable cells was determined at 24 and 48 h using 
MTT assay and a standard curve normalized to number of osteoblast-like cells. *Significant difference p < 
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and microvilli to enhance cell–environment exchange. The results show that the films 
deposited at −600 V have a higher sp2/sp3 fraction, and 600CD4 has the highest polar com-
ponent of the surface energy. The actin labeling with FITC–phalloidin reveals the cytoskel-
etal organization in Figure 2.34.

The attachment and proliferation of MG63 osteoblast-like cells were studied on 
Si-incorporated unhydrogenated a-C [107] and Si- and SiOx-incorporated hydrogenated 
a-C [120]. Although substantial differences exist in surface and bulk compositions between 
these films (a-C:H, a-C:H(Si) and a-C:H(SiOx)), osteoblast adhesion did not show trends 
in cell numbers, cell areas, or cell morphologies that can be attributed to either the Si/
SiOx content of the film or to the surface chemical structure of the films after a 3-day 
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FIGURE 2.34
Cytoskeleton assessment MC3T3-E1 osteoblasts after a 3-day culture. All coatings induce a similar intensity 
and  organization of actin stress fibers. (Reprinted with permission from Chai et al., Acta Biomater., 4, 1369, 
2008.)
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culture [120]. The surface energy of a-C:H(SiOx) films decreased with increasing Si content, 
whereas only small variations in surface energy were observed for a-C:H(Si) films as a 
function of Si content. The differences in surface chemistry between a-C:H, a-C:H(Si), and 
a-C:H(SiOx) appear to have an undetectable impact on cell attachment.

The number of cells on a-C(Si) too shows no significant difference with counts on 
undoped a-C, but cell count is evidently higher on a-C(Si) on the sixth day of culture (see 
Figure 2.35) [107]. In this study though, the surface energy increases with Si concentra-
tion. The polar/dispersive component of the surface energy also exhibits an increasing 
trend. As mentioned earlier, a higher polar component can induce a surface to have better 
affinity with the proteins, and in turn attracts more cells to adhere, spread, and prolifer-
ate. Figure 2.36 shows the living cells’ morphology on a-C(Si37.6 at.%). The long and fine 
cytoplasmic extension in multiple directions is evident of excellent adhesion of the cells to 
the film. The cells also exhibit long lamellipodes, indicating active cell migration leading 
to homogeneous colonization.

Other Cells

Bovine retinal pericytes. The survival and proliferation of bovine retinal pericytes (BRP) iso-
lated from the eye were studied on a-C:H and a-C:H(Si)-coated tissue culture polystyrene 
(TCPS) [95]. Pericytes are associated with vasculature and appear to be present in most tis-
sues. They are generally considered to be restricted to the microvessels (arterioles, venules, 
and capillaries where there are no smooth muscles) [121]. Pericytes are thought to con-
tribute to endothelial cell proliferation via selective inhibition of endothelial cell growth. 
Thus, the understanding of these thin films’ cytotoxicity to retinal pericytes is relevant 
to biomaterial application in the eye compartment, as well as the surrounding tissues of 
the vasculature. The a-C:H and a-C:H(Si) films seem not to be toxic to the BRP. Based on 
MTT assay results of the pericytes, it seems that these cells are more slightly activated in 
the a-C:H and a-C:H(Si) coated wells compared to uncoated TCPS conventionally used for 
cell culture.
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FIGURE 2.35
Cell attachment number of MG63 osteoblast cells. Values are mean of three replicates, while error bars denote 
standard error. ANOVA shows that cell type proliferated on a-C and a-C(Si) with p < 0.001. **Significant differ-
ence between MG63 count on a-C(Si37.6at.%) and a-C (**p < 0.05). (Reprinted with permission from Ong et al., 
Thin Solid Films, 516, 5152, 2008.)
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Glial cell. Glial cells, commonly called neuroglia, are non-neuronal cells that maintain 
homeostasis, form myelin, and provide support and protection for the brain’s neurons. 
The main functions of glial cells are to surround neurons and hold them in place, to sup-
ply nutrients and oxygen to neurons, to insulate one neuron from another, and to destroy 
pathogens and remove dead neurons. The glial cells’ cytotoxicity was studied by culturing 
T98G human glioblastoma cell line on a-C:H [105]. The percent viability values for glial 
cells cultured on a-C:H coated substrates were calculated from experimental data that was 
collected using a commercial cytotoxicity assay kit. The results indicated that cell viability 
was not significantly different (p < 0.05) from positive control values (cells cultured on tis-
sue culture plastic, 98 ± 5% viability). T98-G cell adhesion and spreading were robust on 
a-C:H, and the adhesion, spreading, and function were in comparison to normal culture 
conditions on tissue culture plastic. As such, a-C:H coatings were considered not toxic for 
cultured glial cells and fibroblasts.

Epithelial colorectal adenocarcinoma cell. Cell adhesion and viability studies were per-
formed using Caco-2 human epithelial colorectal adenocarcinoma cell line on an “uncon-
ventional” a-C:H(PTFE) hybrid film [122]. These cells exhibit many characteristics of the 
human intestinal epithelium and are sensitive to cytotoxic effects. Thus, they are suitable 
for cytotoxicity studies of new biomaterials. Using this cell line and qualitative SEM and 
quantitative fluorescence microscopy experiments, a-C:H(PTFE) was shown to be biocom-
patible and noncytotoxic. Caco-2 cells adhered to its surface in the short-term 12 h experi-
ments and spread and proliferated to cell monolayers in the longer-term 72 h experiments. 
In particular, the quantitative MTT test showed that there were no statistical differences 
between the coatings measured using the number and viability of the Caco-2 cells as indi-
cators. It is interesting to note that the Teflon containing a-C:H has a high water contact 
angle of ~109°, which is around the value for bulk PTFE.

Bone marrow cells. Many implant materials are relatively inert in bulk form, but particles 
of these materials may cause adverse cellular reactions in surrounding bone, leading to 
a reduction of implant lifetime [123–126]. The biological response involves the accumula-
tion and activation of inflammatory cells and subsequent bone resorption [127,128]. The 
rat bone marrow cell (RBMC) culture model composed of heterogeneous cell populations, 
which can advance along multiple differentiation pathways, one of which gives rise to the 
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FIGURE 2.36
Optical micrographs of MG63 on a-C(Si37.6at.%). On sixth day of culturing, complete colonization of cell line is 
observed. (Reprinted with permission from Ong et al., Thin Solid Films, 516, 5152, 2008.)
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osteoblast lineage [129]. In addition, cells from the monocyte lineage can give rise to osteo-
clastic, bone resorbing cells [130]. Osteoclasts have been shown to be phagocytose particles 
and to remain bone resorbing cells at the same time [131,132]. RBMC culture is suitable to 
investigate the effects of particle exposure on the formation and consequent function of 
osteoblastic and osteoclastic cells.

The cellular response of RBMC on a-C:H(Ti) coatings [133] and a-C:H(Ti) film fragments 
[134] were investigated. Increased proliferation and reduced osteoclast-like cell activity 
could be obtained on the a-C:H(Ti) coatings, while these reactions were not seen on pure 
a-C:H films or on glass control samples [133]. The results on the film particles showed that 
plain a-C:H and a-C:H(Ti) particles were inert. Both kinds of particles did not significantly 
stimulate the osteoclast-related enzyme tartrate-resistant acid phosphatase [134].

Neuronal cells. The potential for a-C to be used as biomaterials for the central nervous sys-
tem was investigated [135]. The growth and survival of the N2a maurine neuroblastoma 
cell line and primary cortal neurons on a-C, surface-oxidized a-C and phosphorus-doped 
a-C films were studied. The results conclusively show that a-C is not cytotoxic to neurons 
or neural-like (N2a) cells. Cell adhesion and growth of neurons is greatly enhanced by 
either surface oxidation of the a-C or incorporation of phosphorus within the a-C matrix 
(up to 20 at.%). It is perhaps interesting to note that a-C(P) has the lowest water contact 
angle, followed by surface-oxidized a-C and then a-C. In this case, the adhesion and 
growth are better on surfaces with higher surface energy (hydrophilic). Furthermore, the 
different surface properties of a-C(P)/a-C can be exploited to generate spatially directed 
neuron growth via patterned deposition of these materials.

Endocrine cells. Cells release transmitters in discrete packets, a process called quantal exo-
cytosis, as intracellular vesicles fuse with the cell membrane and release their contents. 
Electrochemical measurement of transmitter or hormone release from individual cells 
on microchips has applications both in basic science and drug screening. The ability of 
candidate electrode materials to promote the attachment of two hormone-secreting cell 
types (bovine adrenal chromaffin cell and insulin-secreting INS-1 cell line) was investi-
gated [136]. From the result, nitrogen-doped a-C is better than several other commonly 
used electrochemical electrode materials for promoting cell attachment of endocrine cells. 
This is probably due to the optimal surface energy of a-C(N) as compared to the other 
candidates.

In Vivo Studies

An in vivo test performed by inserting 12-mm-long, 4-mm-diameter stainless steel cylin-
ders coated with a-C:H into the cortical bone and muscular tissue of sheep [104]. Several 
implants were evaluated after 4 weeks and others after 12 weeks. It was found that the 
a-C:H coatings had no macroscopic adverse effects on the bone or muscle tissue. In another 
in vivo study, a-C:H coated cobalt–chromium (CoCr) cylinders were implanted in intra-
muscular locations in rats and in transcortical sites in sheep (Figure 2.37). The specimens 
were retrieved 90 days after surgery, and their histological analysis showed that the a-C:H-
coated specimens were tolerated well in both body sites [112].

The in vivo tissue response of a-C:H-coated titanium was investigated [137]. The mate-
rials were implanted in the paravertebral muscles along both sides of the spine of New 
Zealand rabbits. Preparation of materials, methods used, and evaluation of the tissue 
response conformed to ASTM F981-93 (1999) standards. The parameters studied included 
evidence of necrosis, presence of inflammatory cells, fatty infiltration, calcification, and 
edema. Tissue-cell reaction studied on the samples explanted after 1, 3, 6, and 12 months 
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indicated that a-C:H followed the set pattern of response to an inert biocompatible material. 
At the end of 6 months, a-C:H/titanium implants were encapsulated by a 5- to 20-μm-thick 
layer of fibrous tissue, which reduced in thickness to 5–l0 μm by 1 year. The surrounding 
muscle appeared to be normal. There was also no evidence of delamination of the coating 
or release of a-C:H particles into the surrounding tissue.

Tetrahedral amorphous carbon films (ta-C) coated Si die were implanted into male 
SV129 mice for in vivo tissue response [138]. The ta-C films were produced by pulsed laser 
deposition to be rich in either three- or four-fold (i.e., sp2- or sp3-bonded C) content. Tissue 
reaction to these materials over a period of 6 months was assessed following subcutane-
ous implantation of ta-C-coated silicon die. The reaction to ta-C particles injected near the 
sciatic nerve was studied as well. These particles were used as a simple analog to small, 
free-floating ta-C devices that might be used in vivo and as a well-characterized system to 
study tissue reaction to possible μm scale debris from a ta-C coated device.

The ta-C–coated die implants were easily removed with surrounding tissues and then 
processed for histologic evaluation of the tissue response at 4, 15, 23, and 56 days, and 
at 6 months after implantation. A typical ta-C–coated die is shown in Figure 2.38. This 

FIGURE 2.37
Transcortical implants in lateral femoral cortex of sheep. One (silver) uncoated CoCr alloy and two (black) a-C:H 
coated implants are shown in this intraoperative photograph. (Reprinted with permission from Allen et al., J. 
Biomed. Mater. Res. B, 58, 319, 2001.)

FIGURE 2.38
ta-C coated Si die in situ at the time of dissection. Implant dimensions are 5 × 5 × 0.5 mm3. (Reprinted with 
permission from LaVan et al., Biomaterials, 26, 465, 2005.)
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sample had been in vivo for 6 months. There was no gross tissue reaction aside from the 
thin capsule that had formed around the implant. Specifically, there was no purulence 
or other evidence of inflammation, and surrounding tissues appeared intact. However, 
in vivo fragmentation seems to occur more readily on ta-C riched in three-fold bonding 
(more graphitic). There has been one report in the literature of damage to diamond-like 
carbon films [139] and another of increased inflammation reported in an in vivo study 
of diamond-like nanocomposite-coated stents [140]. Another report suggested that a-C 
films can have porosity, depending on the deposition conditions [141] that may have made 
them more susceptible to fragmentation. Those reports, along with the results presented 
by LaVan et al. [138] strongly suggest that amorphous carbon films with a higher four-fold 
bonding character (more diamond-like) are more resistant to in vivo fragmentation, and 
those films with more three-fold character (more graphitic) may be susceptible to in vivo 
fragmentation.

The tissue responses on ta-C particles were evaluated at 4-day, 8-week, and 6-month 
intervals. After 6 months of implantation, the group with 30 μm particles showed a foreign 
body giant cell reaction with mild fibrosis associated with the particles. In the 10 and 3 μm 
particle sizes, there was a foreign body giant cell reaction with fibrosis ranging from none 
to minimal. There was no evidence of acute inflammation, granulation tissue formation, 
or myocyte damage or histologic changes within the nerves, even when the particles were 
adjacent to these structures.

Antibacterial	Behavior

Besides the ability of the implant surface to allow adhesion and proliferation of protec-
tive host cells, it is also desirable to develop implant coatings that are repellent to bacteria 
to minimize the colonization of the implant surface with circulating planktonic bacte-
ria. Bacterial adhesion and colonization are followed by production of bacterial extracel-
lular polymeric matrix and the development of a biofilm that protects bacteria against 
host defense, such as leukocytes, immunoglobulins, and complement as well as against 
antibiotics. These are often the major reasons for implant-related infections and failure. 
Staphylococci cause the majority of the nosocomial implant-related infections initiated by 
adhesion of planktonic bacteria to the implant surface.

The antibacterial behavior on polyethylene terephthalate (PET) coated with a thin layer 
of hydrogenated amorphous carbon (a-C:H) was investigated [142]. The capacities of 
Staphylococcus aureus and Staphylococcus epidermidis to adhere onto PET are quantitatively 
determined by plate counting and gamma-ray counting of 125I radiolabeled bacteria in 
vitro. The results indicate that the adhesion of the two kinds of bacteria to PET is sup-
pressed by a-C:H. From Figure 2.39, the adhesion efficiency of S. epidermidis on the coated 
surface is only about 14% of that of the untreated PET surface, and that of S. aureus is 
about 35% of that of the virgin surface. The electrokinetic potentials of the bacterial cells 
and substrates are determined by zeta potential measurement. All the substrates and the 
bacterial strain have negative zeta potentials. This means that bacterial adhesion is not 
mediated by electrostatic interactions. The surface energy components of the various sub-
strates and bacteria are calculated later to obtain the interfacial free energies of adhesion 
of S. aureus and S. epidermidis onto various substrates. It is found that bacterial adhesion is 
energetically unfavorable on the a-C:H deposited on PET.
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The number of adhered S. aureus and S. epidermidis on a-C:H(PTFE) hybrid film, which 
has the largest water contact angle (hydrophobic), is lowest when compared to a-C:H, tita-
nium, and silicon [143]. The staphylococcal adhesion to the coatings is evaluated morpho-
metrically from acridine orange-stained specimens. The bacterial adhesion is diminished 
at the same time when the noncytotoxic and cytocompatible properties for human cells 
were maintained (as discussed in Section 2.3.5). As such, a-C:H(PTFE) could be used to 
fight implant-related infections as it diminishes bacterial adhesion without affecting the 
capability of the surface to bind host cells.

Coating of stainless steel with ta-C reduced or almost eliminated adhesion and  bio -
film growth of S. epidermidis, Deinococcus geothermalis, Meiothermus silvanus, and Pseudo-
xanthomonas taiwanensis (Psx. taiwanensis) [144]. The latter three species are known to be 
pertinent biofilm formers in the wet-end of paper machines. It appears as if coating of the 
acid-proof steel coated with a ta-C prevented or reduced the formation of the appendages 
bridging the cells to each other or to the substrate. Field emission scanning electron micro-
scopic analysis showed that S. epidermidis, D. geothermalis, and M. silvanus grew on stain-
less steel using threadlike organelles for adhesion and biofilm formation. Psx. taiwanensis 
adhered to the same surfaces by a mechanism involving cell ghosts on which the biofilm of 
live cells grew. S. epidermidis (a gram-positive coccus) and Psx. taiwanensis (a gram-negative 
gamma-proteobacterium) were effectively repelled by ta-C. The coating also has a similar 
effect on D. geothermalis and M. Silvanus, though not as significantly. The ta-C coating also 
reduced the accumulation of S. epidermidis biofilm on steel more efficiently than fluoro-
polymer coating, as reported by Katsikogianni et al. [145]. Besides hydrophobicity, the sur-
face topology is also found to be affecting the microbe adhesion. High and positive surface 
skew (i.e., low film porosity) and high surface kurtosis (i.e., quantized height distribution) 
seem to decrease the attraction of the bacteria.

Titanium dioxide (TiO2) in the anatase crystalline form is a strong bactericidal agent 
when exposed to near-UV light. The bactericidal activity of a-C:H films containing TiO2 
nanoparticles was investigated [146]. The films were grown on 316L stainless steel sub-
strates from a dispersion of TiO2 in hexane using PECVD. The antibacterial tests were 
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FIGURE 2.39
Number of bacteria adhering to untreated and a-C:H coated PET surfaces after incubation of 15 h. (Reprinted 
with permission from Wang et al., Biomaterials, 25, 3163, 2004.)
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performed against Escherichia coli, and the results were compared to the bacterial adhesion 
force to the studied surfaces. As TiO2 content increased, ID/IG ratio, hydrogen content, and 
roughness also increased. The films became more hydrophilic, with higher surface free 
energy, and the interfacial energy of bacteria adhesion decreased. Experimental results 
show that TiO2 increased the a-C:H bactericidal activity (see Figures 2.40 and 2.41). Pure 
a-C:H films were thermodynamically unfavorable to bacterial adhesion. But the chemical 
interaction between the E. coli and the studied films can be increased for the films with 
higher TiO2 concentration. As TiO2 bactericidal activity starts its action by oxidative dam-
age to the bacteria wall, a decrease in the interfacial energy of bacteria adhesion causes an 
increase in the chemical interaction between E. coli and the films, which is an additional 
factor for the increasing bactericidal activity. Another study of E. coli on silver-doped a-C:H 
also showed an increase in bactericidal activity [147].
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Antibacterial activity of the stainless steel-coated and uncoated with a-C:H and a-C:H(TiO2) films in different 
TiO2 concentrations. (Reprinted with permission from Marciano et al., J. Coll. Interf. Sci., 340, 87, 2009.)
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FIGURE 2.41
SEM images of E. coli in direct contact with (a) stainless steel, (b) a-C:H, (c) 0.1 g/L a-C:H(TiO2), (d) 0.5 g/L 
a-C:H(TiO2), and (e) 1.0 g/L a-C:H(TiO2) films in darkness; and (f) stainless steel, (g) a-C:H, (h) 0.1 g/L a-C:H(TiO2), 
(i) 0.5 g/L a-C:H(TiO2), and (j) 1.0 g/L a-C:H(TiO2) films under UV light. (Reprinted with permission from 
Marciano et al., J. Coll. Interf. Sci., 340, 87, 2009.)
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Besides the studies of undoped and doped a-C and a-C:H, polymer-, nanoparticle-
incorporated a-C:H, another interesting study is on plasma-modified a-C:H [148]. The 
a-C:H  treated with oxygen plasma exhibits superhydrophilicity with a contact angle of 
~ 0°. Although there is a drastic change to the film surface energy, the level of bacteri-
cidal activity of S. aureus, E. coli, Pseudomonas aeruginosa, and Salmonella typhimurium is not 
affected significantly.

Biomedical	Applications

Biocompatible implants allow the human body to reestablish biological and mechanical 
functions and thus increase the quality of life. Depending on the biomedical application, 
the implant has to withstand dynamic mechanical loads while performing a desirable 
long-term biological interaction with surrounding biological tissue. Bulk properties of the 
implant are mainly responsible for the load-bearing capabilities, whereas the interaction 
with the surrounding tissue is governed by the implant’s surface. The surface influences 
the interaction and adsorption of different proteins, which, in turn, control the cell adhe-
sion and behavior. However, the overall reaction of the body on an implant is a system 
property that includes many different aspects, such as surface chemistry and texture, im -
plant movement, biodegradation, and surgical aspects. The highly corrosive environment 
and the low tolerance of the body to some dissolution products restrict the materials to be 
used for implants. As we already know from the previous sections, amorphous carbon is 
bio- and hemocompatible. Furthermore, the material can prevent the detrimental effects 
caused by the released metal ions from conventional metallic implants. Therefore, there 
is a growing interest in modifying implants’ surface with amorphous carbon. In addition, 
amorphous carbon, due to its amorphous nature, is able to incorporate a certain amount of 
additional elements and even compounds into its matrix and still maintain its amorphous 
state. By this technique, several properties, including tribological properties, electrical 
conductivity, surface energy, and biological reactions of cells in contact with the surface, 
can be altered to suit specific applications. There are mainly two fields of biological appli-
cations of amorphous carbon: the application of amorphous carbon in blood-contacting 
implants, such as heart valves and stents, and the use of amorphous carbon to reduce 
wear in load-bearing joint implants. Amorphous carbon-coated heart valves and stents 
are already commercially available. But the situation for amorphous carbon-coated load-
bearing implants is contradicting.

There are extensive reviews on amorphous carbon coatings for biological and biomedical 
applications [149–156]. In this section, some of the applications will be discussed. Some of 
these are readily available commercial coatings, while others are still under development.

Orthopedic Implants

Total hip replacement is one of the most challenging types of human implants from 
the materials science’s point of view. The techniques developed for improving the hip 
implants can naturally be applied to other articulated or immovable implants. Since the 
human body is at the same time both a very hostile and sensitive environment for foreign 
objects, the lifespan of a hip implant is limited. The practical lifetime of the current artifi-
cial total hip replacements can be as low as 5–15 years because mechanical wear and stress, 
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corrosion, and tissue reactions lead either to a mechanical failure or to aseptic loosening 
of the implant. The main problem with the prosthetic joints lies in its wear and corrosion 
during long-term use. The debris formed as a consequence of this wear results in tissue 
inflammation, osteolysis, and finally loosening of the implants [157–162]. When two mate-
rial surfaces slide against each other and are in relative motion, the material with lower 
hardness is worn out. The material will also come in contact with human body fluids. 
Therefore, in prosthetic joints, the coating material should be hard and inert enough to 
prevent wear out and corrosion. The coating material should also have good adhesion on 
the substrate, especially in human body fluid. Besides amorphous carbon’s biocompatibil-
ity, its excellent tribological properties [163–166] have made it a potential material to reduce 
the wear rate and corrosion in the physiological environment.

There are experiments using hip simulators to determine friction and wear of amor-
phous carbon-coated hip joint balls sliding against ultra high molecular weight polyeth-
ylene (UHMWPE) or of metal–metal joints with both sides coated with amorphous carbon. 
Tetrahedral amorphous carbon (ta-C) coated metal hip joint balls tested in 1 wt.% NaCl 
water by pin-on-disk and in a hip joint simulator reduce the wear of the UHMWPE cup 
by a factor of 10–100 [150,167]. In the case of a metal–metal joint with both sides coated, the 
wear could be reduced by a factor of 105. Additionally, the corrosion rate is significantly 
lowered when the coated substrate is exposed to a saline solution equivalent to body fluids 
in 37°C for 2 years [150]. Stainless steel femoral head is coated with a-C:H and the wear of 
the UHMWPE cups in a hip joint simulator using distilled water after six million cycles is 
determined [168]. The result is a decrease of wear by a factor of six. Tested in a knee wear 
simulator using distilled water as a lubricant, a decrease of a factor of five in wear of the 
UHMWPE by coating the cobalt chromium counter face with a-C:H can be obtained [169]. 
A comparative tribological test using ball-on-disk and pin-on-disk configuration, but in 
dry conditions, to investigate the wear of different materials used in hip joint prostheses 
against UHMWPE was conducted [170]. The wear rate of stainless steel, titanium, alumina, 
zirconium oxide, a-C:H coated stainless steel, and a-C:H coated titanium were compared. 
The results revealed the superiority of the a-C:H coatings. In a more recent tribological 
study using pin-on-disk in simulated body fluid, it was found that coating both surfaces of 
UHMWPE and Co–Cr–Mo implants by ta-C film enhanced the lifetime of the implant to 
a considerable extent [171,172].

The wear of UHMWPE acetabular cups against CoCr, alumina, and a-C:H coated CoCr 
with a biaxial hip wear simulator using diluted calf serum as the lubricant was studied 
[173]. It was found that there is no significant difference in the wear of UHMWPE for all 
three pairs of tested cups. The same result is obtained from another independent study 
[174]. The corrosion resistance and hardness of an orthopedic material like Co–Cr–Mo 
alloy can be significantly increased by ta-C coatings [175]. However, the wear resistance of 
the ta-C coated Co–Cr–Mo against UHMWPE measured by a pin-on-disk method in air, 
deionized water, and simulated body fluid did not show any significant improvement over 
Co–Cr–Mo/UHMWPE sliding pairs. Another pin-on-disk study on the tribological per-
formance of UHMWPE against untreated, a-C coated by unbalanced magnetron sputter-
ing of graphite, nitrogen-implanted, thermal oxygen-treated, and oxygen diffusion-treated 
Ti6Al4V alloy in distilled water environment was carried out [176]. There is improvement in 
tribological behavior with all the surface engineering techniques, but the thermal oxygen-
treated Ti6Al4V alloy showed significantly less wear than the a-C coating.

Even though some studies reveal amorphous carbon film as a promising material to 
reduce the wear of UHMWPE, the effect of the amorphous carbon coating on artificial 
joints is still in debate. These conflicting findings may be the result of several issues. The 
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liquid lubricant used in a tribological test has a crucial influence on the friction and wear 
values obtained as well as on the type of wear particles produced [177–179]. It was sug-
gested that when bovine serum or synovial fluid was used as a lubricant, the different 
proteins, especially phospholipids, adsorbed on the surfaces strongly influence the tribo-
logical behavior in the joints [177,178]. Also, the surface texture has a decisive influence 
on the wear behavior of a joint. It was shown that even single scratches are capable of 
increasing the wear rate of UHMWPE by a factor of 30–70 [180]. To summarize, it can be 
stated that wear tests on load-bearing implants should be made in an adequate implant 
joint simulator. As a lubricant, a supply of synovial fluid (or any other fluid containing an 
adequate distribution of proteins) has to be maintained to compensate for the proteins 
decomposed due to high pressure between contact spots of the bearing [181]. Additionally, 
the surface texture of the areas involved in the tribological process must be characterized 
carefully.

There are also reports of failure of amorphous carbon coating in orthopedic implants. 
In 2001, the company Implant Design AG sold knee joints under the trade name Diamond 
Rota Gliding with the sliding area of the femur component coated with diamond-like 
nanocomposite (DLN), which was sliding against UHMWPE. Within a short time, some of 
the approximately 190 implanted joints showed increased wear and partial coating delam-
ination and had to be replaced.

Coronary Stent

A coronary stent is a man-made tube that is inserted into a coronary artery to help open 
the artery so that blood can flow through it. The main purpose is to treat coronary heart 
disease as part of the procedure called percutaneous coronary intervention. Similar stents 
can also be used in noncoronary vessels. Such implantation is increasing day by day 
throughout the world. However, the application is largely limited by restenosis, occlusion, 
and stent-associated thrombosis. For implants in direct contact with blood, a key issue is 
the ability of the implant surface to prevent thrombus formation. The reactions of the body 
to a blood-contacting implant crucially depends on the surface of the implant, especially 
the chemical situation present at the surface, the surface texture, the local flow conditions, 
and other factors. It is generally known that increased platelet adhesion, activation, and 
aggregation on implant surfaces exposed to blood precede the formation of a thrombus. 
A high ratio of the proteins albumin/fibrinogen, adsorbed on a implant surface prior to 
cell or platelet attachment, can be correlated with a low number of adhering platelets and 
therefore with a low tendency of thrombus formation. As discussed in the earlier section, 
amorphous carbon coatings show promising results in being a hemocompatible material. 
Some of the findings even show the material may have the ability to suppress thrombus 
formation similar to or even better than glassy carbon, a material widely used for heart 
valves.

It has been observed that all metals corrode to some degree following implantation 
[182]. Release of metals like Ni, Cr, Mo, and Mn has been confirmed from uncoated stents 
in contact with human plasma for 4 days [183]. But no such metal release was observed 
for a-C–coated stents by the plasma-induced deposition technique. The a-C coating also 
reduced platelet activation and thrombogenicity to a significant extent. Some compara-
tive studies were made on ta-C–coated, polyurethane-coated, and uncoated stainless steel 
vascular stents by observing their responses to macrophages [184]. It was noted that the 
spreading of macrophages and inflammatory activity was less on ta-C coating than that 
of polyurethane-coated and uncoated stents. In 2004, a successful implantation of nitinol 
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(nickel–titanium shape memory alloy) stents coated with a-C:H was made for endovas-
cular treatment of superficial femoral artery occlusive disease [185]. Primary results of 
this investigation showed a 100% patency rate 12 months after intervention. However, 
another clinical test in the year 2004 reported that a-C:H coating does not provide signifi-
cant improvements over uncoated stainless steel stents [186]. A random study of the hemo-
compatibility of a-C:H coated stainless steel stents was made by comparing them with 
uncoated stents during the treatment of coronary artery disease in 347 patients. After 6 
months’ implantation, it was observed that the binary restenosis is 31.8% for a-C:H coated 
stents and 35.9% for stainless steel stents, while the major adverse cardiac effect is 30.5% 
for a-C:H coated stainless steel stents and 32.7% for uncoated ones.

Some of the amorphous carbon coatings have been incorporated into commercial stents 
or related products. The Cardio Carbon Company Limited has two amorphous carbon-
coated titanium implants: Angelini Lamina-floTM (mechanical heart valve) and Angelini 
ValvuloplastyTM ring that is used for heart valve repairs. Plasmachem of Germany pro-
duces a stent coated with 50 nm of amorphous carbon, marketed under the trade name 
BioDiamond StentTM. They use a plasma-induced cold deposition technique to coat amor-
phous carbon on stainless steel 316L stents. The company PHYTIS sells amorphous 
carbon-coated stents on which they report a reduced rate of restenosis due to the amor-
phous carbon coating and that target revascularization has been necessary in only 3.27% 
of the lesions treated. Another company, Sorin Biomedica of Italy, produces heart valves 
and stents (CarbonstentTM) which are coated by approximately 0.5 μm thick CarbofilmTM. 
This coating is produced by PVD from a carbon target, and the company states that 
CarbofilmTM has a turbostratic structure equivalent to that of pyrolytic carbon. In one clini-
cal study, 165 CarbonstentsTM were used in 129 coronary lesions of 110 patients [187]. At 
the 1-month follow-up, there were no sign of stent thrombosis or any other major adverse 
cardiac events. In another clinical study, the CarbonstentTM was implanted in 112 patients 
with 132 de novo lesions [188]. The 6-month angiographic follow-up was obtained in 108 
patients (96%) (127 lesions); the angiographic restenosis rate was a low 11%.

Other Biomedical Applications

An amorphous carbon coated centrifugal ventricular blood pump device (made by 
SunMedical Technology Research Corporation, Nagano, Japan) was implanted in calves. 
Without any postoperative anticoagulation, only minor evidence of thrombosis was found 
on the amorphous carbon coated surfaces after explantation [189].

Hydrogenated amorphous carbon coatings have been investigated for oral implants 
[190–193]. It was observed that the RF-PECVD deposited a-C:H layers showed significant 
biointegration and resistance to saliva and other oral cavity elements [190]. Ion beam plated 
a-C:H films on orthodontic nitinol arch wires reduce the Ni ions release to a great extent 
[191–193]. The growth rate of Sa3 squamous carcinoma cells is also higher on coated wires 
[193].

There were studies on coating guide wires with amorphous carbon, and investigations 
of the films’ lubrication, stability, and hemocompatible properties were addressed [194–
196]. It was observed that a-C:H coated guide wires exhibited a lower coefficient of fric-
tion, better adhesion with stainless steel, higher hardness, and better hemocompatibility 
than other coatings, such as PTFE [195]. Si and F have been incorporated in a-C:H film to 
improve adhesion with the substrate and stability during guide wire windings. Use of 
an a-Si:H interlayer has increased the substrate adhesion significantly, while Si doping in 
FCVA deposited ta-C was reported to reduce film cracking [194]. Lubrication properties 
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of stainless steel guide wires coated with a-C:H and a-C:H(F) was studied [196]. It was 
noted that a-C:H and a-C:H(F) improved smoothness, uniformity, and reduced polishing 
scars. Both films were found to improve the lubrication behavior by 30% when compared 
to uncoated guide wires. Fluorine incorporation in a-C:H also significantly reduced the 
thrombogenicity.

Some studies were done on the coating of contact lenses by carbon films to improve their 
ophthalmological applications [197,198]. Ion-assisted deposited a-C:H on contact lenses 
was found to adhere well to the lens materials, enhance stability, provide UV protection, 
and strengthen the lens life significantly [197]. The coating also minimized antibacterial 
activity and inflammatory processes and improved the chemical resistance to the steriliza-
tion and storage solution of contact lenses. Hydrogenated a-C coatings on contact lenses 
increased the refractive index, thereby reducing the thickness of contact lens [198]. The 
coatings of thickness in the range 20–200 nm have good transmission in the visible region, 
but minimize UV transmission by about 40–50%. Contact lens casings coated with a-C:H 
also showed significant surface integrity on exposure to saline solution, prevented the 
formation of microbial contamination, and proved to be a safe custodian of the contact 
lenses.

Summary

Amorphous carbon, renowned for its superior mechanical properties, is currently in the 
spotlight once again for its potential to be utilized in biomedical applications. Numerous 
studies in vitro, in vivo, and clinical have been done to prove the values of this material. 
However, there are multitudes of conflicting issues regarding its biological properties. As 
such, this class of “biomaterial” is complicated to characterize. Even so, some films are 
already utilized in commercial products.

The results on blood compatibility are very promising. The material is able to reduce 
blood platelet adhesion and activation to prevent thrombosis. In general, the property can 
be improved further if the material has a higher sp3 to sp2 fraction, becoming more hydro-
phobic. But studies have also shown hydrophobicity is not alone in determining the hemo-
compatibility. Surface energetics can affect the adhesion of proteins and hence the amount 
of adherent platelets. A surface is favorable when it can attract more albumin than fibrino-
gen. Results have also confirmed that material surface properties can be moderated by dop-
ing and surface treatment. There are already a couple of commercial biomedical implants 
utilizing this material in blood contacting applications (e.g., stents and heart valves).

Amorphous carbon has also proven to be noncytotoxic to a vast number of living bio-
logical cells, including the three cells (macrophages, fibroblasts, and osteoblasts) found in 
periprosthetic tissues and endothelial (found in blood intravascular inner wall linings). 
Doping and surface treatment have also helped to improve the material–cell interactions. 
Both hydrophobic and hydrophilic films have been proven to increase cellular prolifera-
tion and activity. Again, the surface energetics govern these interactions in addition to 
wettability. A number of experiments done on animal models have also shown minimal 
or no adverse effects.

The latest interesting studies are on the antibacterial properties of amorphous carbon. A 
number of bacteria have been used for these studies, and most results have shown reduced 
microbe adhesion and activity on the material. A hydrophobic surface is preferred, but 
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hydrophilic surfaces have also been proven not to affect the antibacterial property. Besides 
surface energetics and its interaction with proteins and microbes, surface topography can 
play an important role as well. Generally, an ultrasmooth and ultralow porosity film is 
desired. Doping with known antibacteria elements can drastically improve bactericidal 
activity. This is one good example of the amorphous nature of the material where tuning 
and moderation is flexible.

There are already a number of application-specific studies. Coronary stents and other 
vascular stents have received great attention. Commercial products incorporating propri-
etary amorphous carbon coatings have been available for many years. Another promising 
application is orthopedic implants, where the biocompatibility and mechanical proper-
ties, such as high hardness and low friction, come together to reduce wear and failure. 
However, results have been contradicting. The conflicting results may be caused by dif-
ferent regimes used in the tests and simulation of actual physiological conditions. Human 
inner space is a harsh and unforgiving environment with a condition difficult to replicate 
in vitro. 

Although much attention has been received and many studies have been done, the actual 
numbers of commercially available products that are useful in improving human life still 
only number a handful. Even so, these are good indicators of the potential amorphous car-
bons have. More work with good results, especially clinically, needs to be achieved before 
the material can be widely recognized and live up to its potential for widespread use.
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3
Biomedical	Applications	of	Carbon-Based	Materials

Subbiah	Alwarappan,	Shree	R.	Singh,	and	Ashok	Kumar

Introduction

Carbon materials possess excellent mechanical, tribological, and biological properties, and 
as a result, carbon-based materials find applications in biomedical devices including car-
diovascular, orthopedic, and dental applications [1–3]. Pyrolytic graphite (PG) and other 
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forms of carbon coatings such as carbon nanotubes (CNTs), fullerenes, and diamond-like 
carbon (DLC) in its pure, hydrogenated, and doped forms [4, 5] have raised much interest 
as potential wear-resistant coatings for biomedical applications because of their attrac-
tive properties such as high hardness, high chemical inertness, and low-friction coefficient 
[6, 7]. Furthermore, carbon is widely used as a common electrode material in a great deal 
of electrochemical detection of biologically significant species. Usually, carbon materials 
are characterized by properties such as wide potential window, low background current, 
fast electron transfer rate, and stability. In electroanalytical chemistry, the carbon materi-
als used are all sp2 hybridized, as these sp2 hybridized carbons are highly reactive and 
prone to required surface modification with ease. All these foretold carbon materials have 
identical C–C bonding but different bulk properties as a result of orientation and size 
of carbon crystallites. Carbon material possesses structural variables such as the intra-
planar carbon–carbon bond distance, intraplanar carbon crystallite size (La), interplanar 
microcrystallite size (Lc), and the interplanar spacing as shown in Figure 3.1. Of these, the 
intraplanar C–C bond distance is estimated to be 1.42 Å [8]. La of the carbon crystallite is 
defined as the average size of the graphitic crystallite, and it can vary between 2 and 105 Å. 
The intraplanar size can be measured using x-ray diffraction technique [8]. A perfect single 
crystal of graphite has a larger La value. On the other hand, Lc is the distance perpendicu-
lar to the plane of the graphite sheet, which is usually 2.46 Å, and it can be increased by 
heating the carbon materials above 2000°C. Neutron scattering can also be used to mea-
sure the intraplanar spacing. For single crystal graphite, the intraplanar spacing value is 
3.354 Å [9, 10], and for less ordered sp2 carbon material, the intraplanar spacing value is 
3.6 Å. Synthesis of various carbon materials such as PG, carbon fiber (CF), DLC, CNTs, 
fullerenes, and graphene is briefly described below.

Methods	of	Synthesis	of	Various	Carbon-Based	Materials

Pyrolytic Graphite

PG is highly ordered and anisotropic. It has been known since 1880, but its suitability for 
making electrode was only evident in the past 30 years. Miller and Zittel [11] were the first 

1.42 Å

2.46 Å
2.84 Å

Intraplanar C–C bond length 

Intraplanar microcrystallite size

Interplanar microcrystallite size

FIGURE 3.1
Schematic representation of crystallographic dimensions of sp2 carbon.
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to identify PG as a suitable material for constructing an indicator electrode. The crystal-
line structure of PG closely approximates that of the ideal graphite crystal. The prepara-
tion, properties, and structure of PG have been described in detail by Walker [12]. PG can 
be obtained by the pyrolysis of gaseous hydrocarbons. PG materials usually consist of 
poly(aromatic rings) with sp2-hybridized carbon atoms. These aromatic planar rings are 
stacked together by π–π interaction of the electronic network [13]. A schematic representa-
tion of the layered structure of graphite is shown in Figure 3.2. The planar layer (i.e., the 
ab plane) formed by the aromatic ring system is usually termed as basal plane, whereas the 
planes perpendicular to the graphitic layer are the bc and ac planes and are called edge 
planes. Edge planes are usually active compared with the basal plane. The reactivity of 
the edge plane is due to the presence of various reactive groups such as carboxylic acid, 
ketonic, and hydroxyl groups [14]. Electron transport through c-axis accounts for the conduc-
tivity of PG. PG electrodes used in voltammetric studies can be prepared by cutting small 
rods (diameter 4 mm, length 10 mm) from a block of graphite [11]. The graphitic block must 
be positioned in such a way that it is cut exactly perpendicular to the ab plane [13]. The 
resulting small piece of graphitic rod [15] is then cemented in to long glass tubing with 
epoxy cement. The PG rod is mounted in such a way that only the ab planes are exposed. 
Care must be taken to avoid the occurrence of air pockets between the air tube and the PG 
rod. This is usually achieved by initially coating the inside of the glass tube with epoxy 
cement followed by coating the rod with epoxy and finally sliding the rod carefully into 
the tube. During this event, the rear end of the graphitic rod will be coated with epoxy 
that prevents the electrical contact to the graphitic rod. In certain cases, depending on 
the application, the end of the PG electrode can be polished using a silicon carbide paper. 
Various other forms of PG such as vapor-deposited PG and wax-impregnated PG have also 
emerged, and their preparation and properties have been described in detail [15–18].

Highly Oriented PG

Highly oriented PG (HOPG) is manufactured by the process of annealing PG under high 
compression force [19]. It is otherwise known as stress-annealed PG. The material has 

b
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FIGURE 3.2
Schematic representation of the layered structure of pyrolytic graphite. 
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perfect orientation along the axis perpendicular to the planes of graphite. The structure 
of HOPG is well defined than PG, and its surface has a mirror-like finish. Several forms of 
HOPG have been developed [19–22].

Glassy Carbon

The possibility of using glassy carbon (GC) as an electrode material was pioneered by 
Zittel and Miller [23]. Unlike PG, which is anisotropic, GC has an isotropic structure. 
GC is highly resistant to chemical attack and electrically conductive. In addition, GC is 
impermeable to liquids and gases. GC can be prepared in several ways. Of all the meth-
ods reported, the simplest one is reported by McBride and Evans [24]. In this method, a 
GC rod of 3-mm diameter is sealed inside a 5-mm-long glass tubing with epoxy cement. 
A few milli meters of carbon are then exposed from the end of the glass rod and pol-
ished with emery paper, followed by alumina, until a mirror finish is obtained. In another 
method, GC can be obtained by the heat treatment of polymers of phenol or formaldehyde 
or by the heat treatment of poly(acrylonitrile). Upon heating the polymers at temperatures 
above 3000°C under pressure, atoms such as hydrogen, oxygen, and nitrogen are released 
from the polymeric chain, leaving behind the extended, conjugated, and interwoven 
sp2 carbon structure, and this accounts for the hardness of GC. However, the original 
polymeric backbone remains unaltered, and it prevents the formation of extended gra-
phitic domains. GC electrodes are reactive, and the functional groups present provide an 
opportunity for modifying the electrode surface [148] to detect targeted biological and 
biomedical applications.

Carbon Fibers

CFs are known for their high tensile strength and light weight. The diameter of the CFs 
varies between 0.1 and 100 µm. CFs can be obtained in many ways. However, most of the 
CFs used in these ways is made either by the heat treatment procedures that are used in 
the preparation of GC or by the catalytic chemical vapor deposition (CVD) technique. In 
the usual heat treatment method, the polymers are heated up to 3000°C. The molten poly-
mer is then woven or extruded to obtain CFs. Methods involving heat treatment above 
3000°C usually result in the formation of fibers that possess a high tensile strength [8]. At 
such a high temperature, carbon graphitizes and aligns its axis alongside the axis of the 
fiber, which accounts for a high Young’s modulus [25–27]. The microstructure of CFs varies 
according to the method. Catalytic dehydrogenation of hydrocarbons on metals such as 
Fe and Ni forms the basis of catalytic CVD [8]. The fibers resulting in this manner possess 
onion type of structures and are stronger but shorter in length than the fibers obtained 
from polymers.

Carbon Black

Carbon black (CB) is not widely used in any applications. However, there are quite a few 
methods to synthesize CB. In all the methods, the basic principle involves thermal decom-
position of hydrocarbons [8, 13]. The particles of the CB vary in its size from 300 to 5000 Å 
[13]. CB is a collection of many smaller microcrystallites. The surface area of the CB is on 
the order of 5000 m2 g–1. Unlike graphite, CB has a disordered structure that accounts for 
its lower conductivity and lower mechanical strength.
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Carbon Film

Carbon film electrodes are generally prepared from conducting or semiconducting materi-
als deposited either chemically or in vacuo on an appropriate substrate such as a glass slide 
[8]. The carbon films thus obtained can also be referred to as hard carbon. Film electrodes 
were developed for use in spectroelectrochemical studies where a beam of light is passed 
through an optically transparent film [8]. Besides this, the planarity of films deposited on 
an optically flat glass substrate makes them suitable for optical reflection spectroscopy. 
Unlike GC, carbon film is not hard and it has a density lower than that of graphite. In con-
trast to PG, carbon film possesses up to 10% sp3-hybridized carbon atom. Carbon film with 
improved hardness can be obtained by the plasma deposition from CH4 or CH4/H2 atmo-
sphere [8]. Carbon films resulted from plasma method has enhanced hydrogen content. 
The presence of hydrogen in the carbon film was reported to result in improved hardness 
and lower density than nonhydrogenated carbon films.

Diamond-Like Carbon

In recent years, DLC has emerged as a potential material because of its high hardness, low 
frictional coefficient, high wear and corrosion resistance, chemical inertness, high elec-
trical resistivity, infrared transparency, high refractive index, and excellent smoothness. 
Although it is called “diamond-like,” DLC is in fact not like crystalline diamond and also 
not as hard and is virtually amorphous. Hydrogen is frequently present in amounts up 
to 40%, at occupying regions of low electron density in the matrix. Its presence strongly 
influences the mechanical and tribological behavior of DLC coatings. In addition, the 
microstructure of DLC allows the incorporation of other species such as nitrogen, silicon, 
tungsten, silver, and sulfur. DLC comprises a family of such materials, the properties of 
which can be tailored far more readily than those of diamond. Furthermore, DLC film 
comprises a mixture of sp2 and sp3 carbon bonds and is deposited by using high-energy 
carbon species. DLC films can be synthesized by a variety of techniques such as ion beam 
deposition [28], radio frequency plasma–enhanced CVD [28], filtered cathodic vacuum arc 
[29], ion plating [30], plasma immersion ion implantation and deposition [31], magnetron 
sputtering [32], ion beam sputtering [33], pulsed laser deposition [34], and mass-selected 
ion beam deposition [35]. The hydrogen content in DLC films varies up to 40%. Because 
of its amorphous structure, DLC films can be easily doped and alloyed with different ele-
ments. This leads to a wide range of properties depending on its sp3, sp2, and hydrogen 
content together with element incorporation.

Carbon Nanotubes

Since the discovery of CNTs, it has revolutionized the biomedical research as they can 
show superior performance because of their impressive structural, mechanical, and elec-
tronic properties such as small size and mass, high strength, higher electrical, and thermal 
conductivity [36–38]. They are hexagonal networks of carbon atoms possessing a diameter 
of about 1 nm and 1–100 nm in length and can essentially be thought of as a layer of graph-
ite rolled up into a cylinder [39]. Furthermore, CNTs are of two types: single-walled nano-
tubes (SWNTs) and multiwalled nanotubes, and they differ in the arrangement of their 
graphene cylinders. SWNTs have only one single layer of graphene cylinders, whereas 
multiwalled nanotubes have several layers (approximately 50), as shown in Figure 3.3a 
[40]. Furthermore, the films of synthesized CNTs can be aligned or random in nature [36]. 
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Sketches of aligned and random CNTs are shown in Figure 3.3b. Usually, CNTs were syn-
thesized by the following three techniques, and they are (1) the carbon arc-discharge tech-
nique [41–45], (2) the laser-ablation technique [46–48], and (3) the CVD technique [49–51]. Of 
these, the arc-discharge technique results in high quality of single-walled CNTs (SWCNTs) 
and multiwalled CNTs (MWCNTs). Furthermore, during the growth process, MWCNTs 
do not require a catalyst, whereas the SWCNTs require a catalyst for its growth. Although 
CNTs look promising, they are also plagued with certain limitations, which prohibit their 
use on a large scale. 

Fullerenes

Fullerenes, since their discovery in 1985, have captured the imagination of scientists 
because of their unique physical and chemical properties. Buckminsterfullerene (C60) is 
considered a truncated icosahedron containing 60 carbon atoms with C5–C5 single bonds 
forming pentagons and C5–C6 double bonds forming hexagons [52]. The diameter of a 
C60 fullerene molecule is 0.7 nm, and it is an important member of the nanomaterials fam-
ily. However, their poor solubility in aqueous solvents coupled with a tendency to form 
aggregates in aqueous solutions makes it an unattractive candidate in biological applica-
tions [53–55]. To overcome this problem, researchers functionalized fullerenes by various 
chemical and supramolecular approaches [56–58]. Some of the functionalized fullerenes 
have excellent solubility in polar solvents and easily overcome the hurdles posed by C60. 
Usually, fullerenes are synthesized by vaporizing graphite by resistive heating under care-
fully defined condition and isolating the product of the resulting soot by chromatographic 
technique [59, 60]. On the other hand, fullerenes can also be obtained by the combustion 
of simple hydrocarbons in fuel-rich flames [61]. Isolable quantities of fullerenes are also 
resulted by chemical synthesis [62].

Graphene

Graphene is the name given to a two-dimensional crystalline form of carbon invented 
by Geim and Novoselov in 2004 [63]. Graphene can be further envisaged as a flat mono-
layer of carbon atoms firmly packed into a honeycomb-like crystalline lattice in a two-
dimensional fashion [63, 64]. Graphene is considered a basic building block for graphitic 
materials of all other dimensionalities [65]. For instance, graphene can be wrapped up 

(a) (b)

FIGURE 3.3
Structure of (a) SWCNTs and (b) MWCNTs. (Reproduced with permission from Wang, J., Electroanalysis, 17, 7–14, 
2005.)
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into zero-dimensional fullerenes, rolled into one-dimensional nanotubes, or stacked into 
three-dimensional graphite. Electrons in graphene were found to obey a linear dispersion 
relation; since they behave like massless relativistic particles, they form the base for all of 
graphene’s peculiar electronic property. These electrons move ballistically in the graphene 
layer without scattering, with mobility exceeding 15,000 m2 V−1 s−1 at room temperature. 
Graphene can be synthesized via chemical reduction of exfoliated graphitic oxide (GO) as 
described by Stankovich et al. [65]. GO can be produced by any of the oxidative treatments 
of graphite reported by Brodie [66], Hummers and Offeman [67], and Staudenmaier [68]. 
According to Wang et al. [69], few-layered substrate-free graphene can also be synthesized 
by the CVD of methane over cobalt supported on magnesium oxide at 1000°C in a gas flow 
of argon. Approximately 50 mg of few-layered graphene can be obtained under the experi-
mental conditions set up by Wang et al. [69]. 

Biomedical	Applications	of	Carbon-Based	Materials	

Biomedical Utility of CNTs

CNTs possess important characteristics such as high aspect ratio, ultralight weight, high 
mechanical strength, high electrical conductivity, high thermal conductivity, metallic or 
semimetallic behavior, and high surface area. The combination of all these characteristics 
makes CNTs an appropriate and unique material that holds potential for diverse applica-
tions [70–75]. To date, there has been an increasing interest among biomedical scientists in 
exploring all of the foretold properties that CNTs possess for nanobiotechnology applica-
tions. For instance, at present, CNTs are considered a suitable substrate for the growth of 
cells for tissue regeneration, as delivery systems for a variety of diagnostic or therapeutic 
agents, or as vectors for gene transfection [75]. Here we describe a few potential biomedical 
applications of CNTs that has been well established

CNTs for Therapeutic Applications

Initially, the application of CNTs as a template for targeting bioactive peptides to the 
immune system was studied in detail by Guiseppi-Elie et al. [76]. These peptide-modified 
CNTs bioconstructs were found to mimic the appropriate secondary structure for recogni-
tion by specific monoclonal and polyclonal antibodies. After this, the immunogenic fea-
tures of peptide-based CNTs conjugates were subsequently assessed in vivo. Immunization 
of mice with peptide–CNTs conjugates provided high antibody responses than the free 
peptide upon comparison. Moreover, the antibodies displayed virus-neutralizing ability. 
The use of CNTs as a potential and novel vaccine delivery tools was further confirmed by 
studying the interaction with complement factors [77]. Surfactant proteins A and D are 
collectin proteins that are secreted by airway epithelial cells present in the lung, and they 
play an important role in first-line defense against infection within the lung. Furthermore, 
the interaction between CNTs and proteins contained in lung surfactant by using sodium 
dodecyl sulfate–polyacrylamide gel electrophoresis was demonstrated by Salvador-
Morales et al. [78] (by using a novel technique known as affinity chromatography based 
on CNTs—Sepharose matrix and electron microscopy data), which showed that surfactant 
proteins selectively bind to CNTs. The study of CNTs mediated oligonucleotide transport 
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inside living cells is another important research area. Liu and coworkers demonstrated [79] 
the possibility of using SWNTs as nonviral molecular transporters for the delivery of short 
interfering RNA (siRNA) into human T cells and primary cells. Furthermore, in their study, 
they found out that the delivery ability and RNA interference efficiency of CNTs exceed many  
more folds than those of several existing nonviral transfection agents, including four formula-
tions of liposomes. It was suggested that CNTs could be used as generic molecular transport-
ers for various types of biologically important cells, from cancer cells to T cells and primary 
cells, with superior silencing effects over conventional liposome-based nonviral agents.

In addition, the possibility of using CNTs as a culture substrate for neural cells was dem-
onstrated by Hu et al. [80]. In this study, the authors grew freshly isolated rat hippocampal 
neuron cells onto chemically modified MWCNTs and illustrated that they could control 
the outgrowth and branching pattern of neuronal processes by manipulating the charge 
of MWCNTs. Furthermore, Gheith et al. [81] demonstrated the unique properties of bio-
modified SWCNTs as a biocompatible platform for potential neuroprosthetic implants. In 
this in vitro study, the behavior, viability, and differentiation of NG108-15 neuroblastoma 
cells grown in the presence of these biomodified CNTs constructs were assessed over time. 
More specifically, the authors demonstrated the biocompatibility of SWCNTs obtained by 
layer by layer and evidenced that cells grown on this film were able to preserve their 
important phenotype characteristics such as neurite outgrowth. Subsequently, Gheith et 
al. [82] exploited the electrical conductivity of these SWNT culture substrates and dem-
onstrated that layer-by-layer SWCNTs films can be utilized to stimulate the neurophysi-
ological activity of NG108-15 cells. All these examples clearly demonstrated the potential 
applications of CNTs in future therapeutic applications.

CNTs and Their Related Cellular Uptake

It is a well-known fact that biologically modified CNTs can be easily labeled with a fluores-
cent tag, internally injected, and monitored or tracked in the nucleus or in the cytoplasm 
using epifluorescence or confocal microscopy. The ability of functionalized CNTs to be 
taken up by a wide range of cells was first demonstrated by Kostas et al. [70]. Furthermore, 
it could traffic through different intercellular barriers. In this study, the intracellular traf-
ficking of individual or small bundles of biomodified CNTs occurred, and the transporta-
tion of CNTs toward the perinuclear region was observed within a few hours after initial 
contact with the cells, even under endocytosis-inhibiting conditions. Other mechanisms 
(such as phagocytosis)—depending on cell type, size of CNTs, and extent of bundling—
may also be contributing to or triggered by the ability of biomodified CNTs to penetrate 
the plasma membrane and therefore be directly involved in the intracellular trafficking of 
the biomodified CNTs. Based on the foretold behavior, it could be concluded that function-
alized CNTs possess a capacity to be taken up by mammalian and prokaryotic cells and to 
intracellularly traffic through the different cellular barriers by energy-independent mecha-
nisms. The cylindrical shape and high aspect ratio of CNTs possibly allow their penetration 
through the plasma membrane similar to a “nanosyringe.” The mechanism of uptake of 
this type of biomodified CNTs appears to be passive and independent of endocytosis [83]. 
Incubation with cells in the presence of endocytosis inhibitors will not influence the cell 
penetration ability of biomodified CNTs. While demonstrating the cellular uptake, Kam 
and Dai [84] and Kam et al. [85] demonstrated that short SWCNTs with various functional-
izations are capable of transporting proteins and oligonucleotides into living cells, and the 
cellular-uptake mechanism is an energy-dependent endocytosis. The detailed endocytosis 
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pathway for short, well-dispersed SWNT conjugates is mainly through clathrin-coated 
pits rather than caveolae or lipid rafts. Biological systems are well known to be highly 
transparent to near-infrared (NIR) light. Jones et al. [98] reported that the strong optical 
absorbance of SWCNTs in this NIR spectral window, an intrinsic property of SWCNTs, 
could be used for optical stimulation of nanotubes inside living cells to afford multifunc-
tional CNTs biological transporters. Their result demonstrated that if SWCNTs could be 
selectively internalized into cancer cells with specific tumor markers, NIR radiation of 
the CNTs in vitro can selectively activate or trigger cell death without destroying the nor-
mal cells, which would develop SWCNTs functionalization schemes with specific ligands 
for the identification and targeting the tumorous cells. The ability of the functionalized 
SWCNTs to conjugate with CNTs was exploited by Shao et al. [86]. According to them, 
functionalization of CNTs together with the combination of optical properties of these 
CNTs antibodies is capable of concomitantly targeting and destroying malignant breast 
cancer cells in vitro with the aid of photodynamic therapy. The strength of this method 
is that the SWCNTs constructs incorporated in the cytoplasm are able to absorb a certain 
amount of energy in NIR, which is sufficient to provoke cell death. Furthermore, control 
cells cultured in the presence of nonspecific antibody–SWCNTs complexes revealed a via-
bility of more than 80%. It is noteworthy that this innovative approach of multicomponent 
targeting of cell surface receptors followed by subsequent NIR dosing of cancer cells using 
SWCNTs will set the scene for future investigations. Based on these in vitro results, every-
thing is available from the technical perspective to successfully translate this molecular 
nanotargeting system toward related animal models and further toward the direction of 
long-term clinical applications. 

CNTs for Drug Delivery

To maximize the efficacy of a drug, the choice of the delivery system is of fundamental 
importance. Conventional drug administration techniques often fails due to various fac-
tors such as low drug solubility, poor stability in biological environment, poor distribution 
among the cells, lack of selectivity, and damage of healthy tissues. Often, drug delivery 
systems are aimed and designed to minimize or avoid the drug degradation, to increase 
its bioavailability, to target it to specific cells, and to reduce the amount of drug needed, 
decreasing toxicity and harmful side effects. CNTs possess an enormous aspect ratio (ratio 
between the length and the diameter) compared with classical drug delivery systems such 
as liposomes or polymer-based carriers and are becoming a promising alternative in this 
field, and they have been successfully demonstrated for their ability to penetrate into cells. 
CNTs can be functionalized with antibiotics to deliver them into the cells. More specifically, 
CNTs were used in the administration of amphotericin B. AmB is a potential antifungal 
agent for the treatment of chronic fungal infections, but highly toxic for mammalian cells 
[87] due to the formation of aggregates, which reduce the solubility in water [88]. CNTs 
were also used as drug delivery systems concerns cancer therapy. Furthermore, Yinghuai 
et al. [89] studied the utility of CNTs as boron delivery agents for their use in boron neutron 
capture therapy. Substituted carborane cages were attached to the walls of SWCNTs via 
nitrene cycloaddition followed by subsequent treatment with sodium hydroxide, obtain-
ing water-soluble carborane-appended SWCNTs. Boron tissue distribution studies indi-
cated that there exists enhanced boron uptake and retention of the carborane nanotubes in 
tumor tissue compared with blood, lung, liver, or spleen. Although the mechanism of the 
accumulation of carborane nanotubes in tumor is not yet clear, these results are promising 
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for the future use of CNTs as boron delivery vehicles in boron neutron capture therapy 
treatment of cancer.

Moreover, Liu et al. [79] had shown that the delivery of siRNA molecules is capable 
of suppressing the expression of the cell surface receptors CD4 and coreceptors CXCR4 
in human T cells and peripheral blood mononuclear cells by CNTs. Because both cell-
surface receptors are necessary for HIV binding and infection of T cells, the authors have 
suggested that siRNA-CNTs conjugates can potentially be used for the treatment of HIV. 
Furthermore, they observed that conjugates of CNTs covalently linked by disulfide bonds 
to siRNA had greatly improved the silencing in T cells compared with Lipofectamine 2000 
and other liposome-based formulations. Furthermore, Zhang et al. [90] developed CNTs as 
siRNA delivery systems further, as they used ammonium-functionalized CNTs to medi-
ate the delivery of TERTsiRNA into tumor cells (human and murine) and silence the TERT 
gene, which is vital for the development and growth of tumors. They observed that treat-
ment of different tumor cells with the TERTsiRNA-CNTs complexes led to the suppres-
sion of the cell growth. These in vitro studies were extended to in vivo studies in the 
same report. The activity of TERTsiRNA-CNTs was verified after intratumoral injections 
in mice-bearing Lewis lung carcinoma tumors or HeLa cell xenografts. Tumor growth was 
inhibited after treatment with TERTsiRNA-CNTs complexes, and average tumor weight 
was significantly reduced when compared with that of tumors from untreated animals. In 
conclusion, CNTs can offer a promising new technology for the development of advanced 
cancer treatment applications. However, more experimental work in this direction is vital 
to further explore and to carefully define the opportunities and limitations of CNTs as 
delivery systems for nucleic acids using in vivo models.

Biomedical Utility of Diamond

Diamond or DLC exhibits several important properties such as superior mechanical, tri-
bological properties with corrosion resistance, biocompatibility, and hemocompatibility. 
The biocompatibility of DLC was investigated in the beginning of the 1990s by cell culture 
methods followed by observing the corresponding biotolerance after implantation in labo-
ratory animals [91–93]. After this, DLC were then used for studies in human fibroblast and 
human osteoblast-like cells for several days [94, 95]. In addition, DLC coatings also showed 
promising results as a hemocompatible material [96–98]. Furthermore, several studies have 
been performed to test the possibility of using DLC as a biocompatible material [99–101]. 
These investigations indicated that DLC has the potential to serve as an alternative to the 
existing materials for biomedical applications. The medical implants for orthopedic and 
cardiovascular applications are subject to drastic external forces during the implants life-
time in the body environment, which may sometimes leads to delamination and spalla-
tion of the coatings. To overcome this problem, several attempts were made to incorporate 
certain elements into the surfaces of biomaterials or use an interlayer that improves its 
adhesive properties, corrosive resistance, and biocompatibility. To attain superior biocom-
patible properties adapted for a specific biological function, DLC films have been success-
fully doped and alloyed with elements such as Si, P, Ti, N, F, Cu [102–106] and compounds 
such as CaO [35]. As a result, DLC has emerged as a promising material for numerous 
biomedical applications. DLC films with various atomic bond structures and compositions 
are routinely utilized in orthopedic, cardiovascular, and dental applications. Cells grew 
on DLC coating without any inflammation or cytotoxicity. DLC coatings in orthopedic 
applications minimize wear, corrosion, and debris formation. Furthermore, DLC coating 
minimizes thrombogenicity by decreasing the platelet adhesion and activation [107]. 
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Diamond for Orthopedic Applications

Whenever the surface of two materials slide against each other and are in relative motion, 
the material having lower hardness will be worn out. If they are implanted inside the 
organ, under such conditions, the worn-out material or debris will come in contact with 
human body fluids and cause tissue inflammation, osteolysis, and finally loosening of the 
implants. As a result, the coating materials used in prosthetic joints should be hard and 
inert to prevent the wear out and corrosion. Furthermore, the coating material should also 
have good adhesion on the substrate (more specifically on the human body fluid). There 
have been several attempts made to understand the wear and corrosion of biomaterials 
in artificial joint fluids such as bovine serum, saline water, or phospholipids [108, 109]. 
DLC coatings have been explored over the past 10 years to overcome this issue, with some 
highly encouraging results. The goal is to demonstrate that DLC has lower wear than what 
occurs against metals and ceramics such as alumina or zirconia and have attracted interest 
regarding its use as a biomaterial in orthopedic applications because of its inertness, cor-
rosion and wear resistance, high hardness, low frictional coefficient, and biocompatibility. 
Results over the past 5 years have indicated that DLC holds excellent potential to be used 
as a biomaterial in total joint replacements. However, the findings, although all good, have 
been variable, and it is interesting to arrive at an explanation for this in terms of coating 
roughness and test procedure. Saikko et al. [109] compared femoral heads of CoCr, alu-
mina, and CoCr coated with DLC prepared by a remote plasma discharge in acetylene. 
Tests were done in bovine serum, with no additives, in an anatomical hip wear simula-
tor operating at 1 Hz. The wear of ultra-high-molecular-weight polyethylene (UHMWPE) 
over 3 million cycles was found to be similar for each type of head. Next, Sheeja et al. 
[110] tested Co–Cr alloy disks coated with DLC and compared them with uncoated Co–Cr 
against UHMWPE pins in a simulated body fluid. The wear rates were identical, but it was 
found that the corrosion rate for the coated alloy was reduced by a factor of about 10,000. 
In another work, Sheeja et al. [111] explored the benefits of treating both the Co–Cr alloy 
and the UHMWPE with DLC and found a significant decrease in the wear rates of both 
sliding surfaces. From these observations, it is evident that when the polymer is coated 
alone, its wear rate is reduced, but there was found to be severe wear of the Co–Cr. Xu and 
Pruitt [112] examined DLC coatings on Ti–6Al–4V alloy against UHMWPE in pin-on-disk 
tests in water. Onate et al. [113] used a knee wear simulation machine to compare Co–Cr, 
alumina, and Co–Cr coated with DLC from acetylene. In this case, there was a substantial 
improvement over the uncoated alloy, by a factor of 4% and 40% less wear than against alu-
mina. A hip joint simulator was used by Gutensohn et al. [114] to compare DLC coatings on 
stainless steel, Ti–6A–4V and Co–Cr–Mo alloy, by the filtered cathodic arc method, with a 
chromium bond coat. With ultrasmooth coatings with a roughness of 7 nm, the wear rate of 
UHMWPE was reduced by factors of 30 to 600 times compared with the uncoated metal. 

Diamond for Cardiovascular Applications

Conventionally, heart valves are made from LTI carbon, and despite its utmost care during 
the manufacture, always there exists a very small but finite risk of failure due to fracture 
initiated at an undetected surface or subsurface flaw. Therefore, there has been considerable 
interest in replacing this brittle material with an alternate metal coated with hard carbon, 
which is nonthrombogenic. Work by Butter et al. [94] suggested the use of NiCr18 stainless 
steel coated by a non–line-of-sight method with carbon as a replacement. It has been reported 
that a silicon-containing DLC may be a better coating for cardiovascular purposes, but 



122	 Biological	and	Biomedical	Coatings	Handbook:	Applications

© 2011 by Taylor & Francis Group, LLC

Butter et al. [94] comment that in tests, it showed no difference from the controls. However, 
the works published indicated that DLC is a promising biomaterial for heart valve applica-
tions, and it is known that much research work is under progress on this topic. Furthermore, 
DLC-coated stents can be permanently inserted into an artery that will assist to open the 
artery through which the blood can flow through it. Cardiovascular implantation of stents 
is becoming famous and rapidly used worldwide, although it has several shortcomings such 
as restenosis and occlusion. Moreover, arterial stents can induce platelet activation and may 
initiate thrombosis by shear forces on the flow and by platelet adhesion to the metal. Alanazi 
et al. [115] evaluated in vitro the performance of stents coated with DLC. Growth arrays 
using smooth muscle cells and endothelial cells evidenced that DLC did not affect prolifera-
tion rates and no cytotoxic effects were observed. Flow cytometric analyses showed no sig-
nificant changes in mean channel fluorescence intensity for the structural antigens CD41a 
and CD42b. On the other hand, contrast expression of the activation-dependent antigens 
CD62p and CD63 increased significantly in uncoated compared with DLC-coated stents. 
Release of metal ions into the bloodstream is a matter of concern, and Alanazi et al. [115] 
used atomic adsorption spectrometry to detect a significant release of nickel and chromium 
ions into human plasma over 4 days from uncoated stents. Similar results were obtained 
by inductively coupled plasma mass spectrometry analysis, and in this case, the release of 
metal ions from DLC coated stents was “virtually undetectable.” From these observations, 
the authors concluded that the coating of intracoronary stents with DLC may contribute to 
a reduction in thrombogenicity and consecutively in the incidence of acute occlusion and 
restenosis in vivo. Furthermore, in vitro tests were performed by coating the catheters with 
a mixture of Ag and DLC, and the results confirmed the efficacy of this coating for local 
freedom from bacterial infection. DLC coatings on segmented polyurethane were tested for 
blood compatibility by McLaughlin et al. [116], and it was shown that they could be superior 
to an excellent nonthrombogenic polymer, 2-hydroxyethyl methacrylate, during the experi-
ments performed in a parallel flow chamber. Finally, the authors concluded that greater 
attention should be paid to DLC for use in the medical field.

DLC-Coated Guide Wires

Guide wires are often used to introduce stents, catheters and other medical devices inside 
the human body. In practice, a good guide wire should possess high flexibility, low coef-
ficient of friction, inertness, and biocompatibility. In the past decade, it is customary to use 
stainless steel as a guide wire material. Stainless steel is often coated with polytetrafluo-
roethylene or silicon to improve the lubricity or to lower the friction. Nevertheless, these 
coatings have serious shortcomings such as poor adhesion and less stability with stainless 
steel causing the release of coated materials. In principle, the guide wires should not have 
any implant trauma or harm the wall of the vessels during its insertion alongside the 
path of the vessels. Furthermore, studies were also performed to coat guide wires with 
DLC, and their stability, lubrication, and hemocompatibility were evaluated [117, 118]. The 
results are supportive of the fact that DLC containing suitable elements is capable of being 
used as guide wires. However, care must be taken to negate its delamination and spalla-
tion during winding of the guide wires. 

Other Biomedical Applications of Diamond

To minimize the problem of biofilm formation, Elinson et al. [119] applied a thin layer 
of DLC over soft contact lenses. Furthermore, from their experiments, they confirmed 
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that microbial contamination of the contact lenses can be resolved by storing the contact 
lenses inside the DLC-coated cases. Work by Butter and Lettington [120] indicated that 
microneedles coated with DLC causes the least possible distortion during an ophthalmic 
surgery. Next, hydrogenated DLC coatings have been investigated for implants in oral 
cavity [121, 122]. It was observed that the CVD-deposited C–H layers over DLC showed 
significant biointegration and resistance to saliva and other oral cavity elements [122]. 

Biomedical Applications of Fullerenes

Functionalized fullerenes have been extensively used in major areas of biomedicine such 
as drug delivery, reactive oxygen species quenching (ROS), and as magnetic resonance 
imaging (MRI) contrast agent, and they are all discussed in detail below.

Functionalized Fullerenes as Drug Delivery Agents

Paclitaxel-embedded buckysomes (PEBs) are spherical nanostructures in the order of 
~200  nm and composed of the amphiphilic fullerene embedding the anticancer drug 
paclitaxel inside its hydrophobic pockets [123]. Similar to Abraxane®, the US Food and 
Drug Administration–approved drug for treating diseases such as metastatic breast 
cancer, the water-soluble fullerene derivatives enable the uptake of paclitaxel negat-
ing nonaqueous solvents, which can cause patient discomfort and other unwanted side 
effects. However, work by Partha et al. [124] indicated that PEBs are capable of deliver-
ing even higher amounts of paclitaxel than those delivered via Abraxane. By delivering 
an increased amount of paclitaxel, it is expected that infusion times were shortened and 
results in higher tumor uptake leading to greater anticancer efficacy. Another advantage 
of fullerene-based delivery vectors is that their nanoscale dimensions favor passive target-
ing and enables them to accumulate at tumor sites by entering through leaky vasculature 
present in the endothelial cells of the tumor tissue. Moreover, the fullerene moiety can be 
easily functionalized to attach targeting agents that facilitate active targeting. PEBs also 
provide an easy route to attach targeting groups to their fullerene moieties. In PEBs, both 
liposomal and nanoparticle technologies are combined together to create nanostructures 
that serve as novel drug carriers. This is an innovative approach because it will improve 
circulation times in the blood, shields the anticancer drug against enzymatic degradation, 
and reduces uptake by the reticuloendothelial system. Furthermore, the size of the PEBs is 
designed to be less than 200 nm to avoid reticuloendothelial system uptake. The presence 
of dendritic groups outside the PEBs can also provide stealth function to reduce the clear-
ance. Fullerenes are capable of producing an ideal lipophilic slow release system and pro-
vide three-dimensional scaffolding for covalent attachment of multiple drugs, which will 
be used to create single dose “drug cocktails.” Zakharian et al. [125] designed a fullerene 
paclitaxel conjugate to slowly release the drug for aerosol liposome delivery of paclitaxel 
for lung cancer therapy [125]. The aggregate size range for this conjugate was in the order 
of 120 nm and the size did not vary with concentration. This conjugate was designed to 
release paclitaxel via enzymatic hydrolysis with a half-life of release of 80 min in bovine 
plasma. A dilauroylphosphatidylcholine-based liposome formulation of the conjugate 
was reported to have a half maximal inhibitory concentration value virtually identical 
to the half-maximal inhibitory concentration (IC50) for a paclitaxel–dilauroylphosphati-
dylcholine formulation in human epithelial lung carcinoma A549 cells. They concluded 
that together with clinically relevant kinetics of hydrolysis and significant cytotoxicity in 
tissue culture, the fullerene–paclitaxel conjugate had potential for enhanced therapeutic 
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efficacy of paclitaxel in vivo. Apart from delivering drug molecules, functionalized fuller-
enes have also been studied as transfection vectors to deliver exogenous DNA into cells 
and tested for their ability to mediate gene transfer [126–129], and it has possible ben-
efits in gene therapy. Although the first-generation fullerene transfection vectors showed 
promise, they also exhibited high cytotoxicity. Sitharaman et al. [130] successfully dem-
onstrated that a new class of water-soluble C60 derivatives prepared using Hirsch–Bingel 
method can uptake DNA and transport them across the cell and elicit gene expression. 
However, their study reported only two positively charged C60 derivatives, an octa-amino 
derivatized C60 and a dodeca-amino derivatized C60 vector, that exhibited efficient in vitro 
transfection. Aggregation behavior was expected to cause increased cytotoxicity of certain 
functionalized fullerenes. Therefore, it was suggested that future studies should address 
this discrepancy of aggregation in the presence of DNA before designing the derivative. 
Furthermore, they have suggested the possibility to develop analogous gadofullerene vec-
tors for a combinatorial approach of diagnosis and therapy.

Suppression of Reactive Oxygen Species by Functionalized Fullerenes

Fullerenes are very famous as antioxidant following Krusic et al. [131] work evidencing 
the ability of fullerenes to scavenge ROS. Furthermore, care must be taken to retain the 
scavenging properties while functionalizing the fullerenes. Dugan and coworkers [132] 
published an article on carboxyfullerenes as neuroprotective agents and suggested that 
C60 derivatives might constitute antioxidant compounds useful in biological systems. 
Carboxyfullerene were found to be efficient against excitotoxic necrosis and provided 
protection against the two forms of neuronal apoptosis. This led to the idea that oxida-
tive stress is a critical downstream mediator in disparate necrotic and apoptotic neuronal 
deaths. In addition, the study showed that amphiphilicity is a desirable feature in the 
functionalization to increase the intercalation into brain membranes, and neuroprotec-
tive efficacy. The article further demonstrated that C60 derivatives can function as neu-
roprotective drugs in vivo. In another study, Monti et al. [133] presented in vitro data 
demonstrating that carboxyfullerenes possesses an antioxidative property and is capable 
of suppressing iron induced lipid peroxidation. Furthermore, the in vivo study showed 
neuroprotection by carboxyfullerene against iron-induced degeneration of the nigrostri-
atal dopaminergic system. Also, they reported that the intranigral infusion of carboxy-
fullerene was found to be nontoxic to the nigrostriatal dopaminergic system of rats. After 
this, various research studies also confirmed the protective activity of carboxyfullerenes 
against oxidative stress and their ability as a free radical scavenger. Santos et al. [134] 
demonstrated that carboxyfullerene was capable of protecting quiescent human periph-
eral blood mononuclear cells from apoptosis by a mechanism that partially involves the 
mitochondrial membrane potential integrity, which is known to be associated with early 
stages of apoptosis. Furthermore, in their work, the authors concluded that these results 
were the first indication of target activity of buckminsterfullerenes on cells of the immune 
system and their mitochondria. Daroczi et al. [135] demonstrated that the antioxidant 
properties of the dendrofullerene (DF-1) would help to alleviate the toxicity from radia-
tion exposure. Furthermore, they compared the effect of DF-1 with the US Food and Drug 
Administration–approved drug amifostine in vivo in a zebrafish (Danio rerio) model. The 
article reported that radiation exposure of zebrafish embryos produced extensive edema 
in the developing fish, and this effect was reversed by DF-1 treatment. To obtain a more 
detailed view of DF-1–mediated radioprotection, they have further evaluated the effects 
of this drug on organ-specific, radiation-induced damage. They assessed the effects of 
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DF-1 on a commonly observed phenotype that was apparent within 1 to 2 days after ion-
izing radiation exposure (~40 Gy) of zebrafish. This phenotype is described as “curly-up” 
or cup and was ascribed to defects in midline development of zebrafish embryos. Finally, 
the study concluded that throughout the dose range tested, DF-1 markedly reduced the 
incidence of cup. Depending on the ionizing radiation dose, it either reduced the severity 
or abolished the dorsal curvature altogether. It was significant to note that DF-1 did not 
cause any adverse effects on normal zebrafish morphology or viability in the concentra-
tion range tested (1–1000 μmol/L). DF-1 (100 μmol/L) was reported to markedly attenuate 
overall and organ-specific radiation-induced toxicity when given within 3 h before or up 
to 15 min after radiation exposure. However, DF-1 is not capable of protecting within 
30 min after ionizing radiation. The degree of DF-1 radioprotection was comparable with 
amifostine (4 mmol/L). Moreover, the study evidenced that protection against radiation-
associated toxicity using DF-1 in zebrafish embryos was associated with marked reduc-
tion of radiation-induced ROS. Finally, the authors concluded that DF-1 offered excellent 
antioxidant properties against radiation-induced damage. This study has implications in 
developing drugs for the military during radiation attacks. Yin et al. [136] reported that 
three different types of water-soluble fullerenes materials may intercept all the major 
physiologically relevant ROS. They used a carboxyfullerene derivative [C60(C(COOH)2)2] 
and a fullerenol derivative [C60(OH)22] and C82-derived gadofullerene. The study demon-
strated that these functionalized fullerenes can protect cells against hydrogen peroxide–
induced oxidative damage, stabilize the mitochondrial membrane potential, and reduce 
intracellular ROS production. Furthermore, in vitro studies using human lung adenocar-
cinoma cell line A549 and rat brain capillary endothelial cell line indicated that these 
functionalized fullerenes reduces hydrogen peroxide–induced cytotoxicity, free radical 
formation, and mitochondrial damage. This result indicates that the gadofullerene deriva-
tive protected against oxidative injury to cellular mitochondria better than the other two 
fullerene derivatives [136]. Their study represented the first report that different types of 
fullerene derivatives can scavenge all physiologically relevant ROS. The article concluded 
that the role of oxidative stress and damage in the etiology and progression of many dis-
eases suggests that these fullerene derivatives may be valuable in vivo cytoprotective and 
therapeutic agents.

Functionalized Fullerenes as MRI Contrast Agents

Fullerenes that are capable of encapsulating metal atom inside the fullerene cage are called 
endohedral metallofullerenes, and they represent another class of functionalized fullerenes. 
Similar to a liposome, protecting its encapsulated drug, the fullerene cage in a metallo-
fullerene protects the metal inside both against chemical or enzymatic activity within the 
body and the unwarranted release of the metal. The ability to design water-soluble deriva-
tives of endohedral metallofullerenes has played a key role in utilizing these compounds 
for medicinal applications. In this context, gadolinium-encapsulated fullerenes have been 
proposed as contrast agents to enhance MRI quality [137–142]. Another important rea-
son to use gadofullerenes as a contrast agent for MRI is to ensure that the metal atom is 
held within the cage for applications that might require longer residency times. Toth et 
al. [139] reported the nuclear magnetic relaxation profiles for two water-soluble function-
alized fullerenes: Gd@C60(OH)x and Gd@C60[C(COOH)2]10 [139]. From their experimental 
results, they have concluded that the strong pH dependency of the proton relaxivities 
made these functionalized fullerenes great candidates for MRI contrast agents with a 
stimulus based on pH. After this, in another study, Sitharaman et al. [140] showed that the 
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anionic gadofullerene {Gd@C60[C(COOH)2]10} was an attractive candidate for ex vivo label-
ing and noninvasive in vivo tracking of any mammalian cell via MRI [140]. Furthermore, 
the experiments on cellular internalization experiments indicated that complete labeling 
of the anionic gadofullerene was achieved for marrow stromal cells within 2–8 h of incu-
bation with further increase in uptake beyond the 8-h time point. In addition, the superna-
tant obtained from the pulse-chase experiments showed no detectable Gd content, whereas 
the cells showed similar Gd concentrations at all time points. Based on these findings, 
they indicated the gadofullerene did not leach after labeling and the labeling process is 
irreversible under these conditions. Moreover, the results also confirmed that the cellular 
labeling with this fullerene derivative is intracellular, and the magnetic labels are inter-
calated deep within the cell membrane. Furthermore, in vitro cell viability and toxicity 
assays revealed no cell damage as a result of this labeling process. T1-weighted MRI phan-
toms from the study clearly demonstrated that the signal intensity of Gd@C60[C(COOH)2]10 
was about 300% greater than that of clinically used Gd-DTPA (Magnevist™) at 0.04 mM 
concentration of gadolinium. They have also concluded that at the same concentration of 
Gd, commercially available Gd-DTPA exhibited a little enhancement compared with plain 
distilled water. They mentioned that the high relaxivity of the gadofullerenes substan-
tially reduced the T1 of labeled cells, even at modest concentrations of gadolinium, and 
this difference in T1 between labeled and unlabeled cells might allow for their direct dis-
crimination with clinical MRI imagers at 1.5 T. According to the study, this is significant 
for detection of stem cells by MRI at resolutions that can potentially be achieved in vivo 
in animals and humans. Fatouros and colleagues [142] conducted studies on water-soluble 
Gd3N endohedral metallofullerenes functionalized with poly(ethylene glycol) and mul-
tihydroxyl groups (Gd3N@ C80[DiPEG5000(OH)x]) and demonstrated that they offer great 
potential for serving as MRI contrast agents due to their T1–T2 relaxivity characteristics—
approximately 40 times greater than conventional gadolinium-containing MRI contrast 
agents.

TABLE 3.1

List of Biomedical Applications of Functionalized Fullerenes

Name	of	the	Functionalized	
Fullerenes Application Reference

Amphiphilic fullerene 
(Buckysomes, AF-1)

Drug delivery Brettreich and Hirsch [147], Burghardt 
et al. [148], Partha et al. [123, 124]

Fullerene—paclitaxel Cancer therapy Zakharian et al. [125]
Fullerene polyamine (tetra amino 
fullerene)

Gene delivery and transfection Isobe et al. [127–129]

Hydrophilic or cationic fullerenes Photodynamic cancer therapy Goel and Howard [62], Geim and 
Novoselov [63]

Carboxy fullerene and ascorbic 
acid fullerene

Antioxidant Monti et al. [133], Santos et al. [134]

Cystine C60 and β-alanine C60 Hydrogen peroxide induced 
apoptosis protection

Hu et al. [149, 150]

Amino fullerene adducts Non viral gene delivery Sitharaman et al. [130]
Fullerene vesicle Oxidative stress reduction Maeda et al. [137]
Fullerenol Free radical scavenger Tsai et al. [151], Lai et al. [152]
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Other Important Applications of Functionalized Fullerenes

Fullerenes, when functionalized using peptides and amino acids, were found to substan-
tially activate enzymes involved in the oxidative deamination of biogenic amines [143]. 
The presence of the fullerene-substituted amino acid in a peptide was found to have a 
significant effect on the secondary structures and self-assembly properties of peptides as 
compared with the native peptide [144]. Work by Gonzalez and coworkers [145] reported 
that a fullerene-based material can be successfully targeted to a selected tissue. In addi-
tion, they designed a tissue vectored bis-phosphonate fullerene to target bone tissue and 
evaluated in vitro. The whole idea was that an amide bis-phosphonate addend, in conjunc-
tion with multiple hydroxyl groups, conferred a strong affinity towards the calcium phos-
phate mineral hydroxyapatite of bone. Furthermore, functionalized fullerenes are capable 
of effectively photoinactivating either or both pathogenic microbial cells and malignant 
cancer cells. Mroz and coworkers [146] described that this mechanism involves superoxide 
anion as well as singlet oxygen, and under the right conditions, fullerenes have possible 
benefits over clinically applied photosensitizers for mediating photodynamic therapy of 
certain diseases. Furthermore, Table 3.1 provides a list of references that have investigated 
functionalized fullerenes for various other potential biomedical applications.
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4
Impedance	Spectroscopy	on	Carbon-Based	
Materials	for	Biological	Application

Haitao	Ye	and	Shi	Su

Introduction

Impedance spectroscopy is a powerful technique to characterize the electrical properties of 
materials and their interfaces with electrically conducting electrodes. The technique may be 
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used to investigate the dynamics of bound or mobile charges in bulk or interface regions of 
any kind of ionic solids, or liquid materials, semiconductors, mixed ionic–electronic materials, 
and insulators (dielectrics). The technique measures the impedance as a function of frequency 
automatically in the range of 0.1 Hz to 10 MHz and is easily interfaced to the computer.

The complex impedance measurements are capable of separating the various contribu-
tions such as bulk, grain boundary, and electrode, to total conductivity. Hence, this tech-
nique is able to extract the data that allow these phenomena to be isolated. Spectroscopic 
impedance studies on diamond films form the basis of this chapter; as such, the current 
status, models, and fundamental applications and interpretations related to this technique 
are crucial to the chapter. This chapter provides detailed background information based 
on both theoretical and empirical knowledge in this area.

Starting with general concepts of electrochemical impedance, the principle of this technique 
is presented. The utilization of this technique to characterize the grains and grain boundaries 
contribution are discussed in details. The equivalent electrical circuits are presented to com-
pare with real materials systems. Next, formulae for the capacitance of one-layer and two-layer 
dielectrics models, with either in-plane or cross-section electrode configuration, are presented 
as references for the following chapters. Finally, from the microscopic point of view, different 
mechanisms on dielectric relaxation and polarization are summarized.

Case studies on impedance spectroscopy of diamond films have been presented includ-
ing single-crystalline, polycrystalline, and nanocrystalline. The potential applications for 
both diamond-based materials and non–diamond-based materials have been reviewed.

Impedance	Theory

Impedance Principle

Electrochemical impedance is the frequency-dependent complex-valued proportionality 
factor that is a ratio between the applied potential and current signal. For the sake of sim-
plicity, the impedance plots for the resistor–capacitor (R–C) in parallel with a series resistor 
network (see Figure 4.1) will be considered in some detail. The reason for choosing this 
circuit is because many of the electrochemical systems encountered in practice are actually 
modeled using this network [1].

The terms “resistance” and “impedance” both imply an obstruction to current or electron 
flow. When dealing with a direct current (DC), only resistors provide this effect. However, 
for the case of an alternating current (AC), circuit elements such as capacitors and induc-
tors can also influence the electron flow. These elements can affect not only the magnitude 
of an AC wave form but also its time-dependent characteristics or phase. In DC theory, 
where the frequency equals 0 Hz, a resistance is defined by the Ohm’s law:

 E = IR (4.1)

where E is the applied potential, I is the resulting current, and R denotes resistance.
For an AC current, where the frequency exceeds zero, this is represented by 

 E = IZ  
 Ohm’s law with frequency > 0 (4.2)
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where E is the applied potential, I is the resulting current, and Z is impedance, the AC 
equivalent of resistance.

 High frequency: Z→ → 0, Z→ → R1 

 Low frequency: Z→ → 0, Z→ → R1 + R2 

The mathematical contribution of the plot (Figure 4.1b) is based on a vector diagram, 
corresponding to a sine wave E and a sine wave I. This is because sine wave analysis is the 
most appropriate for electrochemical impedance studies to date. The current sine wave 
can be described by the following equation: 

 I = A sin (ωt + →) (4.3)

	 ω = 2πf (4.4)

where A is the maximum amplitude, ω is the frequency in radians/s, f is the frequency in 
Hz, and → is the phase shift in radians.

The impedance Z(ω) is a complex number that can be represented either in polar coordi-
nates or in Cartesian coordinates:

 Z(ω) = →Z→ej→ (4.5)

 Z(ω) = ReZ + j ImZ  (4.6)

R2

R1

C

(a)

−ImZ
ω0

ω

ω = ∞
ImZ

|Z|

φ
ReZ

R1 ReZR1 + R2

ω = 0

(b)

FIGURE 4.1
Equivalent circuit and AC impedance plots of an electrochemical cell with one time constant: equivalent circuit 
(a) and Cole–Cole plot in the complex plane (b), ω0 = 1/(R2C).



138	 Biological	and	Biomedical	Coatings	Handbook:	Applications

where ReZ and ImZ are the real part and the imaginary part of the impedance, respec-
tively. The relationships between these quantities are:

	 →Z→2 = (Re Z)2 + (Im Z)2 (4.7)

 
φ = Arc tan

Im
Re

Z
Z  

(4.8)

 Re Z = →Z→cos → (4.9)

 Im Z = →Z→sin → (4.10)

In Figure 4.1a, the equivalent circuit of an electrochemical interface is depicted; its 
impedance is:
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where E is the voltage, I is the current, R1 and R2 are the resistance values of the equivalent 
circuit, and C is the capacitance value of the equivalent circuit.

Furthermore,
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When ω tends to zero, →Z(ω)→ equals to R1 + R2. When ω tends to infinite, →Z(ω)→ equals 
to R1.

Note that the difference between the two limits is R2. Therefore, the high-frequency 
intercept determines R1 (the series resistance), whereas the low-frequency intercept yields 
the sum of R1 + R2. In simple terms, this means that at high frequencies, the capacitor 
conducts the current easily. Consequently, the impedance is solely due to the resistance 
R1, whereas at low frequencies, the current flow via the capacitor is impeded. The current 
therefore flows through R1 and R2, and the impedance is given by the sum of the two resis-
tors. At intermediate frequencies, the impedance takes a value somewhere between R1 and 
R1 + R2 and thus has both real and imaginary components. This gives rise to the Cole–Cole 
plot semicircular shape, which corresponds to the equation as follows:
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(4.13)

It has been shown that Equation 4.13 is analogous to the equation of a circle, with a radius 

of R2

2
 and a center at (R

R
1

2

2
+ , 0). In all the materials studied, ω, R1, and R2 are greater than 

zero, thus resulting in a semicircle on the axis when plotted as function of frequency. Z(ω) 
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is plotted in Figure 4.1b in terms of a Cole–Cole plot in the complex plane with the negative 
imaginary parts above the real axis, as is usually used in electrochemistry.

At the peak of the semicircle, the following condition is obtained:

	 ωmaxR2C = 1 (4.14)

and hence

 
C

f R
=

1
2 2π max  

(4.15)

where Equation 4.4 has been used. Knowing the value of R2 and the frequency fmax, the 
value of the capacitance can be determined. It is possible to obtain all three parameters (R1, 
R2, and C) from the Cole–Cole plot as shown in Figure 4.1b, provided a sufficient frequency 
range is investigated.

The application of impedance spectroscopy to the characterization of polycrystalline 
materials started after Bauerle [2] showed that for zirconia with platinum electrodes, the 
individual polarizations of grain interiors, grain boundaries, and electrodes could be 
resolved in the admittance plane. He presented an equivalent circuit for his results, which 
have now proven to be typical of most solid electrolytes. In such a circuit, the individual 
elements correspond to grain interiors, grain boundaries, and electrodes connected in 
series. However, estimation of the circuit parameters was made complicated by Bauerle’s 
choice of the admittance plane. Many subsequent researchers have therefore preferred 
to work in the impedance plane, that is, Cole–Cole plot, where a more direct relationship 
exists between the spectrum and the circuit [3,4]. The level of agreement between experi-
ment and simulation is quite satisfactory for the grain interior and grain boundary arcs 
both in terms of shape and distribution of frequencies on the arcs, therefore supporting the 
view that equivalent circuits are a meaningful way of representing the data.

Measurement of the electrical conductivity for polycrystalline materials using imped-
ance spectroscopy provides information related to the electrical behavior of the grain inte-
riors, the grain boundary regions, and electrode. This is illustrated in Figure 4.2a, which 
contains the equivalent circuit for the electrical response of a polycrystalline material. The 
simple R–C parallel circuit in which three components are connected in series is often 
used to study the AC impedance behavior of materials. This circuit has a direct relation-
ship to the complex impedance plot (Figure 4.2b) in which Z→, the imaginary part of the 
complex impedance, is plotted against Z→, the real part, for a wide range of frequencies 
(typically 10–1–107 Hz). The frequency increases as shown by the arrow in Figure 4.2b. The 
highest frequency is located at the origin. The resistances Rgi, Rgb, and Re corresponding 
to the grain interior, grain boundary, and electrode, respectively, can be obtained from 
the intersections on the real axis of the corresponding semicircular arc. Comparing with 
the other two, Re can normally be ignored except for the case of imperfect ohmic contacts 
which cause interfacial contact resistance. The capacitances Cgi, Cgb, and Ce corresponding 
to the grain interior, grain boundary, and electrode, respectively, can be obtained from 
Equation 4.15 [5].

The relationship between microstructural models and circuits shows its real merit when 
used to correlate the equivalent circuit parameters of a material with changes in the exter-
nal conditions or the microstructure of the material. For example, in ceramics, where it is 
possible to resolve the resistances due to the grain interiors and the grain boundaries, it 
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has facilitated the study of several important processes: sintering, grain growth, and solid-
state precipitation. In diamond, it can facilitate the investigation of nucleation, growth, 
doping process, grain boundary deterioration, and nanocrystallization.

Conductivity Models

The impedance plots of polycrystalline materials can be related to their microstructure by 
means of physical models of the grain interior, grain boundary, and the electrode behavior. 
Three physical models used to describe the electronic materials are reviewed in details 
with their respective circuit equivalents [7].

The early model used to describe the properties of two-phase mixture is the series layer 
model. The model describes that the two phases are assumed to be stacked in layers paral-
lel to the measuring electrodes, with total thickness of each phase made proportional to 
volume fractions X1 and X2. This model shows a linear mixing rule for the complex resis-
tivity (ρ). The complex resistivity is the sum of the individual phase resistivity (ρ1 and ρ2):

	 ρ = X1ρ1 + X2ρ2  (4.16)

In the parallel circuit model, the two phases are assumed to be stacked across the elec-
trodes. For this model, the complex conductivity (σ) rather than resistivity follows a linear 
mixing rule:

	 σ = X1σ1 + X2σ2 (4.17)

The widely used physical model is a more realistic one, which treats the microstructure 
as an array of cubic shaped grains with flat grain boundaries of finite thickness as shown 
in Figure 4.3 [8].

The volume fraction of grain boundaries is 3δ/d (δ is grain boundary thickness and d is 
grain size) [7]. The current flow is assumed to be one-dimensional, and the current path 

(a)

Rgi Rgb Re

Rgi Rgb Re

Cgi Cgb Ce

fe

fgb

fgi

(b)

Z’

Frequency

FIGURE 4.2
(a) An equivalent circuit representing a polycrystalline material. (b) An idealized complex impedance plot for 
a polycrystalline material showing contributions from the grain interiors (gi), grain boundaries (gb), and elec-
trode interface (e). Note that Ce >> Cgb >> Cgi. (From Ye, H.T., PhD thesis, University College London, 2004. With 
permission.)
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at the corners of the grains is neglected. In this case, the two paths available to the current 
are either through the grains and across the grain boundary, or along grain boundaries, as 
depicted in Figure 4.3. Depending on the relative magnitudes of grain and grain boundary 
conductivity, one of the two paths may dominate. This model has been applied to many 
material systems, and according to this model, the bulk resistivity and the grain boundary 
resistivity may have different response [8].

In the brick layer model, the grain interior response will be displaced from the grain 
boundary response depending on the relaxation rate of charged species within each 
region. It is normal to compare the relaxation rates of different processes in terms of rate 
constant or relaxation time (τ); this can be defined as:

	 τ = RC (4.18)

In terms of grain interior rate constant, τgi can be expressed as follows:

 
R

L
Agi

gi

=
σ

 
(4.19)
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FIGURE 4.3
Brick layer model of idealized polycrystalline structure in which grains of dimensions d3 are separated by grain 
boundaries of width δ. (From Maier, J., Prog. Solid State Chem., 23, 171, 1995. With permission.)
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R–C in parallel. (From Ye, H.T., PhD thesis, University College London, 2004. With permission.)
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and therefore
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where L is the sample length, A is the cross-sectional area, ε0 is the permittivity of free 
space (8.854 × 10–12 F/m), and σgi and εgi are the electrical conductivity and relative dielec-
tric constant of the grain interior, respectively.

The grain boundary relaxation time constant τgb can be expressed as follows [9]:
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and therefore
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where d is the grain size, δ is the grain boundary width, and σsgb and εgb are the specific electri-
cal conductivity and relative dielectric constant of the grain boundary, respectively. The resis-
tance of the grain boundary is normally associated with the presence of a second phase or a 
constriction resistance, which can also result in a space charge region at the grain boundary. 
The capacitance of this region is thus associated with the polarization at the interface.

By applying the brick layer model and classic identification criteria comprehensively 
discussed in the literature [1,10–14], bulk (at high frequencies) and grain boundary 
(at low frequencies) contributions to the total materials’ impedance were in each case 
distinguished.

This can be explained by the different relaxation rate of charged species within each 
region or the different R–C relaxation time of the elements. The defects, non-diamond 
phases, and impurities are believed to be accumulated preferentially within the grain 
boundaries than grain lattices [15]. The grain boundaries may induce dipole movements, 
which respond to an applied field with a delay [16]. Thus, the grain boundary contribu-
tions with a long relaxation time usually happen in the low frequencies and the grain bulk 
contributions with a short relaxation time in the high frequencies. In most cases, the suf-
ficient difference in the capacitance of the R–C equivalent circuit rather than the resistance 
results in the two semicircles separated on the complex Cole–Cole plane [17].

The capacitance values of the grain boundary and grain interior are reported in the order 
of 10–9 and 10–12 F, respectively, for many polycrystalline material systems, for example, zir-
conia [7], bismuth titanate [18], ferroelectrics [19], and polycrystalline diamond [20].
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One may ask why different materials show the similar capacitance values (10–9 F for 
grain boundaries and 10–12 F for the grain interiors) when analyzed in the Cole–Cole plot. 
The reason for this may be explained from the definition of the capacitance value itself as 
shown in Equations 4.20 and 4.23. The theoretical capacitance value associated with grain 
interiors has been defined in Equation 4.20. In practice, all the geometric parameters in 
this equation are not infinite to facilitate to carry out these experiments on a research labo-
ratory basis. Thus, these geometric parameters normally have their expected magnitude 
order. L is the sample length within the order of millimeters (mm). A is the cross-sectional 
area within the order of 10 mm2. ε0 is the permittivity of free space (8.854 × 10–12 F/m). εgi 
is the relative dielectric constant of the grain interior of the sample. For high-purity dia-
mond, the dielectric constant is reported to be about 5.7 [21]. Thus, formula 4.20 indicates 
that the grain interior capacitance from diamond is estimated about 0.5 pF.

The same A and L values can be applied to the grain boundary capacitance in Equation 
4.23. In addition, the grain boundary–induced dipole polarization may cause the dielectric 
constant (εgb) to be slightly higher than that of grain bulk (εgi), but probably on the same 
magnitude order as grain bulk [15]. Furthermore, the grain size of a typical polycrystalline 
material is usually on the order of micrometers (µm), where the effective grain boundary 
width is expected to be on the order of nanometers (nm) [22]. Thus, the estimated grain 
boundary capacitance for a polycrystalline diamond is about 0.5 nF.

To gain further insight into these quantitative estimations, the ratio of the grain interior 
capacitance and grain boundary capacitance may be considered as follows:
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Equation 4.25 indicates that the ratio of the grain capacitance and grain boundary capac-
itance is proportional to the ratio of the grain boundary width (δ) and grain size (d). In 
other words, the difference between the grain interior capacitance and grain boundary 
capacitance mainly originates from the geometric effect of the sample. This effect may 
be controlled by the following factors such as grain size, anisotropy, and porosity [1]. The 
typical geometric characteristic within a polycrystalline material leads to the grain bound-
ary capacitance is normally two or three orders of magnitude higher than the grain inte-
rior capacitance.

The above discussion gives an explanation on the origin of the classic procedures and 
identification criteria for the grain boundary and grain bulk contributions in an ideal con-
dition. In practice, it is difficult to calculate the theoretical capacitance of grain interior 
and grain boundaries for diamond. This is because the in-plane electrode measurement 
makes it unlikely to define the specific length and area of each sample. Cross-section elec-
trode measurements make the geometric parameters solved easily, but most of impedance 
data cannot be detected across the samples due to extremely high resistance in diamond. 
Therefore, the conduction path identification criteria used in this chapter are emphasized 
on practical and empirical interpretations of materials based on the brick layer model dis-
cussed here.

Equivalent Circuits

This section presents impedance characterization on real electronic circuits made of resis-
tors and capacitors rather than materials. Two types of circuits (R–C parallel and double 
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R–C parallel in series) have been studied. The impedance spectroscopy obtained from 
electronic circuits is analogous to that obtained from materials. Thus, impedance proper-
ties of materials can be represented by the relevant circuits, namely, equivalent circuits.

Resistor and Capacitor in Parallel

Figure 4.4 shows the impedance data for the circuit that has both a resistive and a capaci-
tive component connected in parallel. The Cole–Cole plot is presented in a complex plane, 
where the negative values of the imaginary part (–ImZ) on the y-axis are versus the real 
part (ReZ) on the x-axis. Each data point corresponds to a different frequency. When rep-
resented in the Cole–Cole plot, the impedance spectra lead to a succession of semicircles. 
The resistor represents either ionic or electric conduction mechanism, whereas the capaci-
tor represents the polarizability of the material.

The complex impedance Z* measured by impedance spectroscopy can be expressed as a 
function of the resistance R and capacitance C, as follows:

 Z* = Z→–jZ→ (4.26)
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Here, Z→ and Z→ represent the real and imaginary parts of the impedance, respectively, 
and ω is the angular frequency. When plotted for different frequencies in a complex plane, 
Equation 4.29 takes the form of a semicircle. In this case, the second intercept of the semi-
circle with the real axis is the bulk resistance (R) of the sample. This equivalent circuit can 
be used to represent the properties of both single-crystalline diamond films and polycrys-
talline diamond films with one dominating conduction path. Table 4.1 compares the AC 
impedance for basic circuit elements, such as resistor (R), capacitor (C), and inductor (L). 
These are the basis of the AC electronic circuits.

TABLE 4.1

AC Impedances for Circuit Elements, Namely, 
Resistor (R), Capacitor (C), and Inductor (L)

Circuit	Element AC	Impedance	Equation

Resistor (R) z = R + 0j    j = −1

Capacitor (C)
z

j
C

= −0
ω

   ω = 2πf

Inductor (L) z = 0 + jωL  ω = 2πf
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Double Resistor and Capacitor Parallel in Series

Figure 4.5 shows the impedance spectrum for the double resistor and capacitor parallel in 
series. The circuit has a direct relationship to the Cole–Cole plot. The highest frequency is 
located at the origin. The resistances R1 and R2 can be obtained from the diameters of the 
semicircles in this plot. Here the resistor R represents either an ionic or an electronic con-
duction mechanism, whereas the capacitor C represents the polarizability of the diamond. 
The symbols R1, R2, C1, and C2 have the same meaning as before for two-layer dielectrics.

The measured complex impedance Z* can be expressed as a function of R1, R2, C1, and 
C2 in the following way:

 Z* = Z→ − jZ→ (4.30)
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where Z→ and Z→ represent the real and imaginary portions of the impedance, respectively, 
and ω is the angular frequency. When plotted in a complex plane, Z→ versus Z→ takes the 
form of two semicircles. In such a representation, a two-layer contribution is easily identi-
fied. Note that critical to the identification of each single resistor and capacitor in parallel 
is the simulated capacitance value for each semicircle. This model is well suited to simulate 
the resistance and capacitance associated with the grain boundary and grain interior.

Formulae for Capacitance

It is known that the electrical contribution from grains, grain boundaries, and/or elec-
trodes for a certain polycrystalline material system can be extracted and separated. As 
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FIGURE 4.5
Double R–C parallel in series. (From Ye, H.T., PhD thesis, University College London, 2004. With permission.)
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such the simulated capacitance value obtained in each Cole–Cole plot plays a crucial role in 
assigning the origin of each semicircle response. Therefore, understanding and calculating 
the dielectric parameters especially the capacitance value become essential. This section 
describes the formulae for the capacitance in both one-layer and two-layer dielectrics.

One-Layer Model

When a voltage is applied to a parallel-plate capacitor in vacuum, the capacitor will store 
charge. In the presence of a dielectric, an additional phenomenon happens within the 
dielectric, which allows the capacitor to store more charge.

For an empty plate capacitor, the capacitance in the electrostatic system is given by:

 
C

d0 4
=
area
π  

(4.33)

where d is the distance between plates.

 C = 4πε0C0 (4.34)

Note that these formulae neglect the fringing of the field at the edges of the capacitor 
plates. When a capacitor is filled with a dielectric, its static capacitance is given by:

 C = 4πε0εsC0 (4.35)

Here again, fringe fields have been neglected.
The capacitance under dynamic conditions may be expressed in terms of ε*(ω).
The complex capacitance thus becomes:

 C*(ω) = 4πε0C0ε*(ω) (4.36)

Alternating current measurements give the impedance Z*(ω) of the capacitor containing 
the dielectric, which is related to the complex capacitance by
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The impedance can be represented by an equivalent circuit. For a given frequency ω, an 
impedance can be represented by a large number of possible equivalent circuits, the sim-
plest of which are the parallel and the series circuit.

Table 4.2 compares the characteristics of these circuits for a given ω. If the same dielectric 
is represented in one case by the parallel circuit and in the other case by the series circuit, 
then:

 
tanδ

ω
ω= =

1
C R

C R
p p

s s

 
(4.38)



Impedance	Spectroscopy	on	Carbon-Based	Materials	for	Biological	Application	 147

whereas the values of the equivalent series and parallel components are related by 
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In the parallel representation, it is convenient to work with the resistivity of a material, 
which is measured as the resistance between electrodes applied to opposite faces of a cube 
of unit edge. A capacitor of these dimensions has, in the electrostatic system, a capacitance 
C0 = 1/4π cm, so that Equation 4.37 gives
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or, in the parallel representation,
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where γ(ω) is the conductivity, Cp is the capacitance, and ε*(ω) is expressed in e.s.u.
Frequency dependence of permittivity (ε), conductivity (γ), resistivity (ρ), and dielectric 

loss (tan δ) in the one-layer dielectrics model is shown in Figure 4.6. From the position 

TABLE 4.2

Characteristics of R–C Circuits in Series and in Parallel at a Given Frequency, 
Respectively
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of the curves along the frequency axis, the relevant dielectric relaxation times may be 
derived.

Cross-Section Two-Layer Model

Apart from the simple R–C circuits described above, the most useful equivalent circuits are 
that of the two-layer model. Figure 4.7 shows the electrode configuration of cross-section mea-
surements of the two-layer model. The two-layer model represents two layers of dielectric of 
thicknesses d1 and d2, static dielectric constants ε1 and ε2, and direct conductivities γ1 and γ2.

Volger [23] evaluates the frequency dependent behavior of this model in terms of the 
following formulae:
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FIGURE 4.6
Examples of calculated curves give the dependence of permittivity (ε), conductivity (γ), resistivity (ρ), and 
dielectric loss (tan δ) on ln ω in the one-layer dielectrics model. (From Ye, H.T., PhD thesis, University College 
London, 2004. With permission.)
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FIGURE 4.7
Electrode configuration of cross-section measurement of two-layer dielectrics model. (From Volger, J., Prog. 
Semicond., 4, 209, 1960. With permission.)
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Equations 4.50 through 4.53 give the static and high-frequency values for the composite 
dielectric, whereas the meaning of the three relaxation times is clearly shown.
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In-Plane Two-Layer Model

Figure 4.8 illustrates the electrode configuration of in-plane measurement of the two-layer 
dielectrics model. Formulae for the in-plane capacitance of the two-layer structure are 
shown below.

The total capacitance of the multilayer capacitor is calculated as the sum of partial 
capacitances

 C = C1 + C2 + C3 (4.54)

where C1, C2, and C3 are the capacitances of air, dielectric 1, and dielectric 2, respectively 
[24,25]. More complicated formulae corresponding to n parallel circuits have been given 
by Volger [23].

 
C w

L
S1 0

2 4
= ε

π
ln

 
(4.55)

 
C

w
s h2

0 2 3

2 4 2
=

−
+
ε ε ε

π

( )
( )ln/ /  

(4.56)

 
C w

h h
s3 0 3 1

1
16

2 3
= −

+
ε ε

π π
( ) ln

 
(4.57)

Impedance	Spectroscopy	on	Diamond-Based	Materials

In this section, impedance measurements on a variety of diamond-based materials will be 
discussed, which include single-crystalline, polycrystalline, and nanocrystalline.
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FIGURE 4.8
Electrode configuration of in-plane measurement of two-layer dielectrics model.
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Boron-Doped Single-Crystalline Diamond

The most effective method of modifying electronic properties of a material is through 
intentional doping. Boron is known to promote the formation of acceptor states giving rise 
to p-type conductivity in the diamond films [26–29]. The investigation of boron impurities 
as a deep acceptor (0.37 eV ionization energy) has been extremely fruitful over the past 
30 years. Collins et al. [30] determined the activation energy of the p-type behavior in type 
IIb diamond based on the model containing both acceptors and donors levels. They mea-
sured a mean value of 0.368 eV. Lightowlers et al. [31] utilized the I–V and C–V character-
istic of a Au Schottky barrier to correlate quantitatively the active carriers in the diamond 
film to the boron concentration in the film. They concluded that the acceptors responsible 
were probably substitutional boron. Sandhu et al. [32] reported a sharp optical absorption 
at 2963 cm–1 (0.37 eV) in diamond films coimplanted by carbon and boron. Masood et al. 
[33] reported a simple method of boron doping using a solid boron source and the dopant 
activation energies in the range of 0.30–0.38 eV.

Malta et al. [34] compared the electronic transport properties in boron-doped homoepi-
taxial, polycrystalline and natural single-crystalline diamond using Hall-effect and resis-
tivity measurements. They proposed that carrier trapping at grain boundaries result 
in charge build-up that impedes the motion of carriers from one crystallite to the next, 
thereby decreasing their mobility. If grain size and acceptor concentration are both suf-
ficiently large, the grain boundaries will significantly degrade mobility but have a negligi-
ble effect on carrier concentration. The intragranular structural defects commonly exist as 
stacking faults, twins, and dislocations. They are not expected to dominate over the effect 
of grain boundaries; however, they may be still contributing to the degradation of mobility. 
Kalish et al. [35] concluded that graphitization along grain boundaries that one might have 
expected to happen due to boron implantation and following annealing does not seem to 
affect the electrical properties of the implantation-doped material. In the same year, Werner 
et al. [36] reported the charge transport in heavily B-doped polycrystalline diamond films. 
They found that the decrease in activation energy with increasing doping concentration 
can be explained in terms of impurity conduction. At sufficiently high doping concentra-
tions, the impurity band merges with the valence band and metallic conduction occurs. 
Won et al. [37] reported that the crystalline quality and phase purity are much better for 
the boron-doped diamond (BDD) than for the undoped diamond through cathodolumi-
nescence spectrum. Boron incorporation eliminates the exciton-related emission. Negative 
electron affinity has been observed in BDD using scanning filed emission spectroscopy by 
Wang et al. [38]. They described detailed spatial correlation between filed emission sites 
and diamond morphology, surface work function, and diamond quality. Sternschulte et 
al. [39] observed the bound exciton spectrum and demonstrated the presence of isolated 
boron on substitutional lattice sites which implies electrical acceptor activity.

Liu et al. [40] reported a very small electron affinity of about 0.025 eV and a work func-
tion of 5.165 eV for the BDD (100) surface from frequency dependence capacitance–voltage 
spectroscopy measurements. They measured the boron acceptor concentration of ~1017 
cm–3 in diamond using capacitance spectroscopy. They argued that there might be several 
electronic processes in a material, each with its specific time constant; the time constant 
connected to the Schottky barrier may overlap with other time constants. It may not be 
possible to obtain doping concentration just from CV measurement at a single frequency, 
and complex impedance measurement and analysis are necessary. A year after, from the 
same group Liu et al. [41] reported the activation energy of 0.36 eV for BDD using the flat-
band capacitance method. Jaeger et al. [42] calculated the internal electrostatic potential 
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distribution and resistivity of BDD using a finite element analysis. They found the domi-
nating conduction mechanism shifts from the valence-band conduction at intermediate 
temperature to the hopping conduction at low temperatures. Chen et al. [43] correlated 
the electron field emission properties of BDD with secondary ion mass spectroscopy and 
infrared absorption and concluded that the solubility limit of boron in diamond is (B+3)s = 
5 × 1021 cm−3, and the largest boron concentration that can be incorporated as substitutional 
dopants is only one-tenth of the solubility limit, (B+3)d = 5 × 1020 cm−3. The diamond lattices 
are strongly strained when heavily doped. Krutko et al. [44] produced p-type polycrys-
talline diamond layers by rapid diffusion of boron. Gevrey et al. [45] used a contactless 
method to measure the conductivity of BDD films at microwave frequencies, which has 
an advantage to avoid parasitic resistance or grain boundaries, although the skin effect 
has to be considered. Lyman spectra in the infrared, electronic Raman scattering, and 
cathodoluminescence in the UV have revealed much of the complex electronic structure of 
this shallow acceptor. Nebel et al. [46] detected the long living excited states in BDD in the 
energy regime 3.2–3.5 eV.

To date, only boron has clearly demonstrated and established itself conclusively to be 
an active electrically active dopant, and a wide range of techniques have been applied to 
BDD to investigate their electrical activation energy and defect levels. However, less work 
has been found to characterize BDD films using AC impedance spectroscopy to the best 
of the author’s knowledge. Narducci and Cuomo [47] investigated the boron diffusivity in 
diamond single crystals by impedance spectroscopy at a very early stage. They reported 
that diffusivity of boron in diamond at up to 800°C will not make the thermal drift of 
impurities a major path to device failure. However, their impedance measurement was 
only up to 105 Hz without temperature dependence; the results presented still did not give 
full understanding of responsible mechanism behind.

In this section, initial attention has been paid on boron-doped single-crystalline dia-
mond films. Room-temperature DC current–voltage measurements between two symmet-
ric electrodes across the surface of the diamond films were carried out. Voltage is set from 
–10 to 10 V. Direct current current–temperature measurements were investigated using 
Keithley 487 Picoammeter under rough vacuum from –185°C to 256°C. Voltage is set to 50 V 
as power supply. Impedance measurement of the films was determined using a Solartron 
1260A electrochemical impedance spectroscopy (EIS) in the frequency range from 0.1 Hz 
to 10 MHz, and in the temperature range from –100°C to 300°C. The setup parameters are 
0.05 V of AC amplitude, 1 s integration time, and no delay time.

Figure 4.9 shows room temperature DC current–voltage measurement on the surface 
of the diamond films in two electrode directions: (1) from up to down and (2) from left to 
right. Comparing the curves in both directions, Figure 4.9b measured from left electrode 
to right shows nearly a perfect ohmic contact, which has a symmetric and linear character-
istic from the negative to positive voltage. It is easily estimated that the room temperature 
resistance is about 1.1 MΩ. To investigate the DC temperature effect in this electrode direc-
tion, the current–temperature (–185°C to 256°C) curves are shown in Figure 4.10. It is found 
that the current increases exponentially with the temperature increasing, which indicates 
thermally activated conduction process. Linear curve fitting shows the sample has activa-
tion energy of 0.36 eV. The result is consistent with most of the other people reported on 
BDD [29].

Simple DC electrical experiments have now been repeated to achieve the activation 
energy of BDD, 0.37 eV, which is already well known within diamond community for 
a number of years. For the first time, we applied impedance spectroscopy to the boron-
doped single-crystalline diamond sample to compare the AC results with DC and to 
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prove if this technique is valid on this type of film. The Cole–Cole plots of boron-doped 
single-crystalline diamond films from 50°C to 300°C are shown in Figure 4.11a–c. Figure 
4.11a presents the data measured at 50°C showing the presence of a single semicircular 
response, with some scatters at the low frequency impedance range (right end). Similar 
data are shown in Figure 4.11b for the temperature range from 125°C to 200°C. The diam-
eter of the semicircles reduces dramatically with the temperature increasing: (a) 50°C and 
100°C, (b) 125°C and 200°C, and (c) 225°C and 300°C.

It is found that each Cole–Cole plot shows only one depressed semicircle. The single 
semicircle indicates that only one primary mechanism exists for the electrical conduction 
within the diamond film at temperatures below 300°C. The depressed semicircles make 
their centers on a line below the real axis, which indicates the departure from the ideal 
Debye behavior [1]. The diameter of each semicircle indicates the electrical resistance of 
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Room temperature current–voltage measurements between two symmetric electrodes across the surface of the 
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diamond films. With the increase in temperature, the diameter decreases indicating the 
reduction of the resistance from 400 kΩ at 50°C to 5 kΩ at 300°C.

A central issue to be addressed is what portion of the equivalent circuit (see Figure 4.2) 
corresponds to the observed single semicircular response. This interpretation is centered 
to determine the dominance of impedance from grain interiors or grain boundaries or oth-
erwise injection from the electrodes. For ionic conductors, electrode porosity and polar-
ization must be considered for the general impedance analysis [2], whereas for diamond, 
different electrode configuration effects have been investigated, and the results show no 
significant variation in impedance spectroscopy due to its large resistance discrimination 
between diamond and electrode. Therefore, the impedance contribution from the elec-
trodes could be ignored in diamond-based high-resistive materials.

Critical to the identification of the grain boundary and grain interior contribution is 
the simulated capacitance value for each semicircle. It has already been established in 
literature that the lower frequency dispersion corresponds to the grain boundaries and 
the higher frequency dispersion corresponds to the grain bulk interior if two semicircles 
appear, which normally have a capacitance value in the range of nF and pF, respectively 
[48–50].
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The parallel resistance, capacitance, and relaxation frequency in each semicircle have 
been simulated using Zview software supplied by Solartron Inc. The detailed values are 
shown by M’peko et al. [14]. It is obvious that all the capacitance values is in the range 
of pF. This implies that the single semicircular response is from grain interiors, which 
is expected from a single-crystal diamond (SCD) where no grain boundaries are being 
involved. Huang et al. [51] reported a very interesting result that boron atoms are deseg-
regated at grain boundaries and are uniformly distributed inside each diamond grain 
by using Auger and secondary ion mass spectroscopy (SIMS) techniques. Based on their 
observation, it was suggested that boron dopants make a significant contribution in the 
conduction path within grain interiors instead of grain boundaries either for polycrystal-
line diamond films or single-crystalline.

The electrical resistance is plotted against temperature in an Arrhenius plot shown in 
Figure 4.12. Linear curve fitting shows that the sample has an activation energy of 0.37 eV, 
which is possibly the data at low carrier concentrations [28]. Comparing activation energy 
from AC impedance with the one from DC measurements (0.36 eV), we can summarize 
that they are consistent with each other.

Impedance spectroscopy on boron-doped single-crystalline diamond has proved to be 
an effective way to provide electrical information on a microscopic basis. Another advan-
tage is its low amplitude of source voltage, which offers a nondestructive method to char-
acterize the system. Thus, it could become an alternating approach to traditional electrical 
characterization techniques in many other semiconductor materials, correlating electrical 
with physical properties in both materials science and electronic engineering.

Polycrystalline Diamond

For many industrial applications such as cutting tools, optical components, and microelec-
tronic devices, the control of film structure and morphology is of great importance. The 
crystallite size, orientation, and surface roughness have a profound effect on the mechani-
cal, electrical, and optical properties of the films deposited. A few research papers on scan-
ning electron microscopy (SEM) analysis of diamond films have related the morphological 
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development to the deposition parameters. Moreover, the polycrystalline morphology has 
been related to Raman spectroscopy and x-ray diffraction measurements. An excellent 
review has been given by Zhu et al. [52]. A morphology field map has been presented [53] 
that depicts different zones of surface texture of diamond films as a function of methane 
concentration in hydrogen and substrate temperature. Tang et al. [54] reported that  the 
film of best quality has very smooth crystalline facets free of second nucleation, and the 
full width at half maximum of the diamond Raman peak is 2.2 cm–1, as narrow as that of 
IIa natural diamond. Larson and Girshick [55] concluded increasing substrate temperature 
causes the film morphology to shift from {100} toward {111} faceting. Although a number 
of different chemical vapor deposition (CVD) techniques have been developed to deposit 
diamond films, the study of the factors controlling the morphology, quality, and related 
properties of the deposited films is far from complete [56,57]. Among the multitude of 
diamond CVD processes that have been developed for about 20 years, the microwave 
plasma–enhanced CVD process (MPECVD), together with the hot-filament CVD method 
(HFCVD), has continued to be one of the most used diamond deposition processes. This 
section compares the impedance properties of polycrystalline films deposited using both 
MPECVD and HFCVD methods.

Free-standing diamond films grown by microwave plasma–enhanced CVD and hot-
filament CVD were used to investigate the influence of the film quality on the impedance 
spectrum.

SEM photographs of investigated films are shown in Figure 4.13. MPECVD diamond 
film shows a well-faceted and polycrystalline morphology with (111) triangle crystal ori-
entation dominating. However, HFCVD diamond shows a rather rougher surface than 
MPECVD with the merging surface of different crystal orientations. Rounded and layered 
morphology was also observed for HFCVD diamond. The corresponding Raman spec-
tra are shown in Figure 4.14. MPECVD diamond has a sharp peak at 1331 cm–1, which is 
characteristic of high-purity diamond and a tiny shoulder at about 1580 cm–1, which is 
the signal of graphite phases embedded in this sample. The HFCVD film shows a typi-
cal diamond peak at 1331 cm–1 as well, but the intensity of this peak is much lower in the 
HFCVD diamond than in the MPECVD diamond. In addition, there is a broader shoulder 

(a) (b)
~200 µm ~100 µm

FIGURE 4.13
SEM photographs of MPECVD diamond film (a) and HFCVD diamond film (b). (From Ye, H.T., PhD thesis, 
University College London, 2004. With permission.)
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at 1580 cm–1 that indicates that the HFCVD diamond has more graphite and non-diamond 
phases formed during the CVD process.

The Cole–Cole plots for MPECVD diamond films from 25°C to 400°C are shown in 
Figure 4.15. The Cole–Cole plot at room temperature shows the presence of a single semi-
circular response, with some scatters in the data of the low frequency range. Similar data 
are shown for the other temperature ranges. The diameters of the semicircle response 
reduce dramatically with the temperature increase. At 400°C, the semicircular response 
is accompanied by a linear tail extended to low frequency. It is found that each Cole–Cole 
plot shows only one depressed semicircle. The single semicircle indicates that only one 
primary mechanism exists for the electrical conduction within the diamond film at tem-
peratures below 300°C. The depressed semicircles make their centers on a line below the 
real axis, which indicates the departure from the ideal Debye behavior [1]. The diameter of 
each semicircle indicates the electrical resistance of diamond films. With increasing tem-
perature, the diameter decreases indicating the reduction of the resistance from 62 MΩ at 
room temperature to 4 kΩ at 300°C. The Cole–Cole plot at 400°C shows a small semicircle 
and a long linear tail at low frequency. Such phenomena have been observed in other sys-
tems and have been attributed to the AC polarization of diamond/electrode interface at 
this high temperature [48].

The Cole–Cole plots for HFCVD diamond films from 25°C to 300°C are shown in Figure 
4.16. The Cole–Cole plot at room temperature shows the presence of an arc, instead of a 
complete semicircle, with a linear trend at the low-frequency impedance range. Similar 
data are shown at other temperatures. The diameters of these arcs reduce dramatically with 
the temperature increase. It is difficult to derive the thermal activation energy for HFCVD 
diamond because there are no clear semicircles in their Cole–Cole plots. However, through 
the simulation of the each arc, it was found that the capacitance value for each arc is main-
tained at 0.7 pF, which indicates that the impedance spectrum is from the grain interior.

A central issue to be addressed is which portion of the equivalent circuit in Figure 4.2 
corresponds to the observed single semicircular response. This interpretation is centered 
to determine the dominance of conduction from grain interiors or grain boundaries or oth-
erwise injection from the electrodes. For ionic conductors, electrode porosity and polar-
ization must be considered for the general impedance analysis [2], whereas for diamond, 
different electrode configuration effects have been investigated [48], and the results show 
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FIGURE 4.14
Raman spectroscopy of MPECVD (a) and HFCVD (b) diamond films. (From Ye, H.T., PhD thesis, University 
College London, 2005. With permission.)
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no significant variation in impedance spectroscopy because of its large resistance differ-
ence between diamond and electrode. Therefore, the impedance contribution from the 
electrodes could be ignored in diamond-based materials that are less conductive.

Critical to the identification of the grain boundary and grain interior contribution is 
the simulated capacitance value for each semicircle. Experimentally, the low-frequency 
dispersion corresponds to the grain boundaries and the higher-frequency dispersion cor-
responds to the grain bulk interior if two semicircles appear, which normally have capaci-
tance values in a nF and pF range, respectively [59]. The resistance and capacitance values 
for each semicircle (in Figure 4.15) have been simulated using Zview software supplied 
by Solartron Inc. It is apparent that all the capacitance values are in the range of 0.2 nF. 
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This indicates that these single semicircular responses for MPECVD diamond films are 
attributed to grain boundaries. In Figure 4.17, the calculated resistance for the MPECVD 
diamond within the Cole–Cole plot, which persists over the whole temperature range 
investigated here, is presented in a logarithmic plot against reciprocal of temperature. A 
straight line is apparent, enabling a single electrical activation energy to be estimated from 
the slope of the curves. The activation energy is found to be about 0.51 eV, which is consis-
tent with the results on deep-level transient spectroscopy [60].

HFCVD diamond is also called thermal management grade diamond or low electronic 
grade diamond. It contains more defects and non-diamond phases incorporated during 
the process of CVD. The growth speed for HFCVD diamond is 10 times faster than for 
MPECVD, and the quality within both grains and grain boundaries deteriorates [61]. 
In the HFCVD diamond, both grains and grain boundaries are thought to have contri-
butions to the impedance value. Since the contribution from grains is much stronger 
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than that from grain boundaries, the effect from grain boundaries are negligible. In the 
MPECVD diamond, the grain boundary conduction is dominating because the high 
resistance associated with the high-purity diamond grain interiors prevents the cur-
rent from flowing through the grains. In MPECVD diamond, the only possible way for 
the current to flow is through the grain boundaries, where graphite and non-diamond 
phases are embedded.

It can be seen that MPECVD and HFCVD diamond films have different dominating 
conduction paths within the material itself. This is due to the specific chemical reactions 
of different CVD processes. The HFCVD technique is the simplest commonly used CVD 
method for diamond synthesis. It was first described by Matsumoto et al. [62]. The thermal 
energy required for dissociation of molecular hydrogen into atomic hydrogen is supplied 
by a refractory metal filament (Ta and W) usually heated to about 1900–2000°C; at these 
temperatures, a dissociation efficiency of approximately 10% can achieved [63]. However, 
the filaments have a limited lifetime due to carburization of filament, and physical deg-
radation of the filament usually contaminates the diamond film with metallic impurities. 
MPECVD technique is also the most commonly used method for activation of hydrogen, 
which was first reported by the National Institute for Research in Inorganic Materials in 
Japan [64]. Microwaves are introduced into a deposition chamber that is designed such 
that a standing wave is created producing a plasma ball just above the substrate; micro-
waves at 2.45 GHz are usually used. MPECVD produces some of the best-quality CVD 
diamond, with slower growth rates and larger area than that of HFCVD method. These 
two different growth techniques have resulted in the deposition of CVD diamond films 
with different quality as witnessed by SEM, Raman, and impedance spectroscopy. Both 
materials have led to widespread interest in the field of electronic device and electronic 
packaging application as potentially revolutionary materials.

Nanocrystalline Diamond

The emergence of CVD technique for the growth of thin film diamond has led to wide-
spread interest in the use of this material for electronic applications. The focus of most 
growth studies to date has been in the production of high-quality, large-grain polycrystal-
line diamond, with the realization of single-crystalline material remaining a key aim of 
the diamond research community. Early reports on fine-grained nanocrystalline diamond 
received less attention, since they did not appear to fit with these aims [65]. However, this 
position has recently changed, with the properties of nanocrystalline films themselves 
being recognized as potentially useful for many applications in fields as diverse as electro-
chemical electrodes, tribology, cold cathodes, corrosion resistance, and conformal coatings 
on microelectromechanical systems (MEMS) devices [66–73].

A variety of deposition techniques and conditions have been used to grow the nanocrys-
talline diamond films. Among these are remote microwave plasma [74], microwave plasma 
[75], direct current arc [76], hot filament CVD [77], glow discharge radiofrequency (RF) 
[78], carbon sputtering [79], and electron–cyclotron resonance [80]. Erz et al. [74] grew 800-
nm-thick films with 10% CH4 in H2, which were characterized by x-ray diffraction, Raman, 
and visible infrared spectroscopy. Konov et al. [80] and Nistor et al. [81] produced 0.2- to 
1-μm-thick films from CH4/H2/Ar mixtures that were characterized chiefly with XRD, 
Raman, and high-resolution transmission electron microscopy (TEM). The Ar ratio in the 
mixtures was kept at 50%. Grain sizes were found to be in the range 30–50 nm. TEM did 
not reveal amorphous carbon in significant quantities, but disordered sp3- and sp2-bonded 
amorphous carbon was detected, presumably located at grain boundaries. The diamond 
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crystallites are highly defected with many twins and other planar defects. Khomich et al. 
[76] deposited 100- to 200-nm crystallites with the appearance of polycrystalline conglom-
erates. Lee et al. [75] prepared nanocrystalline films from CH4/H2 mixtures and concluded 
real-time spectroscopic ellipsometry to measure activation energies. Microhardness, elec-
trical conductivity, and the effect of methane pressure on film growth rate were studied by 
Fedoseev et al. [77]. Films produced by Zarrabian et al. [79] from an electron cyclotron res-
onance (ECR) plasma were studied by TEM and electron energy loss spectroscopy (EELS) 
and found to consist of 4- to 30-nm crystallites embedded in diamond-like carbon (DLC). 
Magnetron sputtering of vitreous carbon produced films in which the nanocrystallites 
were embedded in an amorphous carbon matrix [78]. By adjusting the ratio of noble gas to 
hydrogen in the gas mixture, Gruen’s group [82] has achieved a continuous transition from 
microcrystalline to nanocrystalline.

However, in essence, the technique allows an equivalent circuit representation of the 
material system under study to be proposed, and the experimental data determined to be 
compared with simulated data based on manipulation of the circuit parameters within the 
equivalent circuit. This chapter shows evidence for both grain boundaries and grain inte-
rior conduction within the silicon-supported nanocrystalline diamond films used here.

All films studied here were produced using a commercial supplied 2.45-GHz resonant 
standing wave cavity microwave plasma–enhanced CVD system. It has been already dem-
onstrated that good quality, microcrystalline diamond films can be really produced on 
suitably treated Si substrates using CH4/H2/O2 gas mixtures [83–86]. The introduction 
of Ar in place of the oxygen has been shown to lead to nanocrystalline film production 
[73,87]; this approach has been used here.

The films synthesized comprise randomly oriented fine grains 50–100 nm in size. The 
temperature dependence of the characteristic Cole–Cole plots measured for these dia-
mond films is shown in Figure 4.18a–e. Figure 4.18a presents the data measured at 25°C 
and 100°C, respectively, showing the presence of a single semicircular response, with some 
scatter in the data in the low-frequency impedance range. Similar data are shown in Figure 
4.18b for the temperatures of 150°C and 200°C. The diameter of the semicircular response 
is reduced dramatically with the increase in temperature. Beyond 250°C, shown in Figure 
4.18c–e, the semicircular response is accompanied by an additional semicircle (or an arc) 
that extends to low frequencies.

In Figure 4.19, the calculated resistance for the higher-frequency semicircular response 
within the Cole–Cole plot, which persists over the whole temperature range investigated 
here, is presented in a logarithmic plot against reciprocal temperature. A straight line is 
apparent, enabling a single electrical activation energy to be estimated from the slope of the 
curves. Attention should be paid to the steep transition of the activation energy from 0.13 
to 0.67 eV at 250°C, coincident with the emergence of the second semicircular response.

It has been found that each Cole–Cole plot below 250°C shows only one depressed semi-
circle, as indicated in Figure 4.18a and b. The single semicircle indicates that one primary 
mechanism exists for the polarization within the diamond film at these temperatures. 
The presence of the single semicircle in this frequency range corresponds to the electrical 
conduction from bulk grain interior. The diameter of each semicircle corresponds to the 
resistance for the particular contribution from the diamond grain interior at each tempera-
ture. As the temperature increases, the diameter of the semicircle decreases, indicating 
a reduction of the grain interior resistance. There appears to be no secondary semicircu-
lar response over the frequency range measured here for temperatures below 250°C; it 
can therefore be summarized that the electrical conduction within these diamond films is 
being dominated by the diamond grain interiors.
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When the temperature is raised above 250°C, the dominant electrical conduction 
mechanism changes. It is found that a secondary semicircular response occurs in the 
low- frequency range. In this case, two distinct semicircular relaxations were observed in 
Figure 4.18c–e, although the high-frequency response is incomplete at higher tempera-
tures and is replaced by an arc. It is now possible to identify the contributions from the 
grain interior and grain boundary resistances from the visible arcs or semicircles of the 
Cole–Cole plots [2]. The arc on the left (high frequency) is assigned to the electrical behav-
ior within the grain interior, as discussed above, whereas the feature on the right (low 
frequency) is assigned to the grain boundaries. The high-frequency semicircular response 
(left) changes from a perfect semicircle into an imperfect arc and begins to disappear with 
increasing temperature. This is due to the frequency limitation of the equipment used 
here [88], which can measure only up to 1 MHz. The low-frequency semicircular response 
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(right) becomes more complete and begins to dominate the spectra with increasing tem-
perature. Comparing the diameters of the semicircles in each Cole–Cole plot, it is apparent 
that the ratio of the low-frequency to the high-frequency semicircle diameter increases 
with an increase in temperature. This indicates that impedance from grain boundaries 
becomes more significant at higher temperatures; that is, electrical conduction through 
grain boundaries dominates at temperatures above 250°C.

Theoretically, a double R–C parallel circuit model in series [2] could be used to simulate 
the electrical conduction of diamond films contributed from both grain interiors and grain 
boundaries. Each parallel R–C equivalent circuit model accurately fits each Cole–Cole 
semicircle. The fitting procedure used here is the same as the one described by Kleitz and 
Kennedy [89] and allows the determination of resistance and relaxation frequencies with a 
good precision. Here the resistor R represents ionic or electronic conduction mechanisms, 
whereas the capacitor C represents the polarizability of the diamond. The symbols Rgi, Rgb, 
Cgi, and Cgb are defined as before. The complex impedance Z* measured by the RCL meter 
can be expressed as the following function of the Rgi, Rgb, Cgi, and Cgb of the specimen:

 Z* = Z→ – j Z→ (4.58)
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where Z→ and Z→ represent the real and imaginary portions of the impedance, and ω is the 
angular frequency. When plotted in a complex plane, Z→ versus Z→ takes the form of two 
semicircles. In this representation, the grain interior and grain boundary contributions are 
easily identified, and the electrical conduction paths of the bulk material can be studied 
separately from grain boundary interference; this task has been performed above.
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FIGURE 4.19
Temperature and frequency dependence of the bulk grain interior resistance obtained by fitting the impedance 
spectra. The activation energy is estimated from the slope as 0.13 eV below 250°C and 0.67 eV above 250°C, 
respectively. (From Ye, H., J. Appl. Phys., 94, 7878, 2003. With permission.)
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As previously mentioned, the diameter of each semicircle indicates the resistance (R) con-
tributed either from grain interiors or from grain boundaries. To understand the different 
semicircular response quantitatively, the resistance for the contribution from both grain 
interiors and grain boundaries was estimated and extracted as shown in Table 4.3. Rgi, Rgb, 
and Rgi/Rgb are the resistance from the grain interior, the resistance from grain boundaries, 
and the ratio between them. The first observation is that the resistance either from grain 
interiors or from grain boundaries decreases with increasing temperature. Particular atten-
tion should be paid to the marked decrease in diamond grain interior resistance (from 300 
to 0.02 kΩ) with increasing temperature (from 25°C to 500°C). The resistance contributed 
from the grain boundaries is not measurable below 250°C, implying that it is relatively 
small. Comparison of the relative variation of both resistances shows that the resistance 
from grain boundaries made more dominant contribution with increasing temperature.

Recent studies of the temperature-dependent resistance of polycrystalline CVD diamond 
films have shown that the thermal activation energy can cover a wide range between 0.09 
and 1.5 eV [90]. However, the grain interior and grain boundary resistances have not pre-
viously been identified and separated. In the field of CVD diamond, it is often difficult 
to make direct comparisons with a body of published work, since films grown in differ-
ent laboratories can display significantly different properties. Jin et al. [90] have reported 
activation energy changes from 0.4 to 0.9 eV with increasing temperature. They suggested 
that the weakly temperature-dependent resistivity at lower temperature was due to leak-
age along the grain boundaries; however, no directly evidence was presented. The resis-
tance they reported became nearly independent of frequency at the high temperature end, 
which is consistent with similar observations by Nath and Wilson [91].

A few reports exist that discuss different mechanisms to explain the electrical conduction 
properties of microcrystalline diamond films, rather than the nanocrystalline diamond 
films studied here [92–96]. Landstrass and Ravi [97] proposed that the conduction transi-Landstrass and Ravi [97] proposed that the conduction transi- proposed that the conduction transi-
tion they observed with temperature was caused by the movement of hydrogen and other 
defects from electrically active deep levels to nonactive sites during annealing. Mori et al. 

TABLE 4.3

Temperature Dependence of Grain Boundary Resistance (Rgb), 
Grain Interior Resistance (Rgi), and the Relative Resistance 
(Rgb/ Rgi) between Them

T	(°C) Rgi	(kΩ) Rgb	(kΩ) Rgb/Rgi

25 300.00 – –

100 133.00 – –

150 71.00 – –

200 50.00 – –

250 28.00 – –

275 14.00 5.20 0.37

300 5.60 3.68 0.66

350 1.00 1.32 1.32

375 0.50 0.80 1.60

400 0.22 0.54 2.45

425 0.11 0.35 3.18

450 0.05 0.24 4.80

500 0.02 0.12 6.00

Source:  Ye, H. J. Appl. Phys., 94, 7878, 2003. With permission.
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[98] suggested the existence of a surface conductive layer combined with chemical absorp- suggested the existence of a surface conductive layer combined with chemical absorp-
tion and oxidation. Werner et al. [99] and Huang et al. [100] have presented space charge–
limited currents and the Poole–Frenkel mechanism as origin for the nonlinear increase 
of conduction with temperature. Frequency-independent and frequency- dependent band 
conduction and hopping conduction mechanisms have also been discussed [101]. Some 
studies have shown that a number of different defects are present within the grain bound-
aries, which influence the conduction and the mobility of the charge carriers [102,103].

It is worth noting that nanocrystalline material containing a high density of grain bound-
aries has a high surface area/volume ratio [104]. With external heating, the grain bound aries 
may undergo the deformation and distortion caused by the thermal expansion, thermal 
stress, and even oxidation. The total area of grain boundaries, where defects and non-
diamond carbon phases are believed to be most densely accumulated, can increase enor-
mously [75,105]. These impurities are not as thermally stable as diamond grains. Diamond 
crystals begin to oxidize in air at about 500°C and begin to graphitize under vacuum at 
about 800°C [106], whereas impurities at grain boundaries are thermally activated at lower 
temperatures (250°C), as observed. Therefore, oxidation, diffusion, and space charge trans-
portation can easily take place. An alternative explanation involves the interfaces between 
the diamond and the electrode, and/or between the diamond and the silicon substrate. If 
the accumulation and trapping of charges at structural interface reaches a certain value, 
interfacial or boundary polarization will happen with increasing temperature and will 
subsequently cause a responding secondary relaxation in the impedance data.

As indicated above, the effect of current conduction through the silicon substrate 
is assumed to be absent. However, it is interesting to note that the change in activation 
energy found in the grain interior resistance to a value of 0.67 eV above 250°C is exactly 
the same as the activation energy found for the radio frequency losses due to thermal acti-
vation of intrinsic charge carriers in silicon (over the band gap) [107]. Therefore, another 
possible explanation would be that the contribution of silicon becomes significant over 
250°C. Further investigations will look into the in situ observation of grain boundaries 
using high-resolution TEM with temperature control to provide more direct proof of the 
physical mechanisms suggested.

Diamond-Based	Materials	Applications

Recently, diamond is considered as a promising candidate for bioelectronics applica-
tions for its electronic [108–111] and chemical properties [109,112,113]. Successful applica-
tions of impedance spectroscopy have been reported for immunosensors [114,115], enzyme 
sensors [116–118], and DNA sensors [119–125]. In this chapter, the electrochemical equiva-
lent circuit models and impedance spectroscopy experiments of different kinds of dia-
monds will be discussed.

Biosensors

DNA molecule detection is one of the basic applications in molecular diagnostics. Faradic 
and non-Faradic impedance spectroscopy have been applied for the studies of DNA hybrid-
ization by recording the impedance changes in DNA layers before and after hybridization. 
If a semiconductor is used as the signal transducer, a field effect could be induced by the 
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binding of the negatively charged DNA, resulting in distinct changes in the interfacial 
impedance at certain measuring frequencies. In 2000, Takahashi et al. [126] investigated 
the chlorination/amination/carboxylation process on H-terminated diamond for perse-
vering and analyzing DNA clip. In 2002, Yang et al. [127] modified the nanocrystalline 
diamond with alkenes and concluded that DNA bonding on diamond material would 
be much better than that on other substrates. Then, several methods including chemical 
reduction [128] and direct amination [129] on diamond with DNA [127], enzyme [130], and 
proteins [131] were investigated by using cyclic voltammetry and other electrochemistry 
methods. To understand the electrical response and the hybridization-induced changes, 
the impedance data were analyzed using equivalent circuit models with constant phase 
elements (CPEs). The electrochemical equivalent circuit of DNA-modified diamond film, 
which was given by Yang et al. [130] and Rao et al. [132], is shown in Figure 4.20.

In the equivalent circuit, Rs represents the ohmic resistance of the electrolyte solution. 
The paralleled resistor R1 and capacitor Cdl reflect the properties of the molecular layer and 
the double layer. R2 and CPE (=A–1(jω)–α), where A and α are nonintegral, adjustable param-
eters, which describe the impedance of the space charge region of the BDD electrode.

From 2006 to 2007, Nebel et al. [133–135] applied the photochemistry technology to attach 
alkene modules on undoped diamond and electrochemical reduction of diazonium salts 
to form nitrophenyl-linker molecules on boron-doped CVD diamond [133,136,137]. Thiol-
modified single-stranded probe DNA (ss-DNA) was bonded to diamond by hetero-
 bifunctional cross-linker. Then, such surfaces were exposed to fluorescence-labeled target 
ss-DNA to investigate hybridization on the DNA-FET (field-effect transistor) structure. 
CVD diamond growth process and photochemistry method were introduced in the arti-
cle of Nebel et al. [138], and x-ray photoelectron spectroscopy, atomic force microscopy, 
fluorescence microscopy were utilized to characterize the surface with DNA. Figure 4.21 
shows the EIS properties of DNA-modified nanodiamond films. The impedance shown on 
Nyquist plot was detected from ss-DNA exposure to 4-base mismatched DNA and after 
exposure to complementary DNA in pH 7.4 phosphate buffer containing 1 mM Fe(CN6)3–/4–. 
The Nyquist plot, indicated discriminating hybridization of matched and mismatched 
DNA. The author gave an interpretation of these results, which depended on several fac-
tors including variations of ss-DNA and double-strand DNA layers, applied external elec-
tric fields, as well as the effect of redox molecules such as Fe(CN6)3–/4– on the dielectric and 
conductivity properties of DNA films on diamond.

Bulk
solution

BDD space
charge layer

Polymer film and
double-layer

R1

Rs

R2

Cdl CPE

FIGURE 4.20
EIS equivalent circuit of DNA-modified diamond film.
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A recent report on BDD verifies that material is qualified to be the next generation of 
DNA electrode, for its widely electrochemical potential window both in aqueous and non-
aqueous media, relative low double-layer capacitance, as well as insensitivity to dissolved 
oxygen [139]. In 2005, Gu et al. [131] investigated polyaniline/polyacrylate (PANI/PAA)-
modified BDD electrode in DNA hybridization applications. The BDD was fabricated on 
MWCVD with methanol and boron oxide mixture gas. Then, the PANI/PAA-modified 
BDD electrodes were dipped into a mixture of the NH2-ssDNA (2 μM in 0.1 M Na3PO4 
buffer) solution with 20 mg/mL of N-ethyl-N→-[3-(dimethylamino)-propyl], and the EIS 
Nyquist plot for the polymer-modified BDD and DNA-modified BDD was measured by 
the potentiostat at a given open-circuit voltage, from 100 kHz down to 0.1 Hz, with AC 
amplitude of 10 mV.

Figure 4.22a shows the Nyquist plot of probe-immobilized BDD electrodes measured 
at different potential (open-circuit potential vs. Ag/AgCl) in phosphate-buffered solution 
(pH 7.4). The characteristic potential dependence of the BDD electrode could be obtained at 
the high-frequency range ( f > 10 kHz), which was a region dominated by the space charge 
region of diamond. After the immobilization of the probe DNA on the polymer-modified 
BDD electrode, the diameter derived from the Nyquist plot semicircle (in Figure 4.22b) 
increases significantly comparing with the naked BDD and the PANI/PAA-modified 
BDD.

Figure 4.23 shows the Nyquist plot of DNA-immobilized PANI/PAA-modified BDD 
electrode, before (solid squares) and after (solid triangles) exposure to fully complemen-
tary target, with one-base mismatch (hollow circles), after denature (hollow triangles) and 
renature (hollow squares) with the fully complementary target, measured at –1.0 V open-
circuit potential vs. Ag/AgCl.

At the frequency range between 10 and 100 Hz, the impedance modulus decreased from 
13 to 6 kΩ. The author explained that phenomenon was due to the effect of DNA hybrid-
ization, which reduced the electron-transfer resistance on the electrode, clearly manifested 
as a much smaller diameter of the semicircle in the Nyquist plot after DNA hybridiza-
tion. The BDD electrodes/electrolyte interface was divided into three physical regions, the 
bulk electrolyte solution, the molecular layer (including the DNA and the polymer com-
posite thin film), and its associated double layer, as well as the space-charge layer in the 
BDD electrode based on equivalent circuit elements [142]. The schematic equivalent circuit 
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FIGURE 4.21
Nyquist plot of the nanodiamond films with 1 mM Fe(CN6)3–/4– (From Nebel et al., Br. J. Soc. Interface, 4, 439, 2007. 
With permission.) [133].
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model has been demonstrated by Yang et al. [143] for DNA-modified diamond. After fit-
ting the data from the equivalent circuit, the capacitance Cdl of the polymer/double layer in 
the target-hybridized DNA reached the highest value of 42 µF comparing with the probe-
immobilized BDD electrode before hybridization which was 1.59 μF. This meant that the 
presence of the double-stranded helix generates more charges on the electrolyte–electrode 
interface. The increase in capacitance and the decrease in polymer film resistance (R1) indi-
cated that the density of ionic charges increased at the interface after DNA hybridization. 
The author assumed that hybridization of DNA in the polymer scaffold decreased the 
impedance of the polymer significantly. Therefore, this process led to dramatic changes in 
R1 and Cdl at the frequency range of 10–100 Hz.

Yang et al. [143] in 2007 investigated the property of the antibody–antigen–modified 
BDD surface. The diamond samples were all p-type BDD (deposition concentration: 1018 
cm−3), which grow on p-type Si (100) substrate by MWCVD method. EIS experiments were 
performed using human immunoglobulin G (human IgG, Sigma I4506) and human immu-
noglobulin M (human IgM, Sigma I8260) linked to surfaces, whereas binding experiments 
were performed using the complementary antibodies antihuman IgG (Fc specific, Sigma 
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F9512) and antihuman IgM (m-chain specific, Sigma F5384). The Nyquist plot after cova-
lent linking of antigen to surfaces is shown in Figure 4.24.

Figure 4.24 shows Nyquist plots of Z→ and Z→ from 100 to 1.1 MHz, with 10-mV root-mean-
square (rms) modulation for different kinds of antibody–antigen-modified diamond sur-
faces. After anti-IgG and anti-IgM modified, the Cole–Cole plot has only slightly changes in 
real component response (Z→ changes from 110 to 112 Ω at 200 kHz). Then the impedance Z→ 
(before and after exposure to anti-IgG) increased from 110 to 190 Ω at 200 kHz. The author 
also gave the electrochemistry equivalent circuit, which is shown in Figure 4.25.

To analyze the principle, an electrochemistry equivalent circuit model with discrete 
element has been established, as shown on Figure 4.25. The author separated the interface 
into three layers: (1) the space-charge layer of the semiconductors, (2) the tightly packed 
organic modification layers, and (3) the more diffuse ionic region and the biomolecular 
layer. In this model, Rsc and Csc represented the space charge layer of the semiconduct-
ing substrates. Rdl and a CPE reflected the densely packed initial functionalization layer 
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and its ionic environment. Rleak and Cml represented the properties of the biomolecu-
lar layer and its associated ionic charge distribution. The CPE component is a general-
ized capacitor with an impedance defined by Z = 1/(Tω)P, where T and P are adjustable 
parameters.

Diamond Electrodes

The BDD applications for surface electrochemistry pretreatment have been reported. For 
the chemical stability and surface reproducibility, BDD is an excellent candidate for con-
taminated water treatment. Different studies on BDD and diamond electrodes have been 
reported by Rao et al. [144], Terashima et al. [145], Yagi et al. [146], and Latto et al. [147]. To 
present differences after cathodic or anodic pretreatment of the diamond films, Suffredini 
et al. [148] utilized EIS measurement. A 0.62 cm × 1.0 cm BBD electrode that was deposited 
by HFCVD technique on a silicon wafer was used as a working electrode in EIS exper-
iments. The gases in vapor deposition were methane, H2, and trimethylboron, and the 
boron content was 4500–5000 ppm. The EIS experiments were carried on with 0.5 mol L–1 
H2SO4 and 1 × 10–3 mol L–1 K4Fe(CN)6 or 0.5 × 10–3 mol L–1 ferrocene. Figure 4.26 shows the 
Nyquist plot obtained at 0.06 V after anodic and cathodic pretreatments.

Ferro and Battisti [149], as well as Becker and Jüttner [150], had previously reported 
the similar phenomenon in the Nyquist plot. Ferro and Battisti explained that the high-
 frequency element decreased, whereas the redox couple concentration increased. Becker 
and Jüttner presented that this element increased as the overpotential increased and 
explained that this unexpected increase was due to a partial blocking of the electrode sur-
face. The resistance of the high-frequency element for the anodically treated BDD (Figure 
4.27a) is quite similar to the previous reports for the same solution at an oxidized BDD. 
When the BDD surface undergoes the cathodic treatment, the resistance reduced, as it can 
be seen in Figure 4.27b. However, the factor is relatively smaller than the previous reports. 
The author assumed the cathodical BDD surface impedance decrease indicated that the 
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FIGURE 4.25
Equivalent circuit model representation of the IgG-modified semiconductor interfaces and used to fit the data 
on n-type and p-type silicon. (From Yang, W., Analyst, 132, 296, 2007. With permission.) [143]
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inner or the surface structure of the BDD material is obviously altered by this treatment 
and leads to faster electron transfers consequence.

Figure 4.27 presents Nyquist plots obtained at 0.37 V in a 0.5 × 10–3 mol L–1 ferrocene + 0.5 mol 
L–1 H2SO4 aqueous solution for the BDD electrode after anodic and cathodic pretreatments. 
The value of the high-frequency resistance element after the cathodic surface pretreatment is 
also significant but not as in the case of the Fe(CN)6

4–/3– couple. The EIS experiments demon-
strate that a discontinuous passive layer or an internal transformation of the BDD will decrease 
the surface blocking, which is caused by the cathodic pretreatment.
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Ultraviolet Sensors

Bevilacqua et al. [151] successfully fabricated diamond as a UV photodetector in 1995. Recently, 
their group invested SCD in this area and found that it represented an extreme sensitivity 
to deep UV light. The SCD, which had an rms value of 3.5 nm, was performed a passivation 
treatment in an environment full of methane at about 700°C for 15 min, and then annealed 
at a temperature of 400°C for 1 h. The frequency range of the impedance spectroscopy mea-
surement was varied from 0.1 Hz up to 10 MHz. The Nyquist plot is shown in Figure 4.28.

The impedance spectroscopy is plotted by real component, Z→ versus imaginary compo-
nent Z→ for both treated and untreated SCD samples in Figure 4.28. The presence of imped-
ance spectroscopy plot indicates that the equivalent circuit of the SCD sample is a resistance 
parallel with a capacitance (R–C parallel circuit). After using mathematical method fit on 
the data, the resistance/capacitance value after passivation treatment is simulated to be 8 × 
1011 Ω/0.5 pF with untreated surface and 1 × 1011 Ω/3 pF, respectively. The high-frequency 
impedance is given in Figure 4.28b, and the solid semicircular line is a mathematical fit-
ting, where R/C value is 4 × 109 Ω/0.3 pF. The author explained that the disorder materials 
on the surface of the SCD samples were removed, so a lower resistivity was conducted 
from the impedance spectroscopy measurement. After the passivation process, the exter-
nal quantum efficiency was more comparably optimistic than other homoepitaxial films 
and it enhanced the UV photoconductive device performance.

Non-Diamond-Based	Materials	for	Biological	Application

Non-diamond carbon–related materials include multiwalled carbon nanotubes (MWCNTs), 
DLC, hydrogenated amorphous carbon (a-C:H), fullerene, and graphene. They have a wide 
range of applications in different fields, and EIS is also introduced as an assistance to find 
their performance in specific areas.
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MWCNTs are the strongest and stiffest materials, which have been discovered in term 
of tensile, elastic modulus, inertness to react with other chemical material, as well as bio-
compatibility. These characteristics endow CNTs a candidate for cells (Section 4.5.1), DNA 
(Section 4.5.2), and enzyme (Section 4.5.3) detection. Another critical property of CNTs is 
the surface/volume ratio and the ability to fabricate on other polymer and alloy as a cata-
lyst (Section 4.5.4). Meanwhile, graphene, which has similar characters as CNTs, has been 
considered as a proper material in fabricating electrode in lithium ion batteries (Section 
4.5.5) and supercapacitor (Section 4.5.6). The family of amorphous carbon-based films 
include a wide range of films having different properties, such as DLC films, which are 
very hard and, under certain environmental conditions, might have friction coefficients in 
the 10−2 range that makes them excellent candidates for coating (Section 4.5.7) the moving 
parts of orthopedic implants.

Cells Detection

The electrical conductivity and impedance of biological materials have been investigated 
over the past century using conventional electrodes [152]. Recently, with the advance of 
nano technology, nanoelectrodes based on electrochemistry method can offer advan-
tages such as reduced double-layer capacitance, fast convergence to a steady-state signal, 
enhanced current density arising from increased mass transport at the working elec-
trode interface, low detection limits, and improved signal-to-noise ratios. Electrochemical 
impedance has been utilized for human body measurement to cells detection. In 2007, 
Yun et al. [153] reported on nanoelectrode array embedded into a polydimethylsioxane 
channel to distinguish LNCaP (lymph node carcinoma of the prostate) prostate cancer 
cells. In this report, 8-mm-tall high-density MWCNTs arrays were synthesized by water-
assisted CVD. The gold-coated MWCNTs were then fabricated on 5-mm-square Fe/Al2O3/
SiO2/Si substrate, and the substrates were embedded into a polydimethylsioxane channel. 
Each tower (1 × 1 mm) of the patterned array contained about 50 million nanotubes. The 
nanotubes’ average diameter was 20 nm, and the aspect ratio was 200,000. The surface 
area of each tower (average diameter: 20 nm and length: 8 mm MWCNTs) was 2500 mm2. 
Electrochemical impedance characterization of nanotubes electrodes was measured under 
a fluidic channel with different solutions and LNCaP prostate cancer cells.

From the phase and magnitude plot, the phase angle is different between the HBSS and 
the LNCaP prostate cells, which is more capacitive with the increase in incubation time. In 
Figure 4.29, the Nyquist plot shows that the diameter of the semicircle at high-frequency 
increases obviously with incubation time. The EIS equivalent circuit was given by Randles 
model with a CPE. As the HBSS is only a one-layer capacitance, the equivalent circuit of 
LNCaP prostate cell was given by [Ru(CclRcl)ZCPE], where Ccl and Rcl are the cell capacitance 
and resistance. Extracted parameters were CPE = 0.134 μ	S, α = 0.83, and Ru = 950 Ω. A 
higher value of α was indicative of the closeness of the CPE to an ideal capacitor (α = 1). The 
author assumed that the reason was because the LNCaP cells formed a tight contact and 
a cover to the electrodes, and then blocked the ion movement. Extracted parameters show 
that both Ccl and Rcl increased after incubation time increased. Since the solution resis-
tance represents the bulk properties of the electrolyte solution and the LNCaP cells settled 
on the electrode’s surface, solution resistance does not change much. On the other hand, 
the cell layer capacitance Ccl and cell layer resistance Rcl affect the interface property of 
the electrode–electrolyte due to insulating or coating the surface by LNCaP cells. The EIS 
results showed that the MWCNTs electrode could characterize different solutions, which 
suggested that its applications as a cell-based biosensor and gold functionalized nanotube 
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array electrodes would be useful for further bioconjugation such as antibodies and special 
receptors to detect specific cancer cells.

DNA Hybridization Sensor Applications

Electrochemistry DNA sensors provide a novel method of detecting selected DNA sequence 
and mutated genes that lead to human disease. Different approaches have been developed, 
such as direct and indirect electrochemistry of DNA, polymer-modified electrodes, amplifi-
cation nanoparticles, and so on. In these years, EIS was used to characterize a DNA hybrid-
ization sensor to realize sensitive indicator-free detection of gene sequence. Hybridization 
reaction of DNA on the electrode surface causes the changing of Rct value upon formation 
of duplex between probe and target DNA. The quantity if there is a negative charge on 
the surface of the electrode increases greatly because of the hybridization formation, and 
then impedes the electron transfer with the negative charge such as [Fe(CN)6]3–/4– at the 
electrode surface is observed. Electrode modified with CNTs has been used for detecting 
important biomolecules [154,155]. Traditional method of DNA detection is based on radio-
isotopic and fluorescent technology, which is not efficient and not compatible for routine 
and rapid medical analysis. The combination of conducting polypyrrole with CNTs was 
applied to detect oligonucleotides (a short fragment of DNA), since it enhanced the charge 
density, electrical conductivity, and electrocatalytic activity [156–158]. In 2010, Lien and 
Lam [159] developed MWCNT-doped polypyrrole DNA biosensors, and EIS plot was uti-
lized to study the DNA hybridization. In the genome, promoter sequence has been found 
out as the CaMV 35S extracted from cauliflower mosaic virus. The EIS measurements were 
performed in the frequency range between 200 kHz and 100 MHz with 5-mV alternating 
voltage on DC potential. The electrochemical equivalent circuit is given by Randles mode 
(with lower CaMV 35S concentration) and Vorotyntsev’s model (with higher CaMV 35S 
concentration) [160]. The fitting values extracted from the EIS plot were applied to explain 
“Signal-on” behavior, which represented the decreasing process of Rct during hybridiza-
tion. The signal-on effect indicates that DNA hybridization at the vicinity of the polymer–
solution interface increases the switching speed of electronically conducting polymer. The 
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author gave the explanation that the electrostatic effect and the steric effect was due to the 
polyelectrolyte character of oligonucleotides strands; thus, the ionic transportation across 
the polymer–solution interface changed.

Zhang and Wang [161] fabricated a sensitive electrochemical DNA biosensor with ami-
nobenzoic acid (ABA) electropolymerized on the surface of glassy carbon electrode (GCE) 
modified with MWCNTs. ABA was electropolymerized on the surface of GCE modified 
with MWCNTs, and then gold nanoparticles (AuNPs) were subsequently introduced to 
the surface of poly-ABA-MWCNTs by electrodeposition mode. Finally, the probe DNA was 
immobilized on the surface of AuNPs through Au–S bond. The EIS measurements were 
carried on with a frequency range between 1 and 105 Hz at the formal potential of +0.15 V, 
with the amplitude of 5 mV alternative voltage, and used 10 mM K3[Fe(CN)6]/K4[Fe(CN)6] 
(1:1) mixture as a redox probe.

Figure 4.30 shows the Nyquist plot of the sensing electrode response at different stages 
in assembly process. When the MWCNTs were assembled on the GCE surface, the electron 
transfer resistance (Rct) decreased greatly (curve b) compared with that of bare GCE (curve 
a) due to the promotion from the MWCNTs. When ABA was electropolymerized onto the 
surface of the MWCNTs/GCE, the Rct value increased. After AuNPs was introduced, the 
Rct decreased, and when probe DNA was immobilized on the electrode surface, Rct obvi-
ously increased. The author explained that DNA was negatively charged and had electro-
static repulsion toward negatively charge [Fe(CN)6]3–/4–. The experimental results proved 
that different species had been immobilized on the surface of modified electrode from 
change in electron transfer resistance.

Enzyme Detection

Recently, nitrogen-doped carbon nanotubes (CNx-MWCNTs) are extremely attractive as 
important nanomaterials in biosensing applications. Because of the hydrophobic char-
acteristics of CNTs surface, it is necessary to functionalize CNTs with polymers, guest 
molecules, or side wall substituents to improve the biocompatibility [162]. Compared with 
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CNTs, CNx-MWCNTs have larger surface-active, group-to-volume ratio, thermal stability, 
superb electrical and mechanical properties [163–165]. Several reports studied the electro-
catalytic behavior of CNx-MWCNTs toward the glucose oxidase (GOx). Deng and Jian [166] 
investigated the direct electron transfer of GOx at CNx-MWCNT–modified electrode and 
its applications. CNx-MWCNTs suspension (3.5 μL) was dropped on the prepolished GCE 
surface and dried at room temperature. The EIS experiments were carried out with 0.1 M 
KCl solution containing 5 mM K3[Fe(CN)6]/K4[Fe(CN)6]. The frequency range is between 
10–2 and 105 Hz, and the amplitude of the potential is 5 mV. The Nyquist plots are shown 
on Figure 4.31.

In Figure 4.31, the bare GCE shows an electron-transfer resistance of about 2800 Ω, which 
is larger than the CNx-MWCNT–modified GCE. It proves that the CNx-MWCNTs could 
act as a good electron–transfer interface. Then, when the GOx was coated on the bare 
electrode, the resistance increased significantly, which proved that the bulky GOx mol-
ecules blocked the electron exchange between the redox probe and electrode surface. After 
GOx was absorbed on CNx-MWCNT–modified GCE, the semicircle diameter in Nyquist 
plot was lower than CNx-GOx–modified GCE. The author explained that it could also 
accelerate the electron transfer between the electroactive sites embedded in enzyme and 
electrode.

The nucleotide sequence of the HIV-1 genome1 reveals that the HIV-1 virus encodes 
an aspartic protease (HIV-1 PR), an essential enzyme for virion assembly and maturation 
[167]. The enzyme will be inactivated because of mutation or chemical inhibition, leading 
to the production of immature, noninfectious viral particles [168]. The approach to assay 
HIV protease has been developed both in vitro and in vivo, including applying polypro-
tein or oligopeptide substrates, utilizing gel electrophoresis, as well as introducing high-
performance liquid chromatography for ascertaining the presence of cleavage product 
[169–171]. These methods can only detect the inhibitor in the micromolar range, whereas 
only a nanomolar or lower range of such drugs can be used in HIV-1 therapy [172]. EIS is a 
quite efficient and highly sensitive electroanalytical method that can provide direct detec-
tion of immunospecies by measuring the change in impedance. Besides the convenience 
and operation simplicity, EIS provides a nondestructive method to characterize the electri-
cal properties at biological interfaces [173,174]. Another application in HIV-1 PR detection 
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with gold-modified MWCNT was developed by Mahmoud and Luong [175]. Their works 
describe an ultrasensitive impedance procedure for detecting HIV-1 PR and screening its 
potent inhibitors using ferrocene (Fc)-pepstatin–modified surfaces. The gold electrode sur-
face was treated with thiolated single-walled carbon nanotube/AuNP. The single-walled 
carbon nanotube samples (diameter: 1 nm; CNTs purity: >90 wt.%; length: 5–30 μm; spe-
cific surface area: 407 m2/g; electrical conductivity: >10–2 S/cm) were supplied by Carbon 
Nanotechnology (Houston, TX). The HIV-1 PR recombinant was expressed in Escherichia 
coli. The human serum albumin and human male serum were obtained from Sigma (St. 
Louis, MO), and DTT (±threo-2,3-dihydroxy-1,4-butanedithiol) was obtained from Fluka. 
The other two HIV-1 drugs Kaltera and Telzir were obtained from Dr. Chris Tsoukas from 
the McGill University Health Center (Montreal, QC, Canada). The electrodes were then 
incubated in four different kinds of solutions with a fixed enzyme concentration (10 pM) 
and increasing concentrations of the desired inhibitor as the following ratios: HIV-1 PR/
inhibitor: 1:0, 1:1, 1:10, and 1:100. Impedance measurement, using 1 mM Fe(CN)6

3–/4– as the 
redox probe, shows a typical Nyquist plot for the CNT/AuNP-modified gold electrode, as 
is shown in Figure 4.32.

The EIS equivalent circuit can be described as a Randles model: [Rs(Cdl(RctW))], with mixed 
kinetic and diffusion control component. The binding event between a target analyte and 
its corresponding ligand will block the diffusion and, on the other hand, serves as a passage 
between the redox probe and the active area of the detecting electrode. Consequently, Rct 
becomes increasingly high and can be used to monitor the binding event. Therefore, Rct is 
the most directive and sensitive parameter that responds to changes on the electrode inter-
face, as represented by the diameter of the semicircle in the Nyquist plot [176]. A consider-
able increase in Rct was observed with the Fc-pepstatin/CNT/AuNP electrode compared 
with the CNT/AuNP-modified electrode (4814 vs. 19.6 Ω). Such behavior demonstrated that 
the electron transfer to the electrode was significantly reduced for the binding between 
Fc-pepstatin and CNTs. The subsequent HIV-1 PR binding (10 and 100 pM) to Fc-pepstatin 
caused an Rct increase to 10,230 and 11,620 Ω, respectively. As expected, changes in Rs, 
Cd, and W were insignificant compared with the change in Rct. The modified circuit also 
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provided an accurate fitting to the experimental data at both low and high frequency for 
the Fc-pepstatin/CNT/AuNP–modified electrode, as well as the subsequent binding event 
with HIV-1 PR (Figure 4.32b). The binding of HIV-1 PR (10 pM) to the Fc-pepstatin/CNT/
AuNP–modified electrode led to an obvious change in Rct. The Fc-pepstatin binding site 
became almost saturated, since further increase in the HIV-1 PR concentration beyond this 
level only effected a slight increase in Rct. On the basis of this finding, the Fc-pepstatin/
CNT/AuNP–modified electrode together with 10 pM HIV-1 PR was used as a starting 
point for testing the selected HIV-1 PR inhibitors. This result has demonstrated the pos-
sibility of using MWCNTs together with AuNPs and ferrocene-conjugate nanomaterials 
in imped ance spectroscopy for detecting HIV-1 protease and subsequent evaluation of the 
enzyme inhibitors at picomolar levels.

Catalysts

The direct methanol fuel cell (DMFC) is commonly accepted as a potential material for 
energy-generating devices because of its simple structure, liquid fuel, and environmen-
tal cleanliness [177,178]. However, the electrochemistry performance of DMFCs is greatly 
hampered by the slowly oxidation rate of methanol. It is widely accepted that Pt surface 
poisoning by CO-like species produced during methanol oxidation is the critical reason 
for the low reaction rate. To solve this problem, Pt-based alloys (including PtRu and PtSn) 
[179,180] and Pt/metal oxide composites (including Pt/SnO2 and Pt/RuO2) [181–183] have 
been used to increase the activity and CO tolerance of the catalysts. Song and Xiao [184] 
utilized Pt, S, TiO2, and CNT composite as a catalyst in DMFC. As is generally accepted 
that CO-like species can lead to Pt surface poisoning and reduce the rate of reaction, the 
author introduced the Pt–S–TiO2/CNT electrode to improve the catalytic activity and CO 
tolerance of Pt, as well as high electron and proton conductivities. The S–TiO2/CNTs were 
prepared by an improved sol–gel and ethylene glycol reduction methods. The content of 
sulfated TiO2 in the S–TiO2/CNTs was 40 wt.%. The EIS studies were carried out in the 
solution containing 1.0 M CH3OH and 1.0 M HClO4, as is shown in Figure 4.33.

From the Nyquist plot, the diameter of right semicircle is a measurement of the charge 
transfer resistance, which is related to the reaction kinetics of charge transfer. The diame-
ter of right semicircle of Pt–S–TiO2/CNTs is smaller than that of Pt–TiO2/CNTs, indicating 
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that Pt–S–TiO2/CNTs decrease the charge transfer resistance. Thus, it demonstrates an 
improvement about the kinetic of methanol oxidation of Pt–S–TiO2/CNTs catalyst.

Lithium-Ion Battery Applications

Recently, rechargeable lithium batteries have become the main energy storage systems for 
a wide range of applications [185,186]. Arie and Chang [187] applied fullerene coating film 
on Si for rechargeable lithium batteries. For anode materials, rechargeable lithium batter-
ies with graphite only give a limited capacity of about 372 mA h g–1. Due to the theoretical 
capacity of silicon, it demonstrates a promising capacity to replace graphite material. Some 
approaches were utilized to modify the surface property of Si thin films to give it a better 
electrical contact and lower cell failure. Here, the author applied fullerene coating on Si thin 
films, which have a high specific capacity of 3000 mA h g–1 and a good retention for 40 cycles. 
The fullerene-coated silicon thin films have been synthesized by RF plasma–assisted deposi-
tion techniques. It is generally expected that fullerene films could serve as a buffer layer to 
reduce the effect of the volume expansion during the repeated cycling as well as to improve 
the Li-ion kinetic property at the interface of both the Si electrode and the electrolyte.

Figure 4.34 shows EIS plot of Si thin films and the first cycle after fullerene coating. 
The semicircle in the high-frequency range indicates the migration progress of Li ions 
on the surface of the electrode, whereas the semicircle in medium frequency range shows 
the charge transfer process at the interface between the electrode and the electrolyte. The 
impedance of Si thin film is larger than fullerene-coating film due to the continuous for-
mation of the solid electrolyte interface (SEI) layer, which is unstable and makes the charge 
transfer process difficult. The higher value of surface film resistance (Rf_1) is caused by the 
direct contact with electrolyte, and certain percentage of the electrolyte decomposition 
occurs and then forms on the SEI layer. It is then followed by a high-charge transfer resis-
tance (Rct_1). For the fullerene-coating film, its impedance is much smaller than bare Si film, 
since it could provide a relatively more stable surface against the side reactions with the 
electrolyte. It demonstrates lower resistance both for the surface film resistance (Rf_2) and 
the charge transfer resistance (Rct_2), so it provides a favorable path for Li ion transfer and 
suppresses the side reaction between the electrode–electrolyte interfaces.
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Another lithium-ion battery cathode material, LiNi1/3Co1/3Mn1/3O2, was reported by 
Ohzuku and Makimura [188] in 2001. To enhance the performance of cycling rate, Guo and 
Shi developed the carbon coating on LiNi1/3Co1/3Mn1/3O2 using polyvinyl alcohol (PVA) as 
a carbon source, because PVA could be pyrolyzed in air at low temperature conveniently 
[189]. Different amounts of PVA were added into the LiNi1/3Co1/3Mn1/3O2 with the ratio 
of 5:100, 10:100, 15:100, and 20:100, and then marked as PVA5, PVA10, PVA15, and PVA20, 
respectively.

Electrochemistry equivalent circuit is the same as shown in Figure 4.35. Rs denotes 
the ohmic resistance, whereas Rf and CPE1 represent the surface resistance and associ-
ated capacitance. Rct is the charge transfer resistance, CPE2 is allocated with its interfacial 
capacitance, and Ws represents the Warburg component. The EIS plot is given in Figure 
4.36a and b. We can conclude from the plot that the surface film resistance Rf is relatively 
small. It indicates that Rf has little effect on the performance of LiNi1/3Co1/3Mn1/3O2. In 
contrast, the charge transfer resistance (in the low-frequency region, as shown in Figure 
4.36a) decreases remarkably when carbon content increases. To explain this phenomenon, 
the author suggests that the carbon on the surface makes the lithium ion transfer across 
the interface between the bulk of active material and the SEI film easier. Thus, the carbon 
coating is helpful for improving the electrochemical performance of LiNi1/3Co1/3Mn1/3O2 as 
well as cycle performance and rate capability. Kim and Chung [190] also investigated the 
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carbon coating applications on SnS2 for lithium ion batteries applications. Similar conclu-
sions were also given by EIS plots.

Supercapacitance

Supercapacitors are highly attractive energy storage devices for their exceptionally high-
power and energy-density characteristics compared with conventional dielectric capaci-
tors and to their long cycle life in the applications of batteries. Certain kinds of metal 
oxide, such as RuO2, MnO2, and NiO2, have already been applied as a contribution for 
carbon-based supercapacitors [165,191]. Recently, graphene material has been considered 
for high mobility, chemical, and mechanical stability due to its unique structure of two-
dimensional layer hexagonal lattice of carbon atoms [192]. Kalpana et al. [193] fabricated 
ZnO/carbon aerogel composite electrode with a specific high capacitance of 500 F/g. In 
2009, Zhang and Pan [194] investigated graphene–ZnO composite film as an electrode for 
supercapacitor. The graphene was pasted on the indium tin oxide glass substrate. The 
graphene was fabricated by a modified Hummers method, and then ZnO was deposited 
by ultrasonic spray pyrolysis at a frequency of 1.65 MHz. The as-made graphene, pure 
ZnO film, and graphene–ZnO composite films were named ITO-G, ITO-ZnO, and ITO-
G-ZnO, respectively, for EIS study. 1 M KCl solution was used as electrolyte, and the fre-
quency range is from 10 kHZ to 10 MHz. Figure 4.37 shows the Nyquist plots of different 
electrodes.

In Figure 4.37, the high-frequency arc is ascribed to the double-layer capacitance (Cdl) 
in parallel with the charge transfer resistance (Rct) at the contact interface between the 
electrode and the electrolyte solution. In the low frequency, the result is explained by 
the electrode surface inhomogeneity and the existence of CPE. The resistance Rct values, 
which is calculated from the diameter of the high-frequency arc, are 17 and 3 Ω for ITO-G 
and ITO-G-ZnO, respectively. The electrochemical measurement shows that graphene–
ZnO composite film enhances the capacitive properties more than pure graphene or ZnO 
electrode.

Guo et al. [195] used graphene nanosheets (GNSs) as anode material for lithium-ion 
batteries. The GNSs were prepared using artificial graphite (AG) as material by a rapid 
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heating process and were then ultrasonically treated. EIS of the electrodes was performed 
utilizing an electrochemical workstation (CHI 660B) with amplitude of 5.0 mV over the 
frequency range from 100 kHz to 0.01 Hz. From Figure 4.38, the high-frequency semicircle 
is corresponded to the formation of SEI film and/or contact resistance; the semicircle in the 
medium-frequency region is assigned to the charge transfer resistance on the electrode–
electrolyte interface, and the inclined line at an approximate 45° angle to the real axis corre-
sponds to the lithium diffusion process within carbon electrodes. In high-frequency areas, 
the diameter of the semicircle for GNSs electrode is decreased evidently after 30 cycles. 
The author explained that the presence of functional groups at the unorganized carbon 
sites results in more irreversible lithium inserting in the electrode with the growth of cycle 
number, which could lead to the increase in electrical conductivity of GNSs. The variation 
in impedance in the medium-frequency region is investigated by modeling AC spectra 
according to modified Randles equivalent circuit presented. On the contrary, for the AG 
electrode, the diameter of the semicircle increases with the cycle process, which is due to 
the SEI on the surface of AG electrode, and grows thicker with cycle process, implying that 
the electrochemical activity of GNSs is enhanced.

Lee and Sivakkumar [165] developed VGCF (vapor-grown carbon fiber)/RuO2.xH2O 
nanocomposite for supercapacitor applications as well. RuO2.xH2O has been proved to be 
one of the best candidates for supercapacitor material becaue of its specific capacitance 
and long cycle life. Analysis from Nyquist plot of the pristine RuO2.xH2O electrode indi-
cates that the diffusion of solvated ions within the pristine RuO2.xH2O matrix is the rate-
determining step in the charge–discharge process. Both the pristine RuO2.xH2O and its 
composite electrodes prove stability and the capacitance retention over 104 cycles, at 90% 
and 97%, respectively.

DLC Biomedical Coating Materials

DLC thin films have excellent properties for biological and medical applications because 
of their excellent biocompatibility, chemical inertness, and superior mechanical proper-
ties. It is important for the surface properties of DLC thin films for these applications. 
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Several reports about DLC coating in biomedical implant application have been published. 
Nam et al. [196] studied DLC-Si coating stress effect in 0.89 wt.% NaCl-simulated body 
environment, and Turcio-Ortega et al. [197] investigated the corrosion behavior. For elec-
trochemistry corrosion character, impedance plot is always used as a measurement for 
related coating resistance Rp in the electrolyte. The electrochemical equivalent circuit of 
DLC is introduced in Figure 4.39. Here, Rs is the electrolyte resistance corresponding to 
the geometrical configuration of the electrodes. Rct and Cdl represent the charge transfer 
resistance and double-layer capacitance existing at the interface between the electrolyte 
and substrate, whereas Rp and Cco are the resistance and capacitance of the DLC coating 
related to the total effective coverage, material thickness, and other surface characteristics, 
respectively. This model can be applied in most of the DLC materials, with combining or 
simply changing some element parameters. In some previous reports, the resistance Rp 
can be replaced by Rpf, which represents the pore resistance on the sample surface [198]. A 
higher Rct implies a slow corrosion rate and good anticorrosion property.

In several previous reports, Cco and Cdl can be expressed with another impedance Zcpe, 
which is a CPE representing the deviation from the true capacitive behavior. The com-
plex impedance is given by Zcpe=[C(jω)α]–1. The coefficient α is the deviation index related 
to surface roughness and inhomogeneity of the electrode. The whole equivalent circuit 
model is simplified (Figure 4.40) and widely applied in many DLC samples.

In 2002, Papakonstantinou et al. [199] applied this model on a-C:H with Si incorporation. 
After the Si content grew onto the substrate, the corrosion resistance increased 11.8 %. Kim 
et al. [200] studied DLC corrosion performance in simulated body fluid environment in 
2005 (0.89% NaCl solution, pH 7.4 at 37°C) and concluded that Si incorporation in a-C:H 
could increase corrosion resistance Rp, as well as charge transfer resistance Rct.

Cco

Cdl

Rs

Rp

Rct

FIGURE 4.39
Basic electrochemical equivalent circuit of DLC as coating materials.

ZCPE(co) = [Cco( jω)αco]–1

Cdl

Cco

Rct

Rp

Rs

ZCPE(dl) = [Cdl(jω)αdl]–1

FIGURE 4.40
Combined electrochemical equivalent circuit of DLC.
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In 1999, Zeng and Liu [201] carried out electrochemical measurements on DLC, which 
was deposited on AlTiC (70% Al2O3 + 30% TiC) substrate. The different DLC films with 
four types of thickness (2, 5, 10, and 100 nm) are deposited on silicon-coating AlTiC sub-
strates by plasma-assisted ion beam technique. The C2H2 gas pressure is 0.1 mTorr with an 
inductively coupled radio frequency (13.56 MHz). Under the measurement, the resistance 
Rct and Rp are relatively low (corresponding to 2-nm DLC thickness) and increase dramati-
cally when the DLC layer becomes thicker (Rct = 500 MΩ cm2, Rp > 105 MΩ cm2 at 100 nm). 
The author explained that the low-frequency coefficient, α, was decreased from 0.93 to 0.80 
whereas coating thickness increased. The polarization plot demonstrates that the corro-
sion potential of DLC-coated sample is at least 90 mVSCE higher than the uncoated AlTiC 
substrate. In 2002, Zeng et al. [202] used magnetron sputtering method to form DLC con-
ductive materials on silicon substrate. The DLC films were deposited with DC magnetron 
sputtering (500–900 W) using a graphite target of high purity (nominal purity, >99.995%) 
on highly conductive (1–6 × 10–3 Ω cm) silicon wafers (111). The potential measurement was 
carried on with respect to a saturated calomel reference electrode, and a platinum plate 

4 × 103

3 × 103

2 × 103

1 × 103

1 × 103 2 × 103 3 × 103 4 × 1030

0.0
0.0

2.0 × 107

2.0 × 107 4.0 × 107 6.0 × 107 8.0 × 107 1.0 × 108

4.0 × 107

6.0 × 107

8.0 × 107

1.0 × 108

0

(a) (b)

(c)

Re(Z) (Ω cm2)

Re(Z) (Ω cm2)

|lm
(Z

)| 
(Ω

 cm
2 )

|lm
(Z

)| 
(Ω

 cm
2 )

|lm
(Z

)| 
(Ω

 cm
2 )

|lm
(Z

)| 
(Ω

 cm
2 )

400

300

200
100

0
0 100 200 300 400

F

A–E
A–F
B–E
B–F
C–E
C–F
D–E
D–F

A–E
A–F
B–E
B–F
C–E
C–F
D–E
D–F

E

F
E

2.0 × 108

2.0 × 108

8.0 × 108

6.0 × 108

4.0 × 108

4.0 × 108 6.0 × 108 8.0 × 1080.0

0.0
0.0

1 × 108

1 × 108 2 × 108 3 × 108

3 × 108

2 × 108

0.0

(d)

Re(Z) (Ω cm2)

Re(Z) (Ω cm2)

E
F

C

BA

D

A
B

C
D

FIGURE 4.41
Cole–Cole (Nyquist) plots of EIS results: The frequency range is 104–10–3 Hz, and amplitude is 15 mV. The E 
curve gives out experimental data, and F curve presents fitting data. The b–d plots on DLC film samples depos-
ited at different puttering powers: 500–650 W (b), 700–850 W (c), and 900 W (d). The double-layer capacitance on 
the DLC films is approximately 0.571–3.91 × 10–6 F cm–2, which is smaller than that of some popular electrode 
materials and comparable with that of diamond. (From Zeng, A., Thin Solid Films, 426, 258, 2003. With permis-
sion.) [201]
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counter electrode was used. The Cole–Cole plot result is given by Figure 4.41. Pleskov 
et al. [203], in the same year, researched the electrochemical behavior of DLC on p-type 
silicon and glassy carbon substrate. From the electrochemical study, they proved that rea-
sonable admixture of Pt (10% platinum in DLC) made the film suitable for fabrication as 
electrodes.
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Introduction

There are three phases that a drug has to undergo before it takes effect in the human 
body: pharmaceutical phase, pharmacokinetics phase, and pharmacodynamic phase. 
Pharmaceutical phase is the initial phase when the formulation breaks apart and the active 
ingredient dissolves. The pharmacokinetics phase concerns how the drug is affected by 
the physiological system. Pharmacodynamic phase is the one in which the drug reaches 
the targeted site and takes action. From the site of administration to the targeted site, vari- From the site of administration to the targeted site, vari-rom the site of administration to the targeted site, vari-
ous mechanisms, both biochemical and physical, take place in the human body. Drugs are 
selected or transformed or even destroyed and its therapeutic effects are limited [1]. The 
objective of drug delivery research is to neutralize the negative effects and to improve the 
efficacy of the medicine by bypassing those undesirable processes.

The demand for a delivery system becomes more urgent in recent years because new 
technologies and clearer biological insights have led to new classes of therapeutic agents. 
Typical examples are antibodies, gene-based drugs, antisense oligonucleotides, virus-like 
particles, recombinant proteins, and hormones. The potency and activity of these bio-s. The potency and activity of these bio-. The potency and activity of these bio-The potency and activity of these bio-he potency and activity of these bio-
technological agents are often thwarted by the wrong or improperly constructed delivery 
systems, because of the fact that these agents frequently have short half-lives, poor perme-
ability in membranes, and serious toxicity when delivered systemically in large doses [1].

Drug delivery system design has been an integral part of drug development in the phar-
maceutical industry. It provides the functions of protection, targeting, and release rate 
control. Protection of therapeutic agents can be realized by packing the drug in a carrier so 
that the direct contact between the drug and the physiological environment is avoided. If 
the packaging material is well selected, it could enable drug permeation across membranes 
and physiochemical barriers (such as the blood–brain barrier and skin). Surface modifica-
tion of the packaging materials using highly specific recognition molecules could induce 
localized accumulation of the drug in a preferred site for action (targeting). Eventually, 
drug molecules have to be released from the package to take effect. 

Coating Technology in Release Rate Control

Drug delivery system design is essentially a step of the formulation development in the 
overall drug development process. Coating technology has been used extensively in 
different formulations to address different issues: taste masking [2], protection [3], coloring, 
release rate control, and targeting. Among different applications of the coating technology 
in the drug delivery, this chapter focuses on release rate control by coating technology. The 
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advantages of applying coating in release rate control are its flexibility to be used in the 
realization of both sustained and pulsatile drug release profiles. 

Sustained Release Profile

One of the main objectives of drug delivery is to maintain the concentration of the drug suf-
ficiently high at the site of action to exert the therapeutic effect, while ensuring that it is not too 
high to cause any detrimental side effects. The concentration range bound by these upper and 
lower limits of the drug concentration is also known as the therapeutic window. To maintain 
an essentially constant blood drug level within this therapeutic window over a period of time, 
Smith, Kline, and French designed and commercialized sustained drug delivery systems in 
the late 1940s. Sustained drug delivery is ideal for drugs that have a short half-life and a nar-
row therapeutic window (potent drugs). Sustained drug delivery is also a better option for the 
treatment of chronic diseases, which requires prolonged drug action time (e.g., cancer, high 
blood pressure). Therefore, toxicity and the inconvenience of the repeated dosage are greatly 
reduced. Depending on the nature of the disease and the medicine, the therapeutic window 
could be large or narrow. This imposes stringent requirements for drug delivery systems to 
provide a narrow therapeutic window and control release rate precisely. A rate-limiting coating 
on the drug carrier is commonly used to achieve a sustained release profile.

Pulsatile Release Profile

Most physiological systems work in a negative feedback manner, and only vary in a 
narrow range. A typical example is the blood glucose concentration. Glucose is a major 
energy source for human beings. It is taken from food and converted into glycogen in liver 
and muscles, where glycogen is also able to convert back to glucose, as shown in Scheme 1.

 
Glucose Glycogen1

2

k

k
→←

 
Scheme 1

At equilibrium, k1 is equal to k2, resulting in a constant blood glucose concentration of 
70–100 mg/dL (3.9–6.1 mmol/L) for healthy people to guarantee that a sufficient amount of 
energy is supplied to the system. 

In a simplified picture, if the glucose concentration goes higher than the normal level 
(after food), the body will send messengers (insulin) to the liver and the muscle to speed 
up the conversion of glucose to glycogen (k1 > k2), to reduce the glucose concentration, 
whereas if the blood glucose concentration is lower than the normal level (hungry), mes-
sengers will be absent; hence, the reverse reaction is dominating (k1 < k2), resulting in an 
increase in the glucose concentration.

Many physiological peptides and proteins, which act as messengers to maintain the equi-
librium of the physiological system, are collectively known as hormones. They are released 
in the body in a pulsatile fashion on an as-needed basis as opposed to a continuous release. 
Diseases caused by functionality or secretion deficiency of this kind of proteins are often 
treated by the administration of the same kind of proteins obtained from other sources 
(animal or human recombinant proteins). A significant challenge in hormone delivery is 
to prepare delivery systems that release hormones in a non–zero-order fashion to better 
mimic physiological hormone release. Using pulsatile/controlled delivery systems func-
tion in an on–off manner to deliver protein or peptide drugs in response to internal or 
external stimuli is the ideal choice (Figure 5.1).
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Externally regulated pulsatile delivery systems may be considered open-loop systems 
(Figure 5.2a) and the internal or self-regulated systems may be considered closed-loop 
systems (Figure 5.2b). It is obvious that the closed-loop system is a more suitable choice 
because of its ability to be self-controlled. Overdose of hormone drugs such as insulin 
is highly undesirable because it leads to coma and death [4]. A good control over the 
release rate, especially at off-state, is thus the key issue in pulsatile/controlled delivery 
systems to minimize any leakage. To realize pulsatile drug delivery and to control its 
release rate at different states, a responsive material can be coated onto the conventional 
drug carrier.

This chapter is devoted to address four fundamental questions: (1) What mecha-
nisms are used to control release by coating? (2) What materials are usually used for 
coating the drug delivery systems? (3) How are different release profiles achieved, 
and can their release rates by different types of coatings be controlled? (4) What tech-
niques are used to realize different coatings in both large-scale production and research 
laboratories? 
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FIGURE 5.1
Pulsatile release profile.
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Open- and closed-loop control systems.
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Release	Rate	Control	Principles	

Release rate control is eventually a control over the driving force for the drug release. 
Among different driving forces, diffusion, erosion, and osmotic pressure are the most 
commonly encountered ones in coated drug delivery systems.

Diffusion

The most commonly used driving force in drug delivery systems is probably diffusion. 
At device level, there are two basic configurations of diffusion-controlled systems: matrix 
based (tablets) and membrane based (capsules and tablets) (Figure 5.3). In matrix-based 
systems, also known as monolith systems, drug molecules are entrapped in a polymeric 
matrix, and its release rate is controlled by the diffusivity of the drug. On the other hand, 
in membrane-based systems, drugs are carried in a separate reservoir, and one or more 
surfaces of the reservoir are permeable to the drug. Drug molecules have to dissolve or 
partition into the membrane and then diffuse out from it.

Although it is more popular to use matrix-based systems for drug delivery, a lot of 
them require modifications to alter their release profiles. One of the most commonly used 
modifications is to coat the surface of the original matrix with another material. Such sys- is to coat the surface of the original matrix with another material. Such sys-
tems are more similar to membrane-based systems when their release mechanisms are 
concerned: the core serves the same function like the reservoir. Drug molecules have to 
dissolve into the coating/membrane first (partition step), diffuse along a concentration 
gradient in that layer, and then release to the surroundings. In other words, there are two 
factors governing the overall release rate of diffusion-controlled systems: diffusivity and 
partition coefficient.

The release mechanism of such a system is more complex compared with a simple 
matrix-based system for two reasons: (1) drug molecules diffuse in two different regions 
with different diffusivity, and (2) besides diffusion, there is an extra step governing the 
overall release rate, which is partition. The complication due to the partition step is because 
only drug molecules inside the membrane/coating could be released, but drug concentra-
tion in the membrane might not be equal to the drug concentration in the donor/matrix. 
This scenario is illustrated in Figure 5.4 where CD and CR are the donor and receptor drug 
concentration, respectively; CA and CB are the drug concentration in the membrane at two 
interfaces; and L is the membrane thickness. Under a perfect sink condition (CR(t) = 0), it 
is reasonable to assume that CB = CR, but CD is usually different from CA, and the ratio 

between these two is called partition coefficient (K C
Cp

A

D

= ).

Membrane

Matrix 

Drug

FIGURE 5.3
Matrix and membrane-based drug delivery systems.
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In this situation, Fick’s first law inside the membrane can be written as
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= −
 

(5.1)

where s is the mass per unit area.
Due to mass conservation, the amount of drug transported from region A to region B 
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s
V

A
A

, whereas the concentration 

in region B of the membrane is increased by 
s
V

A
B

. Therefore, at any instance, the concen-Therefore, at any instance, the concen-

tration difference in the membrane is V
V
V

C CA
B

A
B B− − . VA and VB denote the volumes of 

regions A and B, respectively, and A denotes the effective area of the membrane. Therefore, 
the equation becomes
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Under an infinite source condition, there is a constant source outside the system (mem-
brane) to maintain CA at a constant value at all times; and initial condition CB(0) = 0, 
Equation 5.2 becomes
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Since A and B are interfacial regions, it can be inferred that VA = VB as long as surface area 
of the membrane at both sides are equal; therefore, the above equation can be simplified 
to be
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(5.4)
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FIGURE 5.4
Illustration of diffusion process through membrane-based system (left) and coated microsphere (right).
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The model, derived in 1931 [5], assumes the donor chamber to be an infinite source for dif-
fusion, and a linear concentration distribution inside the membrane (same assumption to 
derive equation).

The above derivation is based on membrane only. If we extend the domain of interest 
slightly to include a layer of water in both sides of the membrane, then the above equation 
becomes
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(5.5)

Where Deff is the effective diffusion coefficient, taking into account of the transport from 
donor to the membrane. It is equal to 

 Deff = KpD (5.6)

In practice, a finite period of time is needed to establish the equilibrium in the mem-
brane. By non–steady-state analysis, under the condition such that concentrations at both 
sides of the membrane are constant and the initial concentration in the membrane is con-the initial concentration in the membrane is con-initial concentration in the membrane is con-
stant C0 as well, then the concentration inside the membrane is given by
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(5.7)

If the exponential terms vanish as time goes to the infinity, the concentration gradient 
inside the membrane will be a straight line, which proves the assumption in the previous 
model is reasonable.

Total solute (Q, g/cm2) passes through the membrane at time t is obtained by integrating 
flux with respect to time
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In most experimental setup C0 = CB = 0 (perfect sink condition), so that
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When the equilibrium is established (exponential term vanishes):
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From the intercept of Qt vs. t curve on t-axis, the effective diffusion coefficient could be 
obtained from the slope, whereas CA could be calculated from the y-axis intersection.

Another form of solution under the same condition (constant donor concentration, con-
stant diffusion coefficient, and perfect sink), flux (g/(cm2 · t)) at the donor side is given by
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By taking only the leading term, the flux at the donor side of the membrane is simplified 
to [6]
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According to this equation, the effect of partition and diffusion in the membrane can be 
separately calculated.

Chen and Lee [7] ignored the partition effect and studied the drug distribution and 
release behavior for the case where the core and the coating have different drug diffusiv-
ity. Their theoretical study showed that the ratio between the diffusivity of the drug in the 
coating and the diffusivity in the core was a major factor that affects the release rate and 
the lag time (the time between onset of the experiment and the instance when drug can be 
detected in the medium): the higher the ratio, the higher the release rate and the shorter the 
lag time. This finding has been intuitively applied in numerous coating designs.

Diffusivity Control Theory

The diffusion coefficient is extremely important in diffusion because it measures the 
number of solute being transported through a unit cross-sectional area in a unit time, 
so it tells how fast a solute molecule could travel in a given system. Because diffusion is 
eventually a type of motion, any factors, that is, the interaction between solute molecules, 
the interaction between solute and solvent, and barriers to move and infl uence the mobil-interaction between solute and solvent, and barriers to move and infl uence the mobil- and infl uence the mobil- influence the mobil-
ity of a solute, would affect its diffusion coefficient. In drug delivery devices, where the 
drug (solute) is often released (through diffusion) from membrane or matrix, the release 
rate could be affected by all the factors that affect its diffusion coefficient. Control of the 
drug release rate is one of the essential issues in drug delivery; therefore, it is the control 
of the diffusion coefficient critical in the design of drug delivery devices. In this sec-
tion, limiting factors of the diffusion coefficient and their mathematical models will be 
discussed.

The simplest case of diffusion in a solution is a binary system where solutes are nonelec-a solution is a binary system where solutes are nonelec-solution is a binary system where solutes are nonelec-
trolytes, and the interaction between solutes is ignored (dilute solution). By considering 
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the thermal energy as a force exerted onto the solute, and assuming solute molecules are 
sphere in shape (with radius a) and are much greater than solvent molecules, the well-
known Stokes–Einstein equation would be derived [8]:

 
D

k T
a

B=
6π  

(5.13)

where kB is Boltzmann’s constant, 1.38054 × 10–23 J/K, and T is the absolute temperature. 
If the solute is not a sphere, yet its diffusion coefficient is known, the resulting radius is 
called hydrodynamic radius. Sometimes, the denominator of the above equation is also 
known as the frictional drag coefficient, denoted by f.

The diffusion system described by Stokes–Einstein equation considers only hydro-
dynamic interactions between the solute and the solvent. In drug delivery systems, the 
medium that drugs diffuse through is composed of not only the solvent but also other 
components (i.e., polymer chains), which contributes to dragging forces in diffusion. 
The effect of the membrane or the matrix on diffusion could be described from differ-
ent perspectives: porous and nonporous. In the porous consideration, polymeric chains 
are thought to construct randomly oriented channels, which allow solvent and solute to 
flow through. In the nonporous consideration, solute molecules dissolve in the membrane 
and diffuse through it [9]. As more dragging forces exist, the diffusion coefficient through 
polymers is generally smaller than that in a pure solvent.

Porous Perspective

The simplest case of diffusion through pores is that all long-range interactions (i.e., electro-
static force, van der Waal force) are ignored but only considered restriction of pore walls 
on solute motion. Two main factors hindering diffusion in porous polymers should be 
considered: steric hindrance at the entrance to pores and the frictional resistance within 
the pores (Figure 5.5). It is reasonable to expect that the degree of hindrance depends on 
the relative size of the solute and the pore. If we assume cylindrical shape for the pores, it 
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FIGURE 5.5
Hindrance effect.
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is possible to describe the two hindering factors discussed above theoretically. Ferry [10] 
addressed the steric hindrance issue by only allowing molecules without striking the edge 
to enter the pore. Assuming the pore is cylindrical with inner diameter r, and the solvent 
molecule is so small that the system could be treated as a continuum, solutes of radius a 
could pass through the pore only if r – a > 0. Hence, the effective area of opening Aeff (the 
area inside the dashed line) is given by

 
A A

a
reff = −0

2

1
 

(5.14)

where A0 is the total cross-sectional area of the pore. With a given geometry of the pore, 
the effective opening is very sensitive to the shape of the solute. Although we limit our dis-the shape of the solute. Although we limit our dis-shape of the solute. Although we limit our dis-
cussion on spherical solutes, even proteins classifi ed as globular proteins are not necessar-s, even proteins classifi ed as globular proteins are not necessar-, even proteins classified as globular proteins are not necessar-
ily sphere, bovine serum albumin (BSA) is an ellipsoid of axial ratio 3.4 [11]. Fifty percent 
reduction of the effective diffusion coefficient of BSA through a noncharged membrane 
was reported [12] as compared with the value predicted by taking BSA as a sphere; there-
fore, caution has to be taken when a hydrodynamic radius is used to predict the effective 
diffusion coefficient in a release medium.

The second factor, friction of the solute moving inside the pore, was correlated to the 
effective surface area by [13]
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The total effect due to steric hindrance and frictional resistance is given by the Renken 
equation [14]
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After we obtained the total effective area of pore opening, we need to relate it to the total 
surface area (A) to formulate the relationship between the effective diffusion coefficient 
(Deff) and the diffusion coefficient in a pure solvent (D). To do so, the volume fraction of the 
void space, also known as porosity (ε) is introduced, such that

 A0 – Aε (5.17)

Another factor that needs to be considered is the distance traveled by the solute. In pore 
models, solute molecules are only transported through pores. However, the pore length 
and the distance that the solute travels are not necessarily equal to each other. To take this 
factor into account, tortuosity, which is defined as the ratio of the path length traveled by 
the solute d to the end distance L is introduced (Figure 5.6).

Since only the total surface area, the porosity, and the membrane thickness can be 
measured, the diffusion coefficient calculated from the Fick’s first law is only an effective 
value (Deff) 
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But in fact, solute has traveled a distance d, and the area for diffusion is only Aeff, so we 
should have
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Therefore,
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Substituting Equation 5.17 into the above equation:
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Therefore, the effective diffusion coefficient would be correlated to the diffusion coeffi -the diffusion coeffi -diffusion coeffi-
cient in a pure solvent by the following equation
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Due to the steric hindrance, the solute concentration in the membrane (mass of the solute 
in the membrane divided by volume of solution in the membrane) is smaller than the 
concentration outside. Therefore, the first term in Equation 5.22 is also known as partition 
coefficient (Kp). Similarly, the second term is known as the fraction reduction in diffusivity 
or hydrodynamic dragging factor (Kd). The above equation therefore could be written in a 
compact form:
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FIGURE 5.6
Definition of tortuosity.



206	 Biological	and	Biomedical	Coatings	Handbook:	Applications

If the pore size is so small that the entrance of solvent molecules (radius: b) is hindered as 
well, partition coefficient would be written as [15]:
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A more rigorous and general derivation was reviewed by Deen [11]. Diffusion of the sol-the sol-sol-
ute inside solvent-filled pore was described by Langevin equation for a sphere of mass m, 
radius a with velocity v (Figure 5.7) [16].
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The first term on the right-hand side of the above equation is also known as Stokes force 
on the sphere in an unbounded fluid [17].

Substituting the expression for driving forces [18] to produce diffusion motion into the 
above equation by considering only the concentration difference, we have
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At equilibrium, the diffusion motion force (second term of the right-hand side) is exactly 
balanced by the hydrodynamic force (first term of the right-hand side). A factor K is intro-
duced to account the effect of the sidewall:
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Solute in a pore.
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By dimensional analysis, it is easy to show flux J = vC, and Equation 5.27 is rewritten as
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So far, the analysis is on a single-solute molecule (Brownian motion). To understand the 
macroscopic diffusion behavior, we consider the average flux in the pore. The average flux 
averaged over the pore cross section is
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By combining Equations 5.28 and 5.29, the relationship between the fl ux and the concentra-Equations 5.28 and 5.29, the relationship between the fl ux and the concentra-s 5.28 and 5.29, the relationship between the fl ux and the concentra- 5.28 and 5.29, the relationship between the fl ux and the concentra-5.28 and 5.29, the relationship between the fl ux and the concentra- 5.29, the relationship between the fl ux and the concentra-5.29, the relationship between the fl ux and the concentra-the fl ux and the concentra-flux and the concentra-the concentra-concentra-
tion could be established:
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Now we need an expression for C so as to substitute C in Equation 5.30. The two-dimensional 
concentration distribution along the z direction was found to be a function of x, g(x), and the 
long range interaction between solute and the pore wall, E(β), which is
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From Equations 5.30 and 5.31, a local flux equation is obtained:
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To solve the above partial differential equation, we need two boundary conditions, which 
are concentrations at both ends of the pore C0 and CL. Because of the exponential distribu-
tion of concentration in the z direction, the average number of solutes enter/leave the pore 
(Cb) is less than the number of solutes available in the bulk (Cb) by a factor of Kp
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Integrate Equation 5.33 over the total pore length L:

 J L K K D C C⋅ = − −p d L( )0  
(5.34)

Comparing Equation 5.34 with Fick’s first law, the flux equation obtained here is equivalent to 
Fick’s first law when the concentration gradient is linear. It is worth noting that Equation 5.34 
was derived based on a single straight pore, with number of pores per unit area and channel 
orientation in consideration, and ignore any long-range interaction (E(β) = 0). Equations 5.34 
and 5.23 are in fact identical, and the coefficients in both equations share the same physical 
meaning.

To estimate the effective diffusion coefficient in porous membranes, an expression of 
Kd is required. Different hydrodynamic dragging factors have been presented by Deen 
[11]. An exact expression of the hydrodynamic dragging factor was given by Brenner and 
Gaydos [17]:
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Equation 5.15 was proved to be a special case of Equation 5.35 when the average hydro-5.15 was proved to be a special case of Equation 5.35 when the average hydro- was proved to be a special case of Equation 5.35 when the average hydro-was proved to be a special case of Equation 5.35 when the average hydro- Equation 5.35 when the average hydro-5.35 when the average hydro- when the average hydro- average hydro-
dynamic dragging factor across the channel is assumed to be equal to the hydrodynamic 
dragging factor along the centerline (centerline approximation). The centerline approxi- along the centerline (centerline approximation). The centerline approxi-
mation is a reasonable assumption because the viscosity of the solution is constant until 
a distance from the wall of one solvent molecule (water molecule size = 2 Å) [19]. The 
minimum distance of a solute to the pore side wall of the pore is defi ned by Bohor repul-the pore side wall of the pore is defi ned by Bohor repul-pore side wall of the pore is defi ned by Bohor repul-of the pore is defi ned by Bohor repul-is defined by Bohor repul-
sion distance = 1.54 Å, which means the viscosity of the solvent in which a solute could 
be found is equal to the viscosity in the centerline. Hence, the most sensitive parameter to 
external potential energy is the partition coefficient (Kp).

At low solute concentration, the pore model presented above works well for neutral sol-
utes without interacting with the membrane. However, in practice, the interaction between 
solute and membrane could be prominent, and more sophisticated models concerning the 
solute–membrane interaction (E(β) ≠ 0) were recently summarized briefly by Ladero et al. 
[19]. van der Waals interaction between solute and pore wall was formulated by Hamker 
[20], and van der Waals interaction for different geometries were given by Tadmor [21]. 
Shao and Baltus [22] incorporated the van der Waals interaction energy with the pore 
model, such that
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where A is the Hamaker constant (J), which varies from case to case. The Hamaker con-
stant A312 for the interaction between solutes 2 and 3 in medium 1 was given in terms of 
the interaction between molecules of the same type separated by vacuum (A11, A22, A33) 
[23]:

 A A A A A A= = −( ) −( )312 33
0 5

11
0 5

22
0 5

11
0 5. . . .

 (5.37)
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Hamaker constant (Awater-water = 3.51 × 10–20 J) of some commonly used solute and solvent 
could be found in literature [19, 22]. As a result of introduction of van der Waals interac- Waals interac-aals interac-
tion, when the solute is very close to the pore wall, the interaction energy is blooming 
up infinitely, which implies deposition of the solute on the pore wall. For nonabsorbing 
solutes, it is necessary to define a region in which van der Waals interaction is present 
(region I), and in the region that is very close to the pore wall, van der Waals interaction 
is absent (region II). Typically, the region I extend from centerline to z = r – 0.05a, so that 
partition coefficient is
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The effects of the electrostatic double-layer and the acid–base interaction between solute 
and pore wall have been added to the external potential function [24,25]. Experimental 
results [19] suggested that the model proposed by Bhattacharjee and Sharma [24] fitted for 
protein solution (BSA) the best. In the same report [19], an empirical correction of Hamaker 
constant dramatically improved the performance of Shao’s model dramatically.

The last but not the least factor that controls diffusion coefficient of macromolecules 
through fine pores is the solute concentration. It has been reported that the partition coef-the solute concentration. It has been reported that the partition coef-solute concentration. It has been reported that the partition coef-
ficient was shown to increase with bulk solution concentration. This could be explained 
by the change in molecular size with concentration. For a dilute solution in a good sol-the change in molecular size with concentration. For a dilute solution in a good sol-change in molecular size with concentration. For a dilute solution in a good sol-a dilute solution in a good sol-dilute solution in a good sol-
vent, coiled molecules expand; however, as the concentration increases, the repulsion force 
between solute molecules pushes the entangled molecule segments back. Therefore, the 
molecule becomes smaller. At high concentrations, the dimensions approach their unper-
turbed values [26]. However, literature results show the inverse for some flexible solutes, 
such as BSA [27] and polyethylene glycol (PEG) [28]. Pioneer work by Batchelorz [29], who 
eliminated the solution constraint, offers a concentration dependent expression of the dif-the dif-dif-
fusion coefficient.
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where → is the volume fraction of the particles (φ = C
NV
MW

), and n is the mean number den-

sity of the particles, d
d
Π
n

is the derivative of chemical potential per particle, which serves 

as the thermodynamic driving force for diffusion. K(→) is the sedimentation coefficient. 
The first term of the above equation is in fact a concentration dependent friction dragging 
coefficient f(→) similar to f in the Stokes–Einstein equation. For hard spheres in bulk solu-
tion, in which only two body interactions are considered, the effective diffusion coefficient 
is given:
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D0 is the diffusion coefficient at an infinite dilution. According to Equation 5.40, diffusion 
coefficient increases with increases in concentrations. In the case of BSA, coefficient of O(→) 
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is negative [30,31] when pH is close to its PI, suggesting a decrease in diffusion coefficient 
with increase in concentration.

The diffusion phenomenon discussed above can be described by Maxwell–Stefan theory. 
Maxwell–Stefan theory [32,33] is a generalized mathematical description of mass trans- is a generalized mathematical description of mass trans-is a generalized mathematical description of mass trans-
portation, which is also applicable to multicomponent systems. Transport of mass could be 
divided according to driving forces: diffusive and convective transports. Diffusive trans-s. Diffusive trans-. Diffusive trans-
port is caused by electrochemical potential gradient, and convective transport is driven 
by the total force on the mixture as a whole. Microscopic force balance could be written 
similarly to the pore model, and an overall macroscopic relation between the solute veloc-the solute veloc-solute veloc-
ity and the driving force could also be obtained. Because both describe the same physical 
phenomenon, parameters used in each of them could be related, and normalized diffusion 
coefficient could also be found.

Nonporous Perspective

In most polymeric membranes, no distinct pores could be identified; therefore, the appli-the appli-appli-
cation of Maxwell–Stefan theory is less accurate in determining effective diffusion coef-
ficient across the membrane. The permeation through polymeric membrane could be more 
realistically described by a two-step process: solute dissolves in the membrane material 
and then diffuses through it down a concentration gradient. Two factors limit solute per-s through it down a concentration gradient. Two factors limit solute per- through it down a concentration gradient. Two factors limit solute per-
meation, solubility, and diffusivity. Membranes made of porous substrate and filled by 
selective soluble polymer were successfully applied to organic liquid separation based 
on this two-step mechanism [34]. Models based on this description are therefore called 
solution-diffusion models. The fundamental assumption of solute-diffusion models is that 
chemical potentials of all components in the solution at both sides of the membrane are in 
equilibrium with the adjacent membrane surfaces [35]. For a passive diffusion where no 
chemical reaction is involved, this assumption is valid. Here, chemical potential is used 
because all the common driving forces of diffusion can be reduced to chemical potential 
gradient. The chemical potential of ith component is given by

 u u RT C v p pi i i i i i= + + −0 ln( ) ( ),γ sat  (5.41)

i
0 is the chemical potential of pure I at pressure pi,sat, γi is the activity coefficient, vi is the 

molar volume of ith component, and R is the ideal gas constant.
Because of the equilibrium between the solution and the membrane, the chemical poten-the solution and the membrane, the chemical poten-solution and the membrane, the chemical poten-

tial of the bulk solution and the solution in the membrane is equal:

 u RT C v p p u RT Ci i i i i i i i
0 0+ + − = + +ln( ) ( ) ln( ), , ,γ γsat m m vv p pi i( ),− sat  

(5.42)

Therefore,
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Substitute this relation into Fick’s first law, where the effective diffusion coefficient is used:
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(5.44)

D measures the diffusivity of the solute in the membrane. The activity coefficient measures 
the solute–solvent interaction, which will be discussed in more detail in the subsequent 
section. For the sake of discussion, in the following sections, the effective diffusion coef-
ficient is defined as the product of the partition coefficient and the diffusivity of the solute, 
which accounts for the combined effect of partition (Kp) and diffusion (D) on the flux.

Free Volume

In the nonporous description of membrane, diffusion is a result of the random movement 
of molecules through the free volume in the membrane. Free volume is defined as the 
difference between the actual volume of the liquid and the minimum volume, which it 
would occupy, of its molecules, which were packed firmly in contact with each other [36]. 
It could also be interpreted as the volume difference between temperature T and absolute 
zero. Molecules in the liquid at temperature T are moving at the average thermal veloc-are moving at the average thermal veloc- moving at the average thermal veloc-the average thermal veloc-average thermal veloc-
ity but, most of the time, is confined to a cage bounded by their immediate neighbors. 
Fluctuation in molecular arrangement opens up a hole in the cage, which is big enough 
to permit a considerable displacement of the molecule contained in the cage. Net move-
ment of the displaced molecule could result only if another molecule jumps into the hole 
before the displaced molecule returns to its original position. Diffusion occurs as a result 
of redistribution of the free volume within the liquid. This description of diffusion by 
Cohen and Turnbuli [37] was originally to describe self-diffusion of liquid with impurities 
(solute). Because another molecule has to fill the void left by the displaced molecule, the 
free volume (difference between the cage volume and volume of the molecule) has to be 
large enough to permit another molecule to jump in after displacement.

In a solvent–solute binary system, solute diffusion coefficient is therefore proportional 
to the probability of finding a free volume, which is greater than its own volume. The total 
probability of finding a hole of volume exceeding v* is [37]

 P(v*) = exp[–κv*/vf] (5.45)

where k is a factor to correct for overlap of free volume (0.5 ≤ κ ≤ 1 [38]), and vf is the aver-
age free volume. κ is introduced because the total free volume is not the summation of 
individual free volume:
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Diffusion coefficient of solute in a liquid at infinite dilution is given by

 D → a*uexp(–γv*/vf) (5.47)

a* is the diameter of the cage or the rough diameter of the molecule [37].
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By assuming immobile, impenetrable polymer chains suspended in a mobile solvent 
continuum, diffusion of solute may only proceed through the solvent phase permeating 
the whole membrane. The polymer molecules of the solvated membrane are forming a 
network immersed in the solvent and exhibiting a wide spectrum of holes. The solute 
can diffuse through the membrane if it finds a hole larger than the solute molecules. 
Average free volume in the membrane is contributed by solvent molecules and polymer 
chains:

 vf = (1 – →p)Vf,water + →pVf,polymer (5.48)

By assumption, the free volume contributed by polymer chains is not permeable to solutes; 
therefore,

 vf → (1 – →p)Vf,water (5.49)

where →p is the polymer volumetric fraction (distinguish it from solute volumetric ratio →). 
Volume degree of swelling is

 
Q =
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(5.50)

Instead of volume, Yasuda et al. [39–41] considered the cross-sectional area of the free 
volume as the permeating criteria. The normalized diffusion coefficient (D/D0) as a func-
tion of the probability of finding a hole larger than solute P(πa2):
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(5.51)

where B is a constant of water and Vf,water is the free volume of water.
For cross-linked systems, Peppas et al. [42] considered volume as a permeating param--linked systems, Peppas et al. [42] considered volume as a permeating param-linked systems, Peppas et al. [42] considered volume as a permeating param-Peppas et al. [42] considered volume as a permeating param-

eter and expressed the normalized diffusion coefficient as a function of polymer volume 
ratio and solute size:
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Mc  is the number average molecular weight between cross-links, f M( )c  is the probability 
function of finding a void big enough to allow diffusion, vsolute is the solute volume, and vsolvent 
is the free volume of solvent. Molar weight between cross-links Mc and cross-linking den-
sity ρx is determined using [43]
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The volume of the polymer could be obtained by considering buoyancy. Conventionally, hep-olume of the polymer could be obtained by considering buoyancy. Conventionally, hep-
tane and air were chosen as the weighting medium because heptane does not induce swell-
ing. After synthesis, sample was weighed in air mmembrane-air and in heptane mmembrane-hep; after 
swelling, sample was weighed in air m membrane-air and heptanes m membrane-hep again. Finally, 
sample was dried to a constant weight mp. ρp and ρh are the density of polymer and heptane, 
respectively. v is the specific volume of the membrane (cm3/g), V1 is the molar volume of 
water (volume per water molecule is 30 Å3 [44]; therefore, V1 18= cm /g3 ), Mn  is the num-the num-num-
ber average molecular weight of the uncross-linked polymer [45], and Mr is the molecular 
weight of the repeating unit. N is the number of repeating units between two cross-links. 
χ  is  Flory thermodynamic interaction parameter, which varies between 0.49 and 0.51 for 
polyvinyl alcohol (PVA) [45]. For HEMA [48]:

	 χ = 0.022 + 0.904v2,s (5.54)

The empirical relationship between glass transition temperature and Mc  is also available 
[46].
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Tg is the glass transition temperature of the cross-linked polymer, and Tg0 is the glass tran-
sition temperature of the uncross-linked polymer with the same chemical composition.

Instead of the number average molecular weight between cross-links, it is more physi-the number average molecular weight between cross-links, it is more physi-number average molecular weight between cross-links, it is more physi-
cally sound to use a length scale in describing the structure of the polymer for diffusion, 
which is defined as the radius of gyration of a chain between cross-links or the mesh 
size of the polymer [47]. Mesh size is proportional to the end-to-end distance of polymer 
chain:

 r Nl C0
2 2= n

 (5.56)
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l is the C–C bond length 1.54 Å and Cn is the Flory characteristic ratio, or rigidity factor 
(6.95 for poly(methyl methacrylate) and poly(2-hydroxyethyl methacrylate [48], whereas 8.9 
for poly(vinyl alcohol) [45] and 14.4 in case of a methacrylate chain).

Mesh size is

 ξ =Q r1 3
0
2 1 2/ /( )  (5.57)

In a highly swollen hydrogel, diffusion coefficient can be calculated from [47]
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Y is a structural parameter, near unity. For most polymers, Y = 1 is a good approximation 
[47]. In the case where mesh size is unknown, another form of Equation 5.58 was derived 
for a highly swollen hydrogel:
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On the other perspective, the diffusion coefficient of solute depends on solvent content as 
following [49–51]:

 D2 = D2,sexp(–β(1 – C1)) (5.60)

where D2,s is the diffusion coefficient in the fully swollen polymer, β is a constant, and C1 is 
the solute concentration normalized with respect to the equilibrium solvent content in the 
membrane. Clearly, cross-linking density affects mesh size, which further influences the 
diffusivity of the drug in the membrane.

Temperature Effect

The free volume of the polymer predicts that the diffusivity of the solute in the polymeric 
membrane is related to the solute size and the swelling behavior of the membrane; hence, 
the release rate of a given drug is controlled by swelling of the polymer. Recall from Fick’s 
second law, where diffusivity is also a function of temperature, and it serves another factor 
that controls the drug release rate.

Simon [52] studied the release flux through a planar membrane with a temperature gra-
dient imposed to a concentration gradient. The steady-state flux was given by
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(5.61)

where Es and Ed are overall energy of salvation and activation energy for diffusion through 
the polymer, respectively. T0 is the temperature at which diffusivity is D and Ts is the 
temperature at the donor–membrane interface, assuming linear temperature gradient at 
steady-state. All other parameters are the same as defined in other equations.
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Partition/Solubility Oriented

In the porous description of the solute transportation process, partition is a measure of the 
concentration difference in pores and the bulk solution, and it is inherently considered in 
the mathematical treatment. However, in the nonporous description, diffusion and parti-
tion are considered two separate steps. Before the diffusion step, the very first step in the 
release mechanism is a partition step, where drug molecules dissolve in the membrane 
phase. Although partition of proteins is an intensively studied topic in protein purifi ca-s is an intensively studied topic in protein purifi ca- is an intensively studied topic in protein purifica-
tion, in the area of controlled drug release, intentional control of partition does not draw 
much interest. However, as the solution–diffusion model suggests, both partition and dif-
fusion affect the effective diffusion coefficient of the solute and hence determine the rate of 
release through the membrane. Since partition coefficient is a measure of the drug relative 
solubility in membrane as compared with the aqueous solution, the key of this route is to 
control the solubility of drug in the membrane phase. Therefore, a solid understanding of 
the thermodynamics of solution–mixture is a must.

Thermodynamics, which originated during the nineteenth century, were originally 
applied to describe heat energy. After J. Willard Gibbs, who generalized the thermo-
dynamics, a wide variety of phenomena both physical and chemical were successfully 
described by thermodynamic approaches. Thermodynamic description is eventually an 
energy approach; to discuss thermodynamics involved in solution–mixture, we start by 
defining a system under consideration. A solution could be considered as a homogeneous 
open system, in which matters and energy are allowed to exchange with the surround-
ings. In a homogeneous open system, the total energy change dU is given by
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ni refers to all mole numbers of the components in the system.
The first term describes energy change due to heat exchange, the second term is energy 

change due to the work done to the system, and the last term accounts for the change in 
energy from matter exchange. μi is defined as chemical potential of component i.

By rearrangement of T, S, P, and V in the above equation, we have different energy 
terms:
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H is the enthalpy of the system, A is the Helmholtz energy, and G is the Gibbs energy. By 
definition
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In all homogeneous open systems
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To obtain the expression for chemical potential, we first start from the chemical potential 
for a pure, ideal gas.

 

∂
∂

=i
iP
v

 
(5.67)

vi is the molar volume of component i; and by the ideal gas law:
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And integrate at constant temperature:
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This is the chemical potential change from isothermal process (P to P0). For an ideal gas, its 
partial pressure is proportional to its mole fraction in the system.

For a nonideal substance (gas, liquid, solid), whose intermolecular interaction is not neg-
ligible, at constant temperature:
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where f is called fugacity. For ideal gas, f is equal to pressure, and for ideal gas mixture, fi 
is equal to its partial pressure. The ratio f/f0 is the activity of the component denoted as a. 
The physical meaning of activity is an indication of how active a substance is relative to its 
standard state.
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The change in Gibbs free energy of ideal solution is

	 ΔGmix = ΔHmix – TΔSmix (5.71)

To extend Gibbs free energy to real solution, an excess term is added to the ideal equation. 
The excess term is defined by the difference of real Gibbs free energy in mixing minus the 
Gibbs free energy predicted by ideal equation.

 γ γi i i i i iRT x RT x RT− = = +0 ln ln ln  (5.72)

Compare it with the ideal solution, the last term is an excess chemical potential, since the 
partial molar Gibbs free energy is the chemical potential, the partial molar excess Gibbs 
free energy is
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And the total excess Gibbs free energy is given by
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Equilibrium Condition of Partition

The governing condition of partition at the equilibrium state is equal in chemical poten-the equilibrium state is equal in chemical poten-equilibrium state is equal in chemical poten- equal in chemical poten-equal in chemical poten-
tial of all components. In the simplest case, pressure and temperature are constants in the 
system. Recall the equilibrium condition of fugacity, which is equivalent to activity equity; 
the solubility of a component in phase 2 is given by
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 is known as the partition coefficient as discussed in the previous section. Hence, in 

order to reduce drug partition into membrane, it is equivalent to increase the solute activ-
ity coefficient in the membrane.

Partition of Protein in Aqueous Two-Phase Systems

Chemical potential equilibrium can be illustrated in an aqueous two-phase system (ATPS), 
which is widely used for protein purification. An ATPS will be formed if a thermodynami-
cally incompatible substance is added into an aqueous medium and above some mini-
mum concentrations [53]. Protein separation can be achieved by adding proteins in ATPS 



218	 Biological	and	Biomedical	Coatings	Handbook:	Applications

because they will prefer one phase to another (partitioning into one phase). The protein 
partitioning is influenced by a few factors: pH, type of buffers, ionic strength, temperature, 
and the phase-forming solution.

Since ion in the protein solution redistributes until equilibrium is established, an elec-
trostatic potential exists at the interface. The chemical potential of protein at a constant 
temperature and pressure is therefore also a function of ions in the solution 
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F is Faraday’s constant, z is net surface charge, and φ is electric potential. Subscript p 
denotes protein and r denotes a reference ion in the solution. At equilibrium, the partition 
of protein from top to the bottom is
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And partition coefficient of reference ion is
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Partition of Protein in Hydrogel Membrane

In ATPS, pressure is equal in two phases; however, in the hydrogel membrane (commonly 
used as coating in drug delivery systems), a higher pressure is expected because of the 
rigidity of the polymer structure, and therefore, the reference state of chemical potential in 
the membrane is at a higher pressure compared to aqueous phase
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By applying equilibrium condition
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Thus, partition coefficient is
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This equation suggests that the higher the osmotic pressure in the membrane, the lower 
the partition coefficient from aqueous phase to the membrane.

In most experiment setups, ions are present in the buffer solution; therefore, an electro-s, ions are present in the buffer solution; therefore, an electro-, ions are present in the buffer solution; therefore, an electro-
static potential exists at the interface, at equilibrium, and the protein partition coefficient 
is given by
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To alter the partition of protein drug in membrane, the ion concentration is set to be 
constant (factor that is not controlled); therefore, by increasing solute activity coefficient 
and/or increase osmotic pressure in the membrane, drug partition is reduced, and vice 
versa.

To figure out what are the factors that affect activity coefficient and how they affect it, we 
need the mathematical models to express activity coefficient in solution.

Excess Function and Activity Coefficient (for Nonelectrolytes)

In the previous section, it can be seen that if the activity coefficient of a component in a 
system can be calculated, its partition coefficient will be known. Moreover, to calculate the 
activity coefficient, excess Gibbs free energy (excess function) is needed. In this section, 
different models of excess function and activity coefficient will be reviewed; therefore, fac-
tors that affect activity coefficient, thus partition coefficient, can be understood.

Gibbs free energy of a solution is determined by an entropy term and an enthalpy term; 
if we assume heat of mixing is zero, molecules are of the same size, and the intermo-the intermo-intermo-
lecular force of different molecules is identical, the Gibbs free energy is solely contrib-
uted by entropy change (athermal solution). An idealized description of solution is the 
liquid lattice theory, in which a solution is considered as a regular array in space, and 
solvent and solute molecules are located in the lattice sites. (First introduced by Flory and 
Huggins [36]).
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In this model, coordination number z (nearest neighbors) is between 6 and 12 depending 
on the type of packing. For typical liquids at ordinary condition, z is close to 10.

By ignoring the size difference of solute and solvent, if the distribution of molecules is 
totally random, the total change in Gibbs free energy is given by
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N1 is number of solvent molecules, and N2 is the number of solute molecules; therefore, 
total number of lattice site is N1 + N2. The excess Gibbs free energy in this case is zero, cor-
responding to ideal solution.

Wilson Model

Wilson [54] considered interaction between molecules in a mixing (Figure 5.8) and pro-
posed a new expression for excess Gibb’s free energy. In his derivation, the interaction 
between molecules surrounding a central molecule is considered based on the random 
distribution of molecules described by Flory and Huggins. The models derived based on 
this assumption are called “local composition models.”

In a binary system, the mole fraction of molecule 2 around molecule 1 and the mole frac-
tion of molecule 1 around molecule 1 are assumed to be related by:
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g’s are energies of interaction between molecules, and xi is the overall mole fraction in the 
mixture. For athermal mixtures, the excess Gibbs free energy is

1

1 12

2 2

1 2 1

FIGURE 5.8
Local composition lattice.
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where vi is the molar liquid volume of a pure component. Interaction energy is in fact tem-
perature dependent; however, it does not vary much over moderate temperature range.

The corresponding multicomponent equations are
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Nonrandom, Two-Liquid Model

The Wilson’s model is based on the random mixing description of Renon and Prausnitz 
[55] pursued the original Wilson’s model and introduced a term describing nonrandom-
ness of the mixing
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α12 indicates randomness of the mixture, and zero means completely random. α12 varies 
from 0.2 to 0.47; a typical choice is 0.3 [57].
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where
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Activity coefficient derived from nonrandom, two-liquid model is:
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gij is the energy parameter of i–j interaction as before.
Multicomponent equations:
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where

 

τ

α τ α α

ji
ji

ji ji ji

g g

RT

G

ii=
−

= −( )exp ( = )ij ji  

 

ln γ

τ

i

ji ji j

j

m

li l

l

m
j ij

lj l

l

m
j

G x

G x

x G

G x

= +=

= =

=

∑

∑ ∑
1

1 1

1

mm

ij

r rj rj

r

m

lj l

l

m

x G

G x
∑

∑

∑
− =

=

τ

τ
1

1  

(5.95)



Control	of	Drug	Release	from	Coatings	 223

Universal Quasi-Chemical Theory

The previous models are applicable to the case in which solute and solvent are of the same 
size. For nonrandom solution containing nonelectrolyte molecules of different sizes, the 
model universal quasi-chemical theory (UNIQUAC) was developed based on the same 
local composition description [56]. In UNIQUAC equation, excess Gibbs free energy has 
two parts, a combinatorial part that describes the dominant entropic contribution and a 
residual part that is due primarily to short-range intermolecular forces that induce enthalpy 
contribution. The combinatorial part is affected only by the composition, sizes, and shapes 
of the molecules of pure component.
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For binary:
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R, q, and q→ are pure-component molecular-structure constants. q→ is the surface of interac-the surface of interac-surface of interac-
tion, and q is the geometric external surface [58]. In the original derivation of Abrams and 
Prausnitz [56], q→ and q were not distinguished, but for water and lower alcohols (for water, 
r = 0.92, q = 1.4, q→ = 1 [58]), they are different. Only for fluids other than water and lower 
alcohols, q = q→.
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where τij is an adjustable parameter that accounts for energy interaction.
Activity coefficients are given by
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where

 

l
z
r q r

l
z
r q r

1 1 1 1

2 2 2 2

2
1

2
1

= − − −

= − − −

( ) ( )

( ) ( )
 

Multicomponent equations:
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where
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Coordination number z is set to 10.
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where
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The first three terms are derived from the combinatorial contribution, and the rest of the 
three terms are from the residual part of the excess free energy.

Although r does not correspond to the exact size of molecules, it measures the relative 
size of the solute over solvent. The relative size of the solute dramatically affects the solute 
activity coefficient. The solute with a bigger size is more sensitive to composition, whereas 
the solvent activity coefficient is independent of the solute size as long as protein solutes 
are concerned.

UNIQUAC Functional-Group Activity Coefficients

The interaction between molecules is accounted by the residual part of UNIQUAC model. 
By considering the interaction between functional groups of the molecules in the mixture, 
the residual part of UNIQUAC model could be calculated from each functional group of 
the molecule by
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where nk
i( ) is the number of groups of type k in molecule I, Γk is the group residual activ-

ity coefficient, and Γk
i( ) is the residual activity coefficient of group k in a reference solution 

containing only molecules of type i.
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Awk is the group surface area. amn is the group interaction parameter and can be found 
in the literature [59]. From this model, the activity coeffi cient can be estimated by struc-the activity coeffi cient can be estimated by struc-activity coefficient can be estimated by struc-
ture analysis of the components in the system from available experimental data. This 
model is widely known as UNIQUAC Functional-group activity coefficients, or UNIFAC 
model.
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The combinatorial part is given by [65]
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r and q can also be estimated by
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Rk and Qk are the van der Waals group volume and surface area, respectively, and their 
value can also be found in literature [59].

Polymer Solution

In the delivery of macromolecules, there are specific issues to be considered: first of all, 
the solute and solvent molecules are of different sizes; second, they are chemically dis-s; second, they are chemically dis-; second, they are chemically dis-
similar; and third, proteins are usually charged. Hence, the solution equations for nonelec-ion equations for nonelec- equations for nonelec-
trolytes are not completely applicable to polymer solution (protein solution). Recall from 
the UNIQUAC model that excess Gibbs free energy is composed of a combinatorial term, 
which accounts for the entropy of mixing, and a residual term, which accounts for the 
enthalpy of mixing. We start by considering the entropy contribution of a polymer solu-a polymer solu-polymer solu-
tion; this is because of the huge difference in size and shape between solvent and solute. By 
applying Lattice model again, assume athermal solution behavior and consider that poly-
mer is composed of r segments, each having the same size as that of a solvent molecule. 
Change in Gibbs free energy is
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N1 is number of solvent molecules and N2 is the number of solute molecules; therefore, total 
number of lattice site is N1 + rN2.

r, according to the definition, is the ratio of the molecular volumes of the polymer and 
the solvent. As in the UNIQUAC model, the ratio of surface area of the polymer and the 
solvent gives q, and q/r is a measure of polymer shape.
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Flory-Huggin’s Model

The partial molar excess Gibbs free energy is 
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and
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For large value of r, the activity coefficient of the solvent is independent of r.
Since a real polymer solution is not athermal, the interaction between molecules plays 

important roles. To account for the enthalpy contribution, an intermolecular interaction 
parameter, χ, which is also known as Flory–Huggins interaction parameter, is introduced. 
The activity coefficient then becomes
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If r is the ratio of molar volume
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UNIQUAC-Based Description for Polymer Solution

In polymer solution, where charged species are present, that is, protein solution and geomet-
ric distribution of molecules, intermolecular forces are very different from the uncharged 
solution (nonelectrolyte). For the geometric distribution, because of electrostatic repulsion, 
ions with the same charge are far apart, so in consideration of the local composition, only 
neutral and counterions are present in the neighborhood. Therefore, the combinatorial 
excess free energy becomes [60]
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a is the nonrandom factor, which is similar to nonrandom, two-liquid model. Notice that 
the first two terms are the same as UNIQUAC model; therefore, this model is known as the 
UNIQUAC-NRF model. The combinatorial activity coefficient is expressed as
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Charging of species in the solution does not only influence geometric distribution of com-
ponents in the solution, but more importantly, the electrostatic interaction contributes to 
excess enthalpy, which is denoted as long-range interaction contribution, whereas short-
range contribution can be taken from the residual part of the UNIQUAC.
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Hence, the total activity coefficient of species i is

 ln γi = ln γi,long-range + ln γi,short-range + ln γi,combinatorial (5.114)

The electrostatic contribution to the excess Gibbs energy was suggested by Fowler and 
Guggenheim electrostatic interactions [60]
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I is the ionic strength of the mixture, which is expressed in terms of molarity of species i.
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z is the absolute charge number of ionic species and b is a constant that depends on sizes of 
the components. For the protein with a size of 4 nm, b was taken as 15 (kg mol–1)1/2 [61] and 
A is the Debye–Huckel constant for a given system:

 A = 1.327757 × 105d0.5/(DT)1.5 (5.117)

For water,

 A = 1.131 + 1.335 × 10–3 × (T – 273.15) + 1.164 × 10–5 × (T – 273.15)2 (5.118)
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For neutral species [60, 62,63],
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where v is the molar volume and d is the density of the mixture.
The activity coefficient calculated from the above equation is in the unit of molarity 

(mole/kilogram solvent), to convert it to mole fraction used in consistent to previous 
equations:
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Free-Volume Contribution

In polymer solution, free-volume effects are not negligible; therefore, an extra term is 
introduced [64]
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The combinatorial part of UNIFAC model is sometimes given in another form [65]:
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qi and ri are calculated as in UNIFAC model.
Residual part is given as the same as UNIFAC, and the free-volume contribution is
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where vi is the molar volume, vi* is the hard core molar volume, b is the proportionality 
constant, and c is also a constant depending on the type of molecules involved in the 
system.
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Modeling of Charged Solute Partitioning in Hydrogel

The simplest model describing partition of protein into gel is at infinitely dilute solute 
concentration, and the gel is considered as randomly distributed straight cylindrical fibers. 
Considering the space occupied by the fibers and the probability of finding a solute in the 
membrane, the partition coefficient of solute is given by [66]
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This partition coefficient is contributed by the size-exclusion effect of membrane. By con-the size-exclusion effect of membrane. By con-size-exclusion effect of membrane. By con-
sidering long-range interactions between solute and fibers (electrostatic interaction), from 
the probability of finding a solute in the gel, different models [66] were derived since the 
first publication of Ogston in 1958.

Partition of solute could be contributed by nonelectrostatic and electrostatic forces 
between solutes and the membrane. By considering only steric effect for nonelectrostatic 
effect, a more rigorous model describing solute partition in hydrogel was established 
[67,68]. The total partition coefficient is

 Kp = Kp-non + Kp-elec (5.125)

Steric effect refers to size exclusion of solute by highly swollen hydrogels. Schnitzer’s 
uniform-pore model agrees well with experimental data [68]
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The pore radius of the nonporous membrane is taken to be one-half of the mesh size.
The contribution by electrostatic interaction can be derived from chemical potential 

equilibrium condition.
Chemical potentials of all components in the solution and hydrogel must be equal.

	 μi,membrane = μbulk (5.127)

The equilibrium equation can be rewritten as before
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The osmotic pressure in the membrane is calculated based on gel elasticity.
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Ccross is the concentration of cross-links (mol/m3).
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After substituting in the equilibrium equation
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Since the solution and the membrane are electrically neutral, if proteins are charged, there 
must be some counterions to balance the surface charge. Therefore, we consider a pro-a pro-pro-
tein as an ion pair. Depending on the pH of the solution, proteins will have different net 
charges and therefore different types of counterions (Table 5.1). The chemical potential for 
protein ion pairs could be written as a sum of chemical potentials contributed by cations 
and anions, and the above equation could be written as:
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where
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Where γp is the activity coefficient of a charged protein, γc is the activity of counterion. zp 
is the number of charges on one protein molecule, and zc is the number of charges on one 
counterion, which is equal to unity.
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TABLE 5.1

Net Charge of BSA

Parameter Ion	Concentration Value

Net charge I = 1.0 mol/L +20 at pH 4.0
–13.5 at pH 6.0
–18.4 at pH 7.0
–22.9 at pH 8.0

I = 0.15 mol/L –20.4 at pH 7.4
–9.1 at pH 5.4
+4.5 at pH 4.7

Source: Jin et al., Journal of Colloid and Interface Science, 304, 
77–83, 2006. With permission.
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therefore
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The protein net charge can be calculated by [61]
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i+ are the basic groups in the protein and i– are the acid groups in the protein.
In this case, the polymer is taken to be a cylinder of the uniform surface charge density. 

This description is often refereed as cell model polyeletrolyte solutions.
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X is the ratio of the concentration of charged monomers to the concentration of salt in 
the hydrogel, ς = lB/b, where lB is the Bjerrum length, which is equal to 7.14 Å in water at 
room temperature, and b is the axial length per unit charge (2.52 Å for poly-N-isoprolacryl-
amide). Z is the valences of ions. Counterion means the charge opposite to the hydrogel, 
co-ion means the ion that has a charge identical to that of the hydrogel. For the case of BSA, 
the valence of charged BSA at different pH can be found in the work of Lin et al. [69], and 
those values are used in the calculation in Appendices A and B.

Since the only intermolecular interaction in consideration of this model is electrostatic 
interaction between charged species, and the activity coefficient of charged ion in the mem-
brane was derived by ignoring the interaction between mobile ions (consider only ion–
polymer interaction), the activity coefficient of charged ions in the bulk solution should 
therefore also ignore mobile ion interactions, which implies that the bulk solution shall be 
treated as an ideal solution ( =γ p,bulk 1 ). Hence, the partition caused by protein–polymer 
interaction is
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The fraction of ionized monomer (HA type) is obtained by using
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The average pKa of the hydrogel can be estimated by plotting swelling vs. pH and take the 
pH of the inflection point. Also, αis the fraction of charged monomers.

For amine ionizable groups,
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Recent progress has enabled researchers to model a more complicated case for the 
purpose of controlling drug release rate. Shang et al. [70] proposed a method to tailor the 
chemical potential equilibrium at the donor–membrane interface. Their method works as 
follows: a certain amount of the solute molecule is first immobilized in the membrane. 
The immobilized solute could contribute to the overall chemical potential of solute in 
the membrane; hence, the amount of free solute molecules from donor that could parti-s from donor that could parti- from donor that could parti-
tion into the membrane is reduced. It is because that less amount of solute molecules is 
needed to balance its chemical potential in the donor because of the contribution of immo-
bilized ones. In conventional thermodynamics, all components in a system are considered 
independent (Equation 5.65). However, in practice, the amount of one component could 
affect the amount of the other, which means dependence shall be considered. The infi ni- The infini-
tesimal expression of Gibb’s free energy equation (Equation 5.63) is reconfigured in the 
following way to handle the “dependent” case: in a general scenario, two dependent 
substances (A and B) in the membrane are grouped together, represented by a combined 
chemical potential (μM,grouping), and the total concentration of solute molecules in the mem-the total concentration of solute molecules in the mem-total concentration of solute molecules in the mem- of solute molecules in the mem- in the mem-
brane (CM,grouping = CM,A + CM,B), where CM,A and CM,B are the concentrations of A and B in 
the membrane, and they are dependent; subscript M denotes membrane. Mathematically, 
the above description writes
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and

	 μM,groupingdCM,grouping = μAdCA + μBdCB (5.139)

where S is entropy.
Hence, the combined chemical potential is
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and let
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At chemical potential equilibrium, it is assumed that the combined chemical potential in 
the membrane is balanced by the chemical potential of substance A in the donor:
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	 μM,grouping = μD,A (5.142)

Subscript D denotes donor. Substituting the expressions for chemical potential into the 
above equation:

	 μM,0 + RT ln(γM,groupingCM,grouping) = (μM,0 + RT ln(γM,ACM,A))α  

 + (μM,0 + RT ln(γM,BCM,B))β = μD,0 + RT ln(γD,ACD,A) (5.143)

where μ0 is the reference chemical potential and γ is the activity coefficient.
Therefore, the concentration ratio of substance A in membrane and donor is
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(5.144)

Now consider the partition control scheme: Let A stand for the free drugs and B for the 
immobilized ones of same type as A. Assuming the donor is an infinite source of A; thus, 
CA,D is constant. The concentration ratio derived in Equation 5.144 is therefore the partition 
coefficient of free drugs (Keff):
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where μD,0, μM,0, R, T, and γD,free are constants at a given donor condition, and the activ-
ity coefficients of the free and the immobilized molecules in the membrane are related 
through

	 γM,immob = bγM,free (5.146)

This is because the free drugs constantly undergo random movement in the membrane, 
but when they are immobilized through a spacer, they can move in a similar fashion as 
free drug molecules only within a distance defined by the length of the spacer. Factor b 
takes this restriction into account. Inserting Equation 5.146 into Equation 5.145 gives rise 
to
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The partition coefficient equation was successfully fitted to experimental data as shown 
in Figure 5.9 [70].

Another approach to control release rate by partition/solubility control is to alter pH 
values of the microenvironment of the coating so as to tailor the protein solubility in it. 
It is widely known that basic drugs have higher solubility in acidic environment and 
vice versa, and only dissolved drug can be released. Hence pH modifiers (fumaric, tar-
taric, adipic, glutaric, and sorbic acid) have been added into the coating for release rate 
control [71].

Erosion Controlled

In a biodegradable coating configuration, there are a couple of mechanisms that the release 
rate can be tailored: (1) dense coating so that drug can only be released upon degradation of 
the coating; (2) coarse coating, in which the drug has a smaller but noticeable diffusivity; and 
(3) drug containing coating that drug can be released from the coating when degradation 
occurs. In situation (1), the coating serves as a complete diffusion barrier so that solution–
diffusion model discussed in the previous section is no longer valid. The control over 
release rate is pulsatile: as long as the coating completely covers the drug carrier, there 
is no drug being released. Once the carrier is exposed to the external environment, the 
release rate will not be significantly affected by the residual coating left on the surface. In 
situation (2), the release behavior is more complicated. The coating serves as a solution-
diffusion coating with two exceptions: thickness and pore size change with time. As more 
coating is degraded, thickness of the coating might change, and when the cross-links are 
hydrolyzed, the pore size is increased, so that drug diffusivity and partition coefficient are 
both affected. In situation (3), release rate is solely determined by the degradation rate and 
the drug loading level.

Diffusion is again an important factor to affect the rate of degradation: reagents need to 
enter the matrix to hydrolyze the cross-links; on the other hand, products of the hydrolysis 
reaction need to diffuse out to facilitate the reaction toward degradation. Besides diffu-
sion, degradation kinetics affects the overall degradation rate as well.

Experimental results
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FIGURE 5.9
Partition–coefficient curve.
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Degradation Kinetics

In a lot of degradable polymers, degradation happens when ester bond is cleaved. Water 
molecules contact with the amorphous region of the ester backbone and degradation occurs. 
This is a random process catalyzed by the presence of acid, therefore the degradation rate 
increases as the reaction proceeds due to the production of acid during the degradation 
process [72]. Because the amorphous phase is more easily hydrolysized, the degradation 
rate of the amorphous coating is usually higher than the semi crystalline ones [73]. 
Degradation could occur from the surface or simultaneously across the coating (bulk ero-egradation could occur from the surface or simultaneously across the coating (bulk ero-ero-
sion). In certain coatings such as PLGA, in which water diffusion rate is much faster than 
degradation, the degradation is a bulk erosion process. Since degradation mode depends 
on both water diffusion and degradation rate, it is expected that the degradation mode 
also relies on geometry: there will be a critical dimension, lower than which coating would 
exhibit surface erosion behavior.

Diffusion in a Degrading Coating

As more degradation occurs, polymer chains become shorter, and they start to dif-
fuse out, which reduces the density of the coating and increases its porosity. Due to 
the increased porosity, the diffusivity of the drug in the degradation layer will be 
greater. Therefore, a bulk erosion coating can be considered as a film with a variable 
drug diffusion constant; whereas a surface erosion coating can be considered to be 
composed of two regions: a denser region with defined diffusivity and a degrading 
region with variable diffusivity (Figure 5.10) [74]. Although the diffusivity of the drug 
in the dense region is considered fixed, however, its thickness reduces with respect to 
time. 
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FIGURE 5.10
Drug distribution in a degrading coating. (From Arosio et al., Polymer International, 57, 912–920, 2008. With 
permission.)
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Therefore to predict the release behavior of drug molecules, the variable diffusivity 
needs to be studied with respect to the degree of degradation. The time dependent dif-
fusivity in a degrading region is studied by Porter [116]:

 D(t) = D(t = 0) + {[Dwater – D(t = 0)] × W(t) × [100% – CRSTL(t)]} (5.148)

where W(t) is the film’s weight loss at time t, and CRSTL(t) is the coating’s degree of 
crystallinity.

Prabhu and Hossainy [75] used numerical simulation to study the degradation and 
drug release behavior simultaneously. The time-dependent diffusivity was given as an 
exponential function with respect to the concentration of the degrading polymer in the 
system.

Another type of degradation kinetics is ion exchange. Ion-exchange microspheres are 
polymeric microspheres formed by electrostatic attraction between oppositely charged 
polymers. The microsphere can be degraded in electrolyte solutions when electrolytes 
from a solution replace the polymer in the microsphere (hence the name ion exchange). 
Ionic drugs can be easily loaded, and its release is controlled by two factors: diffusion of 
the drug and degradation of the microsphere. Besides diffusion barrier, coating can be 
used to block electrolytes from entering the microspheres to slow down the degradation 
process [76]. Coated ion-exchange formulation offers a better release rate controllabil-
ity. In such a configuration, the release rate is controlled by (1) drug diffusivity in the 
matrix and (2) drug diffusivity in the coating. The overall release profile depends on the 
limiting step only. If (1) is the rate-limiting step, the core/matrix swells upon contacting 
with water; hence the drug diffusivity in the matrix gradually increases. Moreover, the 
net flux is governed by both Brownian motion and electric coupling of ionic flux. It was 
shown that swelling of the matrix did not have significant effect on the release profile, 
but the ionic flux affects the release rate more significantly [77].

Osmotic Pressure Controlled

When a semipermeable coating is applied to a drug containing core, only water molecules 
are allowed to diffuse into the core, but the core materials and the drug are retained inside; 
therefore, the pressure inside the core will increase. If orifices are drilled in the coating, 
the content in the core will be pushed out due to the hydrodynamic pressure built up by 
water uptake.

The release kinetics of osmotic pressure controlled system can be described by the fol-
lowing equation [78]:
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where the left-hand side of the equation is the release rate of the drug. A is the surface area of 
the device, PW is the water permeability of the coating, Δπ is the osmotic pressure gradient 
across the membrane, l is the thickness of the coating, and Cd is the drug concentration in 
the core.

As can be seen from the equation, surface area and thickness of the coating are device 
parameters that can be easily applied. However, water permeability and osmotic pressure 
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are dependent on the membrane materials and osmotic agents used in the system, 
respectively.

Coating	Materials	and	Techniques

Both synthetic and natural polymers have been used in coating to control the release rate. 
Different methods can be applied to coat a particular polymer on different substrates (films, 
tablets, granules, etc.). Some of the commonly used materials are summarized, followed by 
techniques to coat those materials.

Coating Materials

Collagen

Collagen is a major constituent of connective tissue and a major structure protein of any 
organ. It readily self-assembles into higher-order structures (i.e., fibers) in physiological 
solutions [79]. Cross-linking of collagen can be achieved by various reactants, and the 
degradation of collagen network can be controlled by cross-linking density [80]. Collagen 
can be obtained from various sources in different forms.

Gelatin

Gelatin is a natural polymer derived from collagen, and its electric properties can be eas-
ily tailored according to preparation conditions [81]. The most commonly used gelatin 
in pharmaceutical industry is capsules, but it is widely used as coating material as 
well. The popularity of using gelatin as a coating material for drug delivery systems is 
largely because of its biodegradability (100% reabsorbable in vivo) and biocompatibility 
(no antigenicity) [82]. Degradation of gelatin happens in a few different ways: (1) dissolu-
tion and (2) enzymatic degradation. Dissolution of gelatin occurs when hydration of the 
gelatin coating is high if the molecules are not cross-linked. Alternatively, gelatin can 
be cross-linked when carboxyl group and free amines of adjacent molecules are con-
densed. The cross-linking can be induced by water-soluble carbodiimide (such as N,N-(3-
dimethylaminopropyl)-N 8-ethyl carbodiimide and N-hydroxysuccinimide) and aldehyde 
(i.e., glutaraldehyde and formaldehyde) to form hydrogel [83]. Degradation of cross-
linked gelatin occurs when peptide bonds are cleaved. By altering cross-linking density, 
degradation time can be tailored from days to months [84].

Alginate

Alginate is a family of un-branched polysaccharides isolated from brown algae found in 
coastal water. Alginate is composed of two monomers, namely β-d-mannuronic acid (M) 
and α-l-guluronic acid (G), linked by one to four glycoside bounds. It is found that the 
G-monomer and M-monomer join together in a blockwise fashion.

Cross-linking of alginate can be achieved in the presence of di/trivalent ions. It has 
been found that Ca2+ and Sr2+ mainly form GG linkage, whereas Zn2+ can form GG, MM, 
and GM linkages [85]. The flexibility of alginate in aqueous solutions is in the order: 
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MG > MM > GG [86]. Therefore, alginate gels with higher G content will have higher mecha-
nical strength and higher porosity. There gels are more stable in monovalent solution [87].

Chitosan

Chitosan is a natural polymer obtained by alkaline deacetylation of chitin, and it is a 
co polymer of β-1,4-linked 2-acetamido-2-deoxy-d-glucopyranose and 2-amino-2-deoxy-
d-glucopyranose. As compared to alginate, chitosan is positively charged. Chitosan is a 
weak base and is soluble only in a dilute acidic solution. Similar to synthetic polymer PEG, 
chitosan is found to show mucoadhesive properties [88], which make chitosan a good can-
didate for oral delivery. Because of its solubility and charge, chitosan is often dissolved in 
acetic acid, and the chitosan solution is extruded dropwise to aqueous counterion solu-
tions, to form chitosan gels [89]. The drug loading efficiency is positively correlated to 
chitosan concentration in the precursor solution, whereas lower drug release is observed 
for chitosan with higher molecular weight [88]. Chitosan is susceptible to glycosidic hydro-
lysis by microbial enzymes in the colon [90]; hence, chitosan is a good candidate for colon-
targeted delivery.

Cellulose and Its Derivatives

Hydroxypropyl methylcellulose (HPMC) is a water-soluble cellulose derivative. It offers 
good mechanical strength and easy processing as a coating material [91]. Although it is 
widely used for taste masking in oral dosages, its application in release rate control is 
fairly common in practice. HPMC can be casted into films, and the film can be coated onto 
different formulations. HPMC can be coated by direct compression from powder form as 
well [92].

Polyvinyl-Based Polymers

Polyvinyl acetate (PVAc) is a water insoluble polymer, whereas PVA, which is a hydro-
lysis product of PVAc, is water soluble. PVAc is highly ductile (elongate to 200%–300% 
without failure [93]), which makes it a good candidate for drug coating because it ensures 
the coating integrity and reduces the risk of film rupture. Kollicoat® SR 30D is a commer-
cially available product that is a 30% aqueous dispersion of polyvinyl acetate stabilized by 
polyvinylpyrrolidone. It can be made into film or coating easily at low temperature (18°C 
[94]); hence, no thermal treatment is needed when used as a coating material. When the 
film is in contact with gastrointestinal fluid, polyvinylpyrrolidone dissolves so that pores 
are created in the coating for sustained release [95]. Kollicoat1 SR 30D is known as one of 
the aqueous colloidal polymer dispersions for the manufacturing of pH-independent sus-
tained release drug delivery systems [77].

Ethylene vinyl acetate is a copolymer containing the semicrystalline polyethylene and 
amorphous vinyl acetate, and these are commonly used as rate-controlling membranes in 
drug delivery devices [96]. Because higher diffusivity is observed at lower crystallinity, 
higher VA content increases diffusivity of the drug in the ethylene vinyl acetate polymer. 

Acrylate-Based Materials

Poly(methylmethacrylate) is a commonly used polymer in biomedical applications owing 
to its good mechanical property and biocompatibility. Different Eudragit L30 D-55 (anionic 
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copolymer of methacrylic acid and ethylacrylate [1:1]) is a commonly used enteric coating 
(dissolves above 6.0 [97]). The recommended coating level for Eudragit L30 D-55 to achieve 
enteric properties is in the range of 4- to 6-mg polymer per cm2 surface area of the core 
[98] Eudragit FS 30 D is an anionic copolymer of methyl acrylate, methyl methacrylate, and 
methacrylic acid. Eudragit SL and RL series are widely used in sustained release coating 
in pharmaceutical industry.

Polyethylene Glycol

PEG is a water-soluble polymer, which has two hydroxyl groups at the end of the linear 
structure. It exists in a wide range of molecular weight from a few hundred to tens of 
thousands of Dalton. It is one of the most popular biomaterials because of its low toxicity. 
PEG has been widely used to modify other materials in biomedical applications for better 
solubility, prolonged circulation time in the circulation system, and adhesion to mucosa. 
The process of conjugating PEG onto other polymer is known as PEGylation [99].

Polyesters

Poly-lactic acid (PLA) and poly lactic-co-glycolic acid (PLGA) are Food and Drug 
Administration–approved biodegradable polyesters. Poly ε-caprolactone is degradable 
polyester, which does not generate acid during degradation and has a slower degradation 
rate as compared to PLA and PLGA [100].

Coating Techniques

Coatings are usually applied in aqueous or organic solutions; however, solvent-free coating 
technologies are used as well. Different coating techniques can be found in both laborato-Different coating techniques can be found in both laborato-ifferent coating techniques can be found in both laborato-laborato-
ries and industry.

Fluid Bed

Fluid bed coating is one of the most commonly used coating techniques. In this technique, 
fluidized particle by turbulent air is coated by an atomized spray to produce a uniform 
coating; however, it is limited to big particles, ranging from 0.5 to 1.2 mm [101]. This is 
because smaller particles cannot have a stable fluidization state in the conventional fluid 
bed [102]. The parameters to control the coating are as follows: (1) inlet temperature and 
speed, (2) bed temperature, (3) spray rate, and (4) spray solution composition and distance. 
The size restriction is because interparticular force overtakes gravitational force, which 
negatively affects the flow properties so as to prevent forming a uniform coating [103]. There 
are different types of fluid-bed systems, which can be classified by the type of the spray: top 
spray, bottom spray (Wurster), and tangential spray. In the top spray configuration, air is 
blown upward; coating materials are sprayed from the top of the chamber. In bottom spray 
configuration, air is blown upward as well; however, air flow is stronger in the center of the 
chamber. A Wurster insert is installed above the air distribution plate, and it ensures that 
particles are lifted upward in the center and fall outside the insert. When particles return 
to the bottom from the outside of the insert, they are blown upward again. The spraying is 
down in the center, whereas particles are lifted upward. Particles will be dried when they 
return back to the bottom. This process will be repeated for several times until the desired 
thickness is achieved. After coating is applied, curing is needed for a uniform coating to be 
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formed. Hamed and Sakr [104] studied the effect of plasticizer and curing temperature on 
drug release behavior: higher plasticizer level decreases the glassy transition temperature; 
hence, a complete coating can be formed with a lower curing temperature. It was also 
found that a suitable curing time is needed to complete the film forming process, which 
reduces the drug release rate; however, if curing time is too long, drug in the core will 
migrate to the coating, which results in a burst release. One of the most commonly encoun-coating, which results in a burst release. One of the most commonly encoun-
tered problems in fluid-bed coating is agglomeration, which is caused by liquid bridges 
between particles [105]. The formation of liquid bridges depends on the coating solution 
and the size of the spray mist. It was found that adding NaCl could reduce the particle 
agglomeration due to the reduction of viscosity of the coating solution by salting-out effect 
[106]. A smaller mist size is preferred to suppress agglomeration, which can be realized 
by a smaller spray–particle distance, a higher inlet temperature, and higher fluidization 
air volume [139]. Similar to fluid bed, pan coater is commonly used in pharmaceutical 
research and industry for film coating. In a pan coater, tablets are placed on a bed rather 
than being fluidized in the fluid-bed coating system. Coating materials are still applied by 
spray, and the tablets are tumbled to ensure complete coating on the tablets.

Compression Coating

Coating can be applied to the core by direct compression of the coating materials. Coating 
materials are first introduced into a mold, and then the core is placed in the mold. Additional 
coating materials are fed into the mold to cover the core. The compression is done by two 
punches at a given pressure to form the coating. Lin et al [107] used compression coating 
technique to coat ethylcellulose on an inorganic drug. Two compression forces were 
evaluated: inner-core compression force and the coating compression force. It was found 
that at a constant coating compression force (300 kg/m2), a higher inner-core compression 
force could slow the dissolution of the drug, whereas at a constant inner-core compression 
force (200 kg/m2), a higher coating compression force results in a longer lag time. Besides 
ethylcellulose, another commonly used polymer in compression coating is acrylic-based 
polymers (marketed under the brand of Kollicoat and Eudragit). The common problem 
encountered in compression coating is the damage to the coating due to high compression 
force. Dashevsky and coworkers [108] observed that drug was released faster with a higher 
compression force.

Plasticizer Dry Coating

Coating polymers and plasticizer are sprayed onto the core materials from different nozzles 
simultaneously. The coated polymer is then cured at elevated temperature (above glassy 
transition temperature) to form a uniform coating. The function of the added plasticizer 
is to lower the glass transition temperature of the coating material. Cellulose derivatives 
can be easily coated onto particles using this method [109]. It has been observed that an 
increase in moisture could increase the coating quality in terms of smoothness and integ-integ-
rity [110].

Hot–Melt

For the hot–melt coating technique, the coating material is applied to the core at molten 
state, and the coating is formed upon cooling. It has been suggested that the melting 
temperature of the coating material to be around 85°C because the molten coating material 
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is usually kept at 40–60°C higher than the melting temperature before spraying so that the 
overall operating temperature does not go beyond 150°C. The suggested spray rate for a 
uniform coating is at 30 g/min. To ensure good coverage of the core, it has been reported 
that the optimal size of the core shall be 0.1–0.75 mm in diameter [111].

Supercritical Fluid Coating

The supercritical state is defined as a state where both the pressure and temperature of a 
substance are greater than its critical pressure and critical temperature [112]. Carbon dioxide 
is the most commonly used supercritical solution for industrial applications because of its 
moderate critical pressure (72 bar) and critical temperature (31.1°C) [113]. The supercritical 
fluid coating works as follows: coating materials are dissolved in the supercritical solution 
in a high-pressure vessel; insoluble core particles are dispersed in the supercritical solution 
as well. A rapid expansion of volume of the vessel decreases the pressure quickly, and 
supercritical solution becomes less “supercritical”; hence, the dissolved coating material 
precipitates and coats onto the core particles. It is apparent that a key requirement of the 
supercritical solution coating technique is that the coating material and the core particles 
must have different solubility in the supercritical solution. Cosolvent can be added into the 
supercritical solution to enhance the solubility of either coating material or the core.

Electrospinning

Electrospinning can be used for coating preparation. The distinct feature of electrospun 
coating is that it is composed of fibers down to the size of submicron in diameter. In this 
process, a high voltage (in the order of kilovolts) is applied across the spinning solution 
(usually in a syringe) and a collector (distance between them is altered to reach differ-
ent electric field strength). The spinning solution is directed to the collector by the high 
electric field and syringe pump. Yu et al. [114] used the electrospinning to fabricate a poly- [114] used the electrospinning to fabricate a poly-114] used the electrospinning to fabricate a poly-] used the electrospinning to fabricate a poly- used the electrospinning to fabricate a poly-
vinylpyrrolidone fiber film that exhibits a fast dissolving process. Drug can be simultane-
ously loaded into the film by adding drug molecules into the spinning solution.

Another technique that uses electrostatic force is known as electrostatic spray powder 
coating. Instead of using solution, in the electrostatic spray powder coating method, dry 
powders of the coating material are charged at a high voltage (100 kV) [115], and the sub-
strate is grounded. The powder is carried by the air though an electrostatic powder gun 
to the substrate. Once the powders are coated onto the substrate by electrostatic force, the 
coating material is molten by heat so as to complete the coating process. The resistivity of 
the core has to be less than 109 Ω m, whereas the resistivity of the powder should be more 
than 1011 Ω m [116]. A key parameter in this technique is the powder size of the coating 
material, with 30–100 µm being the optimal.

Precipitation Method

Precipitation coating method has been widely used for many different materials. Core is 
dispersed in coating precursor solution. Precipitation of the precursor is induced by pH, 
adding antisolvent or using supersaturation solution. Xu and Czernuszka [117] used pre-[117] used pre-117] used pre-] used pre-used pre-
cipitation method to coat PLGA microspheres with a layer of HA for release rate control. 
PLGA suspended water was added into a supersaturated solution of HA precursor. HA 
would precipitate and deposit on the PLGA microspheres, and the onset of the experi-s, and the onset of the experi-, and the onset of the experi-
ment would induce a drop in pH. It was reported that a more negative surface facilitated 
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HA nucleation; hence, negatively charged PLGA was used in their study. The precipi-
tation occurs in the following manner: The drop in pH and Ca2+ activity triggered the 
simultaneous addition of two titrants containing PO4

3– and Ca2+ ions to keep the reac-
tion solution at a constant high supersaturation. By this means, the ionic activities of the 
two ions were maintained at a fixed level. The same coating method has been applied 
to liposomes as well [118]. Most recently, a biomimetic method has been utilized to coat 
minerals onto microspheres [119]. The biomimetic method uses a simulated body fluid 
to mimic physiological HA formation process. When incubating the seeding materials 
(microspheres for instance) in the simulated body fluid, a layer of HA will be formed onto 
the surface of the seeding at 37°C in a duration of a few days.

Drug	Delivery	Systems	with	Coating

Coating as both drug carrier and rate controller is widely used in biomedical devices, 
such as stents, scaffold [120], microneedles [121], and microparticles (drug containing 
coating on a magnetic microparticle for targeting [122]). However, in most devices with 
drug containing coating, burst release is usually observed (majority of the drug is released 
during the first few hours). The reason for the burst release is largely due to the quick 
release of the drug entrapped near the surface of the coating. When a drug containing 
film is coated on the surface of biomedical devices (i.e., drug eluting stent), it also suffers 
from burst release; hence, it may be difficult to sustain the release. A practical approach 
to enhance the long-term effectiveness of a drug-containing film/matrix is to capsulate 
it with another layer, which is essentially a reservoir–membrane system as well [123]. 
Venkatraman and Boey [124] reviewed several reservoir–membrane systems in the appli- reservoir–membrane systems in the appli-reservoir–membrane systems in the appli-membrane systems in the appli- in the appli-
cation of cardiology stents. In one of the applications where drug is supposed to be released 
over a longer period, a drug-free coating is applied on the surface of the drug-containing 
layer (Figure 5.11). Since drug molecules have to pass through an extra layer, its release rate 
is supposed to be reduced; otherwise, a faster release profile can be found in a design that 
has no drug-free layer.

Sriamornsak and Kennedy [125] studied the alginate and pectin coating in controlling 
the release of a few water insoluble drugs. The drug pellets were prepared by blending 
drug, cellulose, and calcium acetate. Pellets were coated by solution coating of pellets in an 
alginate/pectin solution and cross-linking of alginate/pectin on the surface of pellets with 
soluble calcium acetate. It was found that the alginate/pectin coating lowered the release 
rate by four- to six-folds, regardless of the type of the drug, whereas the release rate was 
slowest for drugs having low water solubility.

Stent

Drug-containing layer 

StentAdhesive layer

Drug free layer 

FIGURE 5.11
Multilayer-coated stent.
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For charged coatings, the release behavior depends on the polarity and thickness of the 
coating. Zhou and coworkers [126] coated PLGA microspheres with electrolytes of different 
polarities. Their findings were that the release rate of charged molecules decreased with 
increases in coating thickness, but layer thickness had little effect on neutral molecules. 
The outer layer polarity had a more prominent effect on the drug release rate because 
the charging state of the coating is determined by the outermost layers. Molecules with 
opposite charge compared to the outermost layer had slower release rate due to the strong 
binding.

Schwartz et al. [108] studied the effect of coating level on the release kinetics. It was sum-
marized that four different mechanisms might exist for different coating levels [127]:

 (1) Thin and uneven coatings: transport of the drug through flaws, cracks, and imper-
fections within the matrix or uncoated systems

 (2) Thin and even coatings: transport of the drug through a network of capillaries 
filled with release media

 (3) Thick and hydrogel: transport of the drug through a hydrated swollen film
 (4) Thick and more rigid film: transport of the drug through barriers or nonporous 

coatings, which are determined by the permeability of drug in the film

As the coating level (measured by the weight of the coating) gradually increased, the drug 
release rate was reduced. A faster release at lower coating levels was attributed to the 
incomplete/discontinuous coating. When coating level was high, more of the core sur-
face was covered by the coating material until the whole surface was covered. Core–shell 
structure has been used in particulate formulations for release rate control. Winey et al. 
[128] studied the chitosan-coated PLGA nanoparticles and found that the burst release 
was dramatically reduced even with a single layer of coating by physical absorption. Lee 
et al. studied the effect of plasticizers on the release profile. Plasticizers are used in coating 
preparation to alter its mechanical and thermal properties (glass transition temperature, 
free volume, brittleness). It was found that the hydrophilicity of the plasticizer itself does 
not significantly affect the release profile if they were retained inside the coating, but the 
hydrophilic plasticizer could easily leash out from the coating [129].

Kaplan et al. [130] used layer-by-layer assembly of silk onto alginate and PLGA micro-
spheres. The assembly was driven by hydrophobic interaction between silk and the micro-
spheres. It has been shown that the release of model drugs is more linear and last for a 
longer period after coating with silk (Figure 5.12).

Dual-layer coating is also used to alter the release rate of drugs. Dashevsky et al. [94] 
coated a drug containing core with Kollicoat SR 30 D as a release rate limiting layer. A PVA 
layer is applied in between the core and Kollicoat coating to prevent hydrophobic drug 
from partitioning into the outer layer during coating and storage. It has been shown that 
drug release rate can be easily controlled by the coating levels (measured by the weight 
percentage of coating in the formulation).

In coated microspheres, the release rate of drugs is mainly determined by the coating, 
whereas the core serves as nothing but a reservoir. If the core can be removed, a microcap-
sule will be formed for loading hydrophilic drugs. Li [131] used CaCO3 microspheres as 
a template and coated it with poly-l-lysine hydrobromide and chondrotin sulfate sodium 
salt (CS) through layer-by-layer assembly. The core was then dissolved in disodium ethy-
lenediaminetetraacetic acid. However, this configuration shows a pH-dependent loading 
behavior because the assembly is driven by an electrostatic force; hence, the wall of the 
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microcapsule is strongly charged. Therefore, it is dependent on the charge of the drug to 
give rise to different loading efficiencies. If bovine serum albumin is used as a model drug, 
its loading efficiency was found the highest at pH 3.8.

When a matrix is cross-linked, its cross-linking is usually done throughout the polymer 
matrix; but local alternation of cross-linking density (such as surface cross-linking) can be 
used to modify overall release rate. This configuration is more like a core–shell system, 
where the cross-linked surface behaves like a coating. Brazel et al. [132] reported surface 
cross-linked poly-2-hydroxyethyl methacrylate (PHEMA) disks, where cross-linking of the 
PHEMA is only induced at the surface by controlling the contacting time between cross-
linking agent and the matrix. It is shown that a much longer sustained release profile can 
be achieved at a suitable cross-linking density (Figure 5.13, left). It is worth noting that a 
similar effect can be achieved by changing the PHEMA concentration during preparation 
(Figure 5.14). But most interestingly, a delayed release profile was found for a high PHEMA 
concentration hydrogel with a high surface cross-linking density (Figure 5.13, right): drug 
is only released after an initial silent period. A delayed formulation is beneficial for oral 
delivery because it takes hours for the delivery system to reach small intestine and colon. 
Moreover, it solved the burst release problem. The surface cross-linking approach has been 
applied to PVA hydrogels for delayed and sustained release as well [133].

Kennedy et al. [134] studied the effect of drug solubility on the release behavior of cal-
cium polysaccharide gel (such as alginate gel) coated pellets: low solubility drugs and 
gels with higher cross-linking density resulted in the lowest release rate; however, specific 
drug–polymer interaction might change the general rules.

Besides the diffusivity and solubility of the drug in the coating, the location of the drug 
in the coating has a dramatic effect on the release behavior as well. This is because the 
location of the drug determines the distance it has to travel before it is released. The loca-
tion of the drug in the coating can be controlled if solvent evaporation method is used. In 
the evaporation method, polymer and drug are dissolved in an organic solvent and then 
the solution is casted onto the substrate. Drying of the casting solution is needed to form 
a coating. It has been proved that evaporation rate and concentration of casting solution 
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determine the location of the drug in the coating [135]: a low concentration and slower 
evaporation rate result in a segmentation of the polymer and drug, whereas a high concen-
tration and faster evaporation rate make the drug distribute more evenly in the coating.

More often than not, achieving the desired coating property is difficult by a single 
material; a feasible approach to overcome this problem is to blend two or more types of 
polymers together. The property of the coating can be easily altered by varying polymer: 
polymer blend ratio [136]. For diffusion-controlled systems, the diffusivity of the drug can 
be easily manipulated by blending different types of polymers with distinct water infin-
ity. The drug diffusion rate will be higher if the concentration of the higher water-soluble 
polymer is higher in the blend. Lehman [137] studied the blending of Eudragit® RL and 
Eudragit RS for release rate control and found out that a faster release rate was achieved 
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by more Eudragit RL because it is more hydrophilic. Together with HPMC, Wei Wu et al. 
[138] added lactose to form a coating by compression coating technique. Lactose readily 
dissolves out when in contact with water, leaving a diffusion path for drug to be released. 
Therefore, a faster release and shorter lag time were observed for higher lactose content, 
but a linear release profile was observed regardless of lactose content. A similar idea is 
widely used for polyvinyl-based polymers to alter the drug release rate. It is rather a com-
mon practice to blend hydrophobic polymers with hydrophilic polymers such as cellulose 
derivatives to tailor drug release behavior (Table 5.2). Besides the fact that blendings of 
different polymers could affect the overall hydrophilicity of the coating, the hydrophilic 
constitutes could dissolve and leach out from the coating when in contact with the body 
fluid, hence leaving diffusion channels for the core material to be released [139]. Hence, 
both porous and nonporous descriptions of the diffusion process are needed to describe 
the drug release behavior of certain coatings.

In practice, release rate in erosion controlled drug delivery system is mainly controlled 
by degradation rate of the coating. Therefore, most research has been devoted to design 
polymers with different degradation rates. Mather and coworkers [140] studied the release 
behavior of a family of nanostructured hybrid polyurethanes, which was synthesized by 
covalently connecting polyhedral oligosilsesquioxane thermoplastic polyurethanes and 
biodegradable soft segments of poly-d,l-lactide/caprolactone copolymer with incorpora-
tion of PEG. It was found out that the release rate could be easily tailored from half a day 
to 90 days by altering the polymer structure.

HPMC can be used as both matrix and coating materials. Uncoated HPMC usually 
shows a linear release profile (zero-order release profile), and its release rate can be reduced 
by applying Eudragit RS 30D coating at different levels: the higher the coating level, the 
smaller the release rate is. Drug molecules can be dispersed in the core and coating at the 
same time (dual-drug loaded) to have more complex release profiles. It was reported that 
at moderate coating levels, a biphase release profile is observed with a faster release rate 
in the first few hours followed by a slower release rate [141]. Maroni and coworkers [142] 
manufactured insulin tablets coated with HPMC. It was found that the insulin tablets 
could be manufactured by an industrial method: direct compression without loss of func-
tionality. Because the major challenge in oral insulin delivery (and other acidic sensitive 
drugs, such as Omeprazole) is to protect the insulin from degradation until it reaches the 

TABLE 5.2

Cellulose Derivatives as Coating Materials

Polymer Property

Methylcellulose (MC) Soluble in cold water
Ethylcellulose Soluble in organic solvents, but insoluble in water. 

Used to realize sustained release formulation. 
Used together with water-soluble celluloses to 
alter the release behavior

Hydroxyethylcellulose (HEC) Soluble in water
Methyl hydroxyethylcellulose (MHEC) Soluble in water
Hydroxypropyl cellulose (HPC) Soluble in water, but tacky when dried
HPMC Soluble in water, alcohols, and halogenated 

hydrocarbons

Source: Gibson, M., Pharmaceutical Preformulation and Formulation: A Practical Guide From 
Candidate Drug Selection to Commercial Dosage Form, 2007.
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small intestine, the HMPC could serve as a protection layer, which gradually dissolves 
with time in the gastrointestinal tract. The time required for the HPMC coating to be com-
pletely degraded (lag time) can be controlled by the coating level. The design objective is 
to make sure that the lag time coincides with the time needed to deliver the tablet to the 
small intestine. It was shown that the lag time can be modulated from zero to 150 min 
by HPMC coatings. The coatings that help the medicine to reach the small intestine are 
collectively known as enteric coatings. Aqueous methacrylic acid copolymer dispersion 
(Eudragit L 30D-55) is commonly used to form enteric coatings. The coating forms compact 
structure in acidic environment, hence prevents direct contact between the ingredients 
and acid, but quickly dissolves in basic condition found in the small intestine. However, 
the challenge of this approach is that basic drugs could migrate into the enteric coatings 
and be degraded during storage. To solve this problem, subcoating/buffer is required to 
separate the drug and the enteric coating. He et al. [143] constructed multilayer structure 
and made of a salt layer and an HPMC layer to be the buffer. The salt layer enhanced the 
stability of the drug but had no effect on the release rate. HPMC layer controls the release 
rate when the enteric layer dissolves. The overall shell life of the formulation was reported 
to be 2 years. Among different commercially available HPMC, it was reported that the lag 
time decreases according to Methocel K4M > E50 > E5 [144].

A recent design of biodegradable coating was reported by Murphy and coworkers [145]. 
Biodegradable ceramics, hydroxyapatite, was coated on a biodegradable PLGA micro-
sphere by biomimetic process. Since most protein drugs are charged, they can be bound 
strongly to the mineral coating by electrostatic attraction so that proteins cannot escape 
from it. It has been shown that protein release was controlled by the degradation of the 
mineral coating, and burst release was not observed in their design since degradation was 
a time-dependent process.

Since PLA or PLGA is biodegradable, they can be casted into films and can be coated 
onto drug pellets using a hot template ((120°C, 1 h, 1 MPa) to alter release behavior. The 
PLA-coated drug pellets showed a biphase release profile: a quick release due to partition 
of the drug in the film during preparation and a slow linear release over days governed by 
degradation [146]. Schmidmaier et al. [73] reported on poly(d,l-lactide)–coated osteosyn-
thetic implants, loaded with growth factors, and found that the incorporated growth factor 
can be gradually released in a month, and the coated implant could sustain a higher load 
than the bare metal implant. Degradation rate of PLA can be increased by incorporating 
PEG due to decreased acidity [147]. To minimize the burst release with increased degrada-
tion rate, another coating can be applied onto the PLG-g-PEG film.

More advanced erosion-controlled designs are available. Degradable/water-soluble 
coating can be applied to the amorphous solid formulation widely used in oral delivery. 
The coating could stabilize the amorphous formulation and meanwhile control the rate 
of dissolution of the solid formulation by its degradation/dissolution rate. Eudragit L100, 
an ionic polymer, has been used in such designs [148]. The ion exchange dissolves the 
Eudragit L100 coating, and the amorphous core is quickly dissolved after the coating is 
gone.

The general configuration of an osmotic pressure-driven drug delivery system is a semi-
permeable coating on a drug containing core. When contacting with water, the osmotic 
pressure drives water into the formulation and the pressure inside the formulation is 
increased. Drug is then pushed out through orifices in the membrane due to the elevated 
pressure. A lag time is usually observed, and the release of the drug is linear. The coating 
can be asymmetric: the coating is composed of a semipermeable polymer with discrete 
channels [149]; therefore, there is no need to create orifices for drug to be released. Another 
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configuration of the osmotic pressure-driven drug delivery system is known as push–pull 
systems [150]. A piece of hydrogel is loaded in a chamber surrounded by a semipermeable 
membrane. When water is driven into the chamber, the hydrogel swells and pushes the 
drug out of the chamber. Multicompartment of osmotic pressure-driven system can be fab-
ricated to deliver different types of drugs simultaneously. To generate a large osmotic pres-
sure gradient across the membrane, osmotically active ingredients, that is, sodium and 
potassium chloride [151], and sucrose are added into the compartment. Cellulose acetate 
is widely used to prepare semipermeable membrane, and water-soluble polymers such as 
PEG are commonly used as a leachable component to form the orifices for the drug to be 
released [152]. A similar concept was adopted by Pan et al. [153]. In their system, a coating 
made of Eudragit L100 protects the system from acidic environment of the stomach, and 
it dissolves in the small intestine. A semipermeable membrane is made from cellulose 
acetate and chitosan. In the small intestine, although water is allowed to enter the core 
through the semipermeable membrane, there are no orifices for the drug to be released. 
The chitosan in the semipermeable membrane is eventually degraded by the microflora in 
the colon; hence, the semipermeable membrane becomes porous and allows the drug to be 
released driven by osmotic pressure.

Summary

Drug release rate control by coating technology can be a target at different control 
mechanisms, namely, diffusion, erosion, and osmotic pressure. Understanding of those 
mechanisms is critical to choose suitable materials and coating techniques for the 
purpose of release rate control. For diffusion-controlled coatings, diffusivity and partition 
coefficients are two key parameters, which can be affected by some common factors, such 
as cross-linking density, hydrophilicity, and specific binding; however, partition-specific 
control method (drug immobilization in the coating) is available as well. The ability to 
control diffusivity and partition coefficients separately is beneficial to a more precise 
release rate control. In the erosion and osmotic pressure coatings, diffusion plays a critical 
role in determining the final release rate as well because it affects the degradation rate and 
osmotic pressure.
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Introduction

Atherosclerosis is a cardiovascular disease of the arteries, which harden and become nar-
rower. It is caused by plaque build-up and results in blood vessel narrowing and blood flow 
reduction. The clinical symptoms are heart attack, stroke, and in extreme cases, death. In 
1977, Dr. Andreas Gruentzig, a German cardiologist, performed the first coronary angio-
plasty (clearing the stenosed lumen of the coronary artery) on an awake human in Zurich 
(De Jaegere et al., 1994; King and Schlumpf, 1993). From a 10-year follow-up of the original 
series of percutaneous transluminal coronary angioplasties performed in Zurich, there 
was an overall survival rate of 89.5% in 133 patients. However, restenosis after plain bal-
loon angioplasty occurred as frequently as one-third to one-half of the cases (Gottsauner-
Wolf et al., 1996).

Coronary artery stents were introduced as a step to reduce restenosis rates and prevent 
abrupt vessel closure. The first elective coronary stent implantation was performed in 
1986 by Dr. Jacques Puel in France to prevent restenosis after plain balloon angioplasty 
(Cook and Windecker, 2009). By 1999, stents were used in 84% of percutaneous coronary 
interventions (PCI). However, the use of stenting was always accompanied by the risk 
of stent thrombosis after implantation. As a precaution, aspirin was given in conjunction 
with dipyridamole, sulfapyrazone, and oral anticoagulation (acenocoumarin) for up to 
6 months. The major limitation of PCI in bare-metal stenting is neointimal hyperplasia, an 
exaggerated healing response resulting from vessel trauma due to the angioplasty and the 
physical damage caused by the stent against the vascular endothelial layer (Kukreja et al., 
2008), leading to restenosis.

Intimal injury from stenting results in increased smooth muscle cell proliferation and migra-
tion (Deconinck et al., 2008; Tesfamariam, 2008). However, stents alone induce less neointimal 
proliferation (one-quarter) than balloon angioplasty (more than one-third). Because of the use 
of thrombogenic metallic materials, stenting has another major limitation in addition to in-
stent restenosis, namely, late thrombosis (Caves and Chaikof, 2006). To address these issues, 
interventional cardiologists defined the concept of an active stent, targeting on each step of 
the restenosis process: platelet thrombosis, inflammation, smooth muscle cell migration, and 
smooth muscle cell proliferation. Anti-inflammatory, antimigratory, antiproliferative, and pro-
healing drugs were all of interest in the control of in-stent thrombosis and restenosis.

Drug-eluting stents (DES) were introduced in 2002 by Cordis Corporation, a Johnson & 
Johnson company with the CYPHER™ stent. This is an expandable, slotted, stainless steel 
tube, with a drug (sirolimus) contained within a thin polymer coating on its surfaces. DES 
are considered a local drug delivery system, resulting in higher concentrations of drug 
at the target site (Acharya and Park, 2006), minimizing the risk of systemic toxicity, and 
having the possibility of controlled drug release (Deconinck et al., 2008). Using DES can 
reduce neointimal proliferation to less than 10% of that of bare-metal stents.

DES consist of three major components:

 (1) A stent platform to scaffold the vessel
 (2) A drug to inhibit neointimal growth
 (3) A matrix material to deliver the drug with controlled release kinetics

Release-controlled coatings are a concept derived from drug elution. It generally refers to 
the structural part of DES for controlled release and simply refers to the primary matrix/
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drug component. In this chapter, release-controlled coatings are categorized as polymer-
based, inorganic-based, and matrix-free. Under each category, the primary matrix materi-
als will be described in terms of materials, structures and forming techniques, and release 
kinetics. With the introduction of individual cases, the perspectives of release-controlled 
coatings will be discussed.

Matrix	Materials

The materials used for fabricating the matrix of stents, indicated in the constructive tri-
angle for DES (Figure 6.1), have undergone continuous and rapid development since 2002. 
Traditional, simple, nonerodible polymers have been replaced by erodible, inorganic-based 
systems.

Polymer-Based Matrix

Synthetic and natural polymers that are biocompatible and biodegradable are widely 
used in medical and surgical applications. Among these, nonerodible polymers, such 
as acrylic polymers or copolymers and erodible polymers, such as polylactic acid (PLA) 
and poly(lactide-co-glycolide) (PLGA), are used as the matrix materials for loading drugs 
onto coronary stents (Raval et al., 2007). As a reservoir for the controlled release of drugs, 
the polymer-based matrix materials that first received FDA approval were nonerodible. 
The sirolimus-eluting CYPHER stent (Cordis, Warren, NJ) consists of a stainless steel 
platform coated with a nonerodible polymer (poly(ethylene-co-vinyl acetate) [PEVA] and 
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poly(n-butyl methacrylate) [PBMA]) containing 140 μg/cm2 sirolimus (Kukreja et al., 2008). 
The paclitaxel-eluting TAXUSTM stent (Boston Scientific, Natick, MA) incorporates a stain-
less steel platform with a nonerodible polymer coating (polystyrene-b-isobutylene-b-
 styrene [SIBS]) combined with 100 μg/cm2 of paclitaxel (Kukreja et al., 2008). The strength 
of the nonerodible polymers in both CYPHER and TAXUS stents lies in their ability to pre-
vent restenosis in a diverse range of patients. However, both cause significant delay in arte-
rial healing manifested by persistent fibrin deposition and poor endothelialization when 
compared to instances of bare metal stent implantation (Finn et al., 2007). Consequently, 
more biocompatible matrix materials have been introduced. These include the nonerodible 
phosphorylcholine (PC) and erodible polyesters such as PLGA, PLA, poly-l-lactide (PLLA), 
and poly-d,l-lactide (PDLLA) (Raval et al., 2007).

Nonerodible Polymeric Matrix

The market for commercially available DES is currently dominated by stents with nonerod-
ible polymer matrices (Kukreja et al., 2008; Fishell et al., 2009). Table 6.1 shows the DES 
drug delivery systems using these matrices. Phosphorylcholine is the only natural poly-
mer among a number of synthetic polymers that have proven track records in stenting 
applications. 

Polymer Blends

The CYPHER sirolimus-eluting coronary stent (CYPHER stent) is a combination product 
comprising two regulated components: a device (a stent system) and a drug product (a 
formulation of sirolimus in a polymer coating). The CYPHER stent was the first DES to 
receive both the Conformité Européenne (CE) mark and FDA approval in April 2002 and 
2003, respectively (Daemen and Serruys, 2007). The stent, under the name of Bx Velocity 
(manufactured by Cordis Corporation/Johnson & Johnson), is used to treat lesions 30 mm 
in length or smaller and with a reference diameter of 2.25–4 mm. The stent material is 
electropolished stainless steel (316L), laser cut from seamless tubing in a sinusoidal pat-
tern. The designed strut thickness is 140 μm (Nakazawa et al., 2009). The usable length 
of the stent placement system is either 145 cm for RAPTOR™ over-the-wire or 137 cm for 
RAPTORRAIL® Rapid Exchange. Polymer blend PEVA/PBMA is used as the matrix mate-
rial for loading sirolimus, which it achieves using a mixture at a ratio of 67% polymer and 
33% sirolimus. The molecular formula of sirolimus is C51H79NO13 with a molecular weight 
of 914.2 g/mol and is contained within the drug reservoir layer at a density of 140 μg/cm2, 
80% of which is released in 30 days (Kukreja et al., 2008).

PEVA and PBMA have proven track records as controlled release polymers (Rhodes 
and Porter, 1998). PEVA (Figure 6.2) is produced by copolymerization of ethylene and 
vinyl acetate (VA). With increasing proportion of the polar comonomer VA, the products 
change from modified polyethylene to a rubberlike product. Commercially available PEVA 

TABLE 6.1

DES Drug Delivery Systems Using a Nonerodible Polymer Matrix

Stent	Design Drug	(Dose) Matrix	(Ratio) Manufacturer

Cypher Sirolimus (1.4 μg/mm2) PEVA + PBMA Cordis
Taxus Paclitaxel (1.0 μg/mm2) SIBS (Translute) Boston Scientific
Xience V Everolimus (1.0 μg/mm2) Fluoropolymer Abbott Vascular
Endeavor Zotarolimus (1.6 μg/mm2) Phosphorylcholine Medtronic
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copolymers have a VA concentration between 10% and 50%, in the form of beads, pel-
lets, granules, and so on (typically, 12%, 14%, 18%, 25%, or 33%) (Chudzik et al., 2001). 
PEVA copolymers with low percent VA become increasingly insoluble in typical solvents, 
whereas those with higher percent VA become decreasingly durable. PBMA is a homopoly-
mer of monomer (Figure 6.3) with a molecular weight range from 200 to 320 kDa. These 
products vary in viscosity, solubility, and form.

Block Copolymers

The TAXUS Express2 and TAXUS Express2 Atom Paclitaxel-eluting coronary stent systems 
are device/drug combination products comprising two regulated components: a device 
(Express Coronary Stent System, Boston Scientific, USA) and a drug product (a formulation 
of paclitaxel contained in a polymer coating). The stent is manufactured by Boston Scientific 
(Natick, MA) and is used to treat lesions 28 mm or smaller in length with reference diam-
eter ranging from 2.25 to 4 mm. The stent material is a 316L surgical grade stainless steel 
with a design strut thickness of 132 μm (Nakazawa et al., 2009). The usable length of the 
stent delivery systems is 140 cm for TAXUS Express2 Monorail and 135 cm for the TAXUS 
Express2 over-the-wire systems. The drug/polymer coating consists of paclitaxel (the active 
ingredient) and Translute™ polymer carrier (the inactive matrix). The molecular formula 
of paclitaxel is C47H51NO14 with a molecular weight of 853.91 g/mol. The polymer carrier 
is loaded with 1 μg/mm2 paclitaxel in a slow release formulation and coated over the stent 
with a maximum nominal drug content of 282 μg on the largest stent (4.00 × 32 mm).

The only inactive ingredient in the TAXUS Express stent is SIBS, a tri-block copolymer 
composed of styrene and isobutylene units built on 1,3-di(2-methoxy-2-propyl)-5-tert-
 butylbenzene and sold under the trade name of Translute (Figure 6.4). It is a hydrophobic, 
elastomeric copolymer with an Mn (number average molecular weight) of 80,000–130,000 
g/mol, and a polydispersity index of 1.0–2.0. The polymer is mixed with the drug pacli-
taxel and then applied to the stents, without a primer or topcoat layer, over the entire stent 
surface (i.e., both luminal and abluminal). The structural formula for the polymer is shown 
below.

The SIBS polymer used on the TAXUS stent is a form of rubber, an adhesive compound 
with elastomeric properties. SIBS is a biologically inactive and biostable compound that 
retains the drug on the stent, provides relatively uniform drug delivery, prevents mechan-
ical disruption during processing and deployment, and has a relatively long shelf life 
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(Fishell et al., 2009). Unlike the CYPHER stent, TAXUS stent retains at least 90% of the drug 
on the polymer after elution of the initial 10% during the first few months. 

Fluoropolymer

The XIENCE™ V Everolimus-eluting coronary stent system (XIENCE V or XIENCE V 
EECSS) is a device/drug combination product consisting of either the MULTI-LINK 
VISION® Coronary Stent System or the Multi-Link Mini Vision® Coronary Stent System 
coated with a formulation containing Everolimus as the active ingredient, embedded in 
a nonerodible polymer. The stent has a reference diameter of 2.5–4.0 mm and is used to 
treat lesions 28 mm in length or smaller, marketed under the names of XIENCE V Rapid-
Exchange EECSS and XIENCE V over-the-wire EECSS. The stent material is a medical-grade 
L605 cobalt chromium (CoCr) alloy with a design strut thickness of 81 µm (Nakazawa et 
al., 2009). The usable length of the delivery system is 143 cm for both (rapid exchange and 
over-the-wire) delivery systems. The drug Everolimus is a novel, semisynthetic macrolide 
immunosuppressant, synthesized by chemical modification of rapamycin (sirolimus). The 
molecular formula of Everolimus is C53H83NO14 with a molecular weight of 958.224 g/mol. 
The nonerodible polymer is loaded with 100 μg/cm2 of Everolimus and has a maximum 
nominal drug content of 181 μg on the stent (4.0 × 28 mm).

The inactive ingredients comprise PBMA (Figure 6.3), a polymer that adheres to the 
stent and acts as the drug coating, and poly(vinylidene fluoride-co-hexafluoropropylene) 
(PVDF-HFP) (Figure 6.5) as the stent matrix layer containing Everolimus. PVDF-HFP is a 
nonerodible semicrystalline random copolymer with an Mw of 254,000–293,000 Da. This 
copolymer is mixed with Everolimus (83%:17% w/w polymer/Everolimus) and applied to 
the entire PBMA-coated stent surface as a conformal coating. The drug is loaded at a den-
sity of 100 μg/cm2 for all product sizes. No topcoat layer is used.

Phospholipid Polymer

The Endeavor® Zotarolimus-Eluting Coronary Stent on an over-the-wire or Multi-
Exchange® II (MX2) stent delivery system is a device/drug combination product with a 
reference diameter of 2.5–3.5 mm that is used to treat lesions of 27 mm in length or smaller. 
The stent material is an F-562 CoCr alloy with a design strut thickness of 91 μm (Nakazawa 
et al., 2009). The drug delivery system consists of a PC coating in a conformal layer with 
Zotarolimus at a density of 1.6 μg/mm2 (Udipi et al., 2007). Zotarolimus, also named ABT-
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578, is a semisynthetic derivative of rapamycin, with a molecular formula of C52H79N5O12 
and molecular weight of 966.21 g/mol. Phosphorylcholine consists of a copolymer of meth-
acryloylphosphorylcholine and lauryl methacrylate (LMA) (Acharya and Park, 2006).

Phosphorylcholine is a zwitterionic phospholipid found on the outer surface of red blood 
cell membranes (Lewis, 2006) carrying both positive and negative charges, yet overall elec-
trically neutral. One consequence of the charged nature of the headgroup is its propensity 
to form a large hydration shell around it, estimated to comprise 12–19 water molecules per 
headgroup. In the late 1970s, workers in Japan were successful in developing a process for 
producing a polymerizable phospholipid-like monomer based on methacrylate chemistry. 
The groups of Nakabayashi and Ishihara have studied materials based on 2-methacryl-
oyloxyethyl phosphorylcholine (MPC) with respect to their interfacial, solution, and bulk 
properties, and more recently, to drug delivery.

In parallel to the work in Japan, a family of MPC polymers were developed and commer-
cialized by Biocompatibles UK Ltd. This range of materials is described as PC Technology™ 
and has been approved and used in the manufacture of a variety of medical devices. 
Among these, PC1036 and PC2028 are used to encapsulate drugs for coronary stents such 
as Biodiv Ysio® stent (stainless steel) and Endeavor™ stent (chromium cobalt alloy).

PC1036 (Figure 6.6) and PC2028 (Figure 6.7) are hydrogels with hydrophobic alkyl 
cocomponents that aid in the formation of coherent films and result in good adhesion 
to a variety of substrates used in medical device manufacturing. These polymers carry a 
silyloxyalkyl cross-linking group that is capable of thermal cross-linking after application 
of the coating. This controllable cross-linking provides a method of varying the interstitial 
space between polymer chains, and hence the free-water content, through which the drug 
may diffuse.

Endeavor Resolute stents use a proprietary biocompatible polymer called BioLinx™, a 
unique blend of three polymers: a hydrophilic C19 polymer, water-soluble polyvinyl pyr-
rolidinone (PVP), and a lipophilic/hydrophobic C10 polymer (Udipi et al., 2007). The C10 
polymer stimulates controlled drug release, the C19 polymer provides enhanced biocom-
patibility and is helpful in drug elution, and PVP increases the initial drug burst and 
enhances the elution rate (Daemen and Serruys, 2007). Like the PC polymer, it is also 
designed to be biomimetic and confer the same biocompatibility as the Endeavor stent’s 
PC while extending the duration of drug exposure in the vessel. Developed by Medtronic 
scientists, BioLinx is the first polymer created specifically for use on a DES. Extensive 
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preclinical studies have established that the polymer has good biocompatibility with 
blood, endothelial, and smooth muscle cells.

Erodible Polymer Matrix

Erodible polymer matrix materials mainly include PLGA (Figure 6.8) and PLA families 
(Figure 6.9) (Vert, 2009). PLGA is a family of copolymers of lactic acid with glycolic acid in 
different ratios. Park (1995) summarized seven members of the PLGA polymers in terms of 
suppliers, the ratio of lactic acid/glycolic acid, weight average molecular weight, and glass 
transition temperature (Tg) of microspheres of the products. Drugs, such as paclitaxel and 
dexamethasone, have been encapsulated in PLGA (Kumari et al., 2010). PLA is a family of 
homopolymers of lactic acid in either L or D handedness. Poly-l-lactic acid (Figure 6.9) is 
supplied in two forms (Lincoff et al., 1997; von Recum et al., 1995), high molecular weight 
(in the range 82,500–321,000 Da) and low molecular weight forms (in the range 7600 to 
80,000 Da). Low molecular weight PLLA (80 kDa) is associated with an intense inflam-
matory reaction, whereas only minimal inflammation has been observed with implants 
of high molecular weight (321 kDa) PLLA. Poly-d,l-lactide is a blend of poly(d-lactic acid) 
(PDLA) and PLLA in varying ratios (Figure 6.9). The thermal and mechanical properties 
of PLLA and PDLLA are summarized in the review by Fan et al. (2009). Poly-l-lactide is a 
semicrystalline polymer with a melting point in the range of 173–178°C, whereas PDLLA 
is an amorphous polymer of the racemic mixture of PLLA and PDLA. Both have similar 
glass transition temperature in the range of 50–65°C. 

Polylactide

DES using PLA as a matrix material are summarized in Table 6.2. Among these, Biolimus A9 
is the more common drug component. Biolimus A9 is a highly lipophilic, semisynthetic ana-
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logue of sirolimus having an alkoxy-alkyl group replacing hydrogen at position 42-O. The 
molecular formula of Biolimus A9 is C55H87NO14 with a molecular weight of 986.29 g/mol.

The Devax Axxess™ Biolimus A9® (Devas; Irvine, CA) eluting bifurcation stent system 
is a proprietary self-expanding Nitinol stent specifically engineered for the treatment of 
coronary and vascular bifurcation lesions. Nitinol is an alloy composed of 55 wt.% nickel 
and balance titanium. It is well known for its unusual shape memory effect. Controlled 
release of Biolimus A9 is achieved after encapsulation in PLA and application onto the 
surface of Nitinol stents. Bifurcation lesions account for approximately 20–30% of all PCI. 
The Devax Axxess PlusTM stent was the first of these dedicated bifurcation stents designed 
to elute an antirestenotic drug (Chen and Sheiban, 2009).

Biosensors use Biolimus A9 and PLA on a highly flexible stainless steel stent, designed 
for enhanced deliverability, on its BioMatrix drug-eluting Coronary Stent System. This 
DES is used to treat lesions 28 mm or smaller in length, and has a reference diameter of 
2.5–3.5 mm. The stent material is 316L VM stainless steel with a strut thickness of 112 µm 
(Nakazawa et al., 2009). The S-stentTM, code-named BioFlexTM (Biosensor International, 
Singapore), is the bare-metal stent which is the basis of the BioMatrix DES, is coated 
with a primer layer of Parylene (Grabow et al., 2009), and forms the metal backbone of 
the BioMatrix™ DES. The S-Stent platform has wider struts and more uniform geometry 
to optimize the release of antirestenosis drugs using a proprietary asymmetrical coating 
process. The drug delivery system differs from CYPHER and TAXUS stents by having the 
drug/polymer application solely onto the abluminal surface (the surface facing the arte-
rial wall) of the stent (Windecker et al., 2008), comprising PLA mixed with Biolimus A9 
at a concentration of 15.6 µg/mm stent length. The BioMatrix concept is also licensed by 
Terumo (Japan) and marketed as the Nobori stent (Grabow et al., 2009).

The EXCEL from JW Medical Systems, China, also has a sirolimus and PLA drug- delivery 
system covering a laser-cut, 316L stainless steel, open cell design stent with strut thickness 

TABLE 6.2

DES Using PLA as a Matrix Material

Stent	Design Drug Polymer

Axxess Biolimus A9 PLA
BioMatrix (Nobori) Biolimus A9 PLA
Excel Sirolimus PLA
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of 119 μm (Doyle and Holmes, 2009). The PLA is abluminally coated and contains sirolimus 
at a range of 195–376 μg per stent.

Poly(Lactide-co-Glycolide)

PLGA is an erodible copolymer of lactic acid and glycolic acid. It is found in diverse appli-
cations over a range of compositions, the different monomer ratios significantly influenc-
ing the physical and chemical properties of the copolymer. DES using PLGA as the matrix 
material include the Medstent™ stent from Conor MedSystem and the NEVO stent from 
Cordis Corporation (Table 6.3). Although it employs the reservoir (RES) technology from 
the Conor Medsystems Medstent™, the Cordis NEVO metal stent uses a different form of 
PLGA, uses a different drug, and has a different design of CoCr architecture.

The Conor stent uses paclitaxel mixed with the PLGA covering a metallic stent. The 
Conor stents originally were constructed from 316 stainless steel, but the subsequent 
design uses a CoCr alloy with multiple intra-strut wells (Kukreja et al., 2008). A single 
cell of the Conor stent has intra-strut-built wells and the ductile hinge allows full deploy-
ment of the stent without deformation of the wells containing the drug (Serruys et al., 
2005). The stainless steel stent had a strut thickness of 127 μm (Serruys et al., 2005), and 
the CoCr alloy stent has a thinner strut thickness. The molecular formula of paclitaxel is 
C47H51NO14 with a molecular weight of 853.91 g/mol. The paclitaxel/PLGA combination 
is injected into each hole using an automated microjet system with a drug loading in the 
range 10–30 μg. Studies have suggested that this dose released over a 10-day period is inef-
fective in reducing in-stent neointimal proliferation, but shows significant benefit when 
released over 30 days. 

The NEVO™ sirolimus-eluting stent (Cordis Corporation) is fabricated from CoCr alloy 
and also uses a drug delivery system based on PLGA (Otake et al., 2009). It utilizes the 
same reservoir system (RES) that Conor Medsystems uses, with hundreds of small res-
ervoirs or holes in the stent struts into which the drug–polymer mixture is loaded. The 
NEVO RES-I stent is used to treat lesions 28 mm or smaller in length, and has a reference 
diameter of 2.5–3.5 mm. The design allows drug delivery from a surface that is 75% bare 
metal upon insertion. The system contains 166 μg sirolimus (Fishell et al., 2009).

Erodible Polymer Blends

The Infinnium paclitaxel-eluting stent (Sahajanand Medical, India) is constructed using 
four erodible polymers over a surgical grade 316L stainless steel Millennium Matrix® stent, 
laser cut from seamless tubing in a snaking pattern. The Infinnium stent is used to treat 
lesions 39 mm or smaller in length and has a reference diameter of 2.5–4 mm with a strut 
width and thickness of 110 and 80 μm, respectively. The usable length of the delivery sys-
tem is 135 cm. The matrix material is a combination of PLLA, poly–d,l-lactide-co-glycolide, 
poly-l-lactide-co-caprolactone, and PVP that is applied in multiple layers to provide pro-
grammed drug release. The polymer coating is 5 μm thick with 50–500 μg paclitaxel over 
the stent length (Table 6.4). 

TABLE 6.3

DES Using PLGA as a Matrix Material

Stent	Design Drug Polymer

CoStar Paclitaxel PLGA
Nevo Sirolimus PLGA



Release-Controlled	Coatings	 269

The Supralimus-Core Sirolimus-eluting stent (Sahajanand Medical) is a device/drug 
product system that consists of sirolimus, an erodible polymer, and a surgical grade L605 
CoCr alloy stent. The stent is used to treat lesions 40 mm or smaller in length with refer-
ence diameter from 2.5 to 3.5 mm. The metal stent has a strut thickness of 60 μm and the 
usable length of the delivery system is 140 cm. The delivery system has a thickness of 
5–6 μm that is made of two layers: a base layer containing the drug and a top protective 
layer without drug for a programmed biphase drug release. 

Inorganic-Based Matrix

By completely removing polymer matrix materials, manufacturers have developed sys-
tems for introducing inorganic-based matrix drug reservoirs directly onto the metal sur-
faces through processes such as surface deposition. To avoid drug elution into the blood, 
abluminal surface coating is generally employed.

Ceramic-Coated Tacrolimus-Eluting Stent

Jomed International, recently acquired by Abbott Vascular, developed a thin ceramic coat-
ing of 300–500 nm onto a 316L stainless steel stent (Jomed, Rangendingen, Germany) for 
drug elution (Wieneke et al., 2003). The metal stent has a length of 16 mm, a surface area 
of 91.81 mm2, and a strut diameter of 120 μm. The porous ceramic membrane is made in 
two steps. First the bare metal stent was coated with a thin layer of aluminum using a 
specially designed vapor deposition process (anodic arc discharge, involving evaporation 
and ionization of metal vapor), which is then electrically converted into a nanoporous 
ceramic–alumina using a bath of 2% oxalic acid in cold water (0°C). Pores formed dur-
ing the process in the range of 5–15 nm are used for carrying the drug. Drug loading is 
achieved by dipping the stents into a defined solution of 3 mg tacrolimus in 1 mL methanol 
with subsequent drying steps. The nanoporous ceramic membrane controlled the release 
of 75% tacrolimus in 2 to 3 days (Table 6.5). 

TABLE 6.5

DES with Inorganic Drug Delivery Systems

Stent	Design Drug Matrix

Axxion Paclitaxel None
Janus Flex Tacrolimus None
Yukon Sirolimus None
Genus Anti-CD34 None

TABLE 6.4

DES Using Erodible Polymer Blends

Stent	Design Drug Polymer

Infinnium Paclitaxel PLLA + PLGA + PVP
Supralimus-Core Sirolimus PLLA + PLGA + PVP
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Yukon Drug-Eluting Stent

The Translumina Yukon® CC stent (Translumina, Hechingen, Germany) is a microporous, 
onsite-coated, sirolimus-eluting stent composed of drug reservoir machined directly into 
the stent using mechanical means. The stent also has a strut thickness of 87 mm. With 
100% pore coverage, the surface micropores have an average depth of approximately 2 μm 
with approximately 1 million pores/cm2. This unique structure allows polymer-free coat-
ing of sirolimus using a proprietary coating device (Mehilli et al., 2006). The equipment 
comprises a drug reservoir, spraying system, and a cartridge, into which a mounted stent is 
positioned. This mobile machine can complete the entire drug application within 10 min. 
Freshly coated Yukon Sirolimus-eluting stents are used to treat lesions 40 mm or smaller 
in length with reference diameter from 2.0 to 3.5 mm.

Janus Carbostent™

The Janus CarboStent™ is manufactured by Sorin, Europe’s largest cardiovascular dis-
eases technology company. The Janus™ flex stent is a matrix-free tacrolimus-eluting stent. 
The stent material is an AISI 316 LVM stainless steel with Carbofilm™ coating for reduced 
risk of thrombolic events. The metallic stent has a strut thickness of 110 μm, a slotted tube 
multicellular architecture with characteristic deep grooves on its external surface, which 
are loaded with drug. The amount of drug loaded into the grooves is significantly higher 
than that in a polymeric film (2.3 μg/mm2), and none of the drug is lost into the blood-
stream. The maximum concentration of tacrolimus in the endothelial wall is reached dur-
ing the first day after implantation, reducing to a steady state after 10 days. Fifty percent 
of the loaded drug is released after 28 days. This stent is used to treat lesions 31 mm or 
smaller in length with reference diameter from 2.5 to 4.0 mm. 

Axxion Paclitaxel-Eluting Stent

Biosensors’ Axxion paclitaxel-eluting stent is a polymer-free stent that received its CE Mark 
in July 2005 (Fishell et al., 2009). The stent is laser cut from a 316L LVM stainless steel tube 
with multicellular slots with stent rings connected by U-shaped links that are positioned 
between successive rings. The thickness of the strut is 117 μm. The stent surface is coated 
with a thin, uniform film of a semisynthetic glycocalix (Calix) through a covalent bond-
ing process. The glycocalix coating is designed to mimic the carbohydrate chain–coated 
surface of endothelial cells. Paclitaxel is spray coated to the abluminal surface of the coated 
stent, directly applied to the Calix-coated surface with a drug dose of 2.5 μg/mm2. Calix is 
inert and permanently preventing inflammation, platelet activation, and immunological 
responses, and facilitates reendothelialization.

Genous™ Endothelial Progenitor Cell Capturing Stent

The Genous Bio-engineered R stent™ stent is a 316L stainless steel stent with a cova-
lently coupled polysaccharide matrix coating (OrbusNeich Medical Technologies; Fort 
Lauderdale, FL) (Beijk et al., 2009). Using asymmetrical coating, a murine monoclonal 
antihuman CD34t antibody is applied onto the luminal surface. The anti-CD34t antibod-
ies specifically adhere to circulating endothelial progenitor cells, bone marrow–derived 
cells that are thought to be responsible for postnatal neoangiogenesis and the arterial 
repair response. The Genous stent received a CE mark in August 2005. The Genous stent is 
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designed to attract endothelial progenitor cells and form an endothelial layer that provides 
protection against thrombosis and modulates restenosis.

Fully Erodible Metallic and Polymer Stents

High molecular weight PLLA (321 kDa) has been used to fabricate a full polymeric stent. 
This polymer was selected because of minimal inflammation after implantation. High 
molecular weight PLLA is the platform material for both the Igaki–Tamai drug-free stent 
and the bioabsorbable vascular solution Everolimus-eluting stent. The other erodible mate-
rial for constructing degradable stents is tyrosine-derived polycarbonate that was used to 
make the REVA stent (REVA Medical, San Diego, CA). The polycarbonate REVA stent is 
radio-opaque, permitting direct visualization under standard fluoroscopy.

Two biocorrodible materials, iron and magnesium, have been used to manufacture coro-
nary stents. Iron is a necessary trace element used by almost all living organisms. The 
plasma protein, transferrin, which circulates in the blood, binds excess iron found within 
the circulation. Iron is a transition metal with an atomic weight of 55.845 g/mol. Magnesium 
is an important element required for the utilization of adenosine-5→-triphosphate, which 
exists in cells as a chelate of adenosine-5→-triphosphate and magnesium ions. Magnesium 
is an alkaline earth metal and has a standard atomic weight of 24.3 g/mol. The metallic 
stent of interest is the absorbable metal stent, constructed from magnesium.

Fully Polylactic Acid Stent

The Igaki–Tamai stent manufactured by Kyoto Medical Planning Company (previously 
Igaki Medical Planning Company) is a coil stent made of PLLA monofilament (molecular 
mass = 183 kDa) with a zigzag helical design. This drug-free stent is the first bioabsorbable 
stent to obtain a CE mark in November 2007 (Daemen and Serruys, 2007; Kukreja et al., 
2008). This biodegradable stent combines the features of a thermal self-expandable and a 
balloon-expandable stent. Although it spontaneously expands at 37°C, deployment of the 
Igaki–Tamai stent requires the use of a balloon containing a heated contrast agent (Tamai et 
al., 2000). The Igaki–Tamai stent, which has a strut thickness of 240 μm, and is used to treat 
lesions 36 mm or smaller in length with reference diameter ranging from 5.0 to 8.0 mm. 
Although pioneering in its design, the mechanical properties of the Igaki–Tamai stent ren-
der it unattractive for widespread clinical application (Griffiths et al., 2004) (Table 6.6).

The bioabsorbable vascular solution stent manufactured by Guidant (Indianapolis, IN) 
is the first fully absorbable DES, consisting of bioabsorbable PLA containing Everolimus 
(98 μg/cm2) (Daemen and Serruys, 2007) with a strut thickness of 159 μm. Although the 
stent is radiolucent, it contains two platinum markers at each end to allow identification on 
both conventional and noninvasive angiography. The mechanical properties appear favor-
able: acute recoil (the difference in mean diameter during and after balloon dilatation) is 

TABLE 6.6

Fully Erodible Stents

Stent	Design Drug Polymer

Igaki–Tamai None PLLA
Bioabsorbable vascular solution Everolimus PDLLA
Absorbable metal stent None None
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similar to a CoCr Everolimus-eluting stent (6.9% vs. 4.9%). During trials, it was reported to 
have degraded with no inflammation and positive remodeling at 2 years after implanta-
tion (Nakazawa et al., 2009).

Biocorrodible Metallic Stents

Two biocorrodible materials, iron and magnesium, have been evaluated in animal stud-
ies. The NOR-I stent is a slotted tube design constructed from pure iron (>98.8%), with a 
strut thickness of 100–120 μm. They were used to treat lesions 10 mm in length with refer-
ence diameter of 2.5–3.5 mm. Quantitative angiography at follow-up showed a 40% loss 
of perfused lumen between 10 and 35 days caused by corrosion of the stent. Strut thick-
ness biocorrosion had begun at 35 days, and it was estimated by extrapolation that this 
would be complete by 98 days. Magnesium is an attractive material for further evaluation 
as its degradation generates an electronegative, and therefore thrombosis-resistant surface 
(Griffiths et al., 2004). A magnesium stent made of magnesium alloy, AE21, also contains 
2% aluminum and 1% rare earth metals (Ce, Pr, Nd), and has a slotted tube design, having 
an uneven strut thickness of 150–200 μm. The magnesium stent appears to have scaffold-
ing properties, radial strength, and thickness of the delivery system similar to those of 
first-generation metallic stents. This metal stent induces rapid endothelialization, has low 
thrombogenicity, and a degradation time of 2–3 months.

Biotronik has recently developed the Lekton Magic coronary stent, constructed from a 
magnesium alloy (WE43) also containing zirconium (<5%), yttrium (<5%), and rare earths 
(<5%), and is balloon-expandable. This stent has a novel design characterized by circum-
ferential noose-shaped elements connected by unbowed cross-links along its longitudinal 
axis. In vitro studies have indicated that the stent undergoes biocorrosion within 2 months. 
Although the stent is completely radiolucent, accurate positioning during deployment is 
possible because of the two radio-opaque markers at the balloon ends (Eggebrecht et al., 
2005).

Structures	and	Forming	Techniques

Controlled-released coatings for DES are not simply a continuous layer of matrix materi-
als used for the sustained release of specific drugs. They vary with the design of the stent 
platform. DES are still at the stage of trial and modification. The basic structures of the 
stent platform are prepared using micro- and nanofabrication technologies (Caves and 
Chaikof, 2006).

The basic stent structure is the tubular slotted structure of the flexible metallic stent. It 
is manufactured by laser cutting a tube of either the 316L surgical grade stainless steel, 
medical grade L605 CoCr alloy or Nitinol alloy (Menown et al., 2005). Lasers can be used 
through either the direct write method or masked-projection method. In both methods, 
the laser is pulsed at 1 kHz or faster, allowing the substrate to briefly cool between expo-
sure and avoiding melting. Each pulse typically removes 0.1–0.5 μm of metal. Polymers 
and metals can be readily cut with channels as thin as 50–100 μm. A conductive substrate 
can be machined with feature sizes as small as 25 μm.

The second basic stent structure is the rectangular strut defined by strut thickness 
and width. The laser cut surface is electropolished and cleaned before adding protective 
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coatings. Without preparing additional architecture for asymmetrical coating, the first 
generation of DES has a continuous layer of the drug/matrix coating covering the whole 
stent surface. The strut thickness of the DES varies with the mechanical properties of the 
stent material. The fully absorbable PLLA and biocorrosive magnesium stents have the 
largest strut thicknesses, ranging from 150 to 240 μm. Stainless steel stents have median 
strut thicknesses ranging from 110 to 140 μm. Finally, CoCr alloy stents, the strongest stent 
platform material, have strut thicknesses ranging from 60 to 90 μm. The stent structure can 
be defined as luminal (interior) and abluminal (exterior) surfaces (Figure 6.10b). The ablu-
minal surface is against the wall of the blood vessel and the luminal surface is in contact 
with the flow of the bloodstream.

The third basic structure is the combination of holes and hinges (Kukreja et al., 2008). 
The intra-built holes are used to load drugs either with or without matrix materials. The 
housing structure for holes is much stronger than the hinge structure. The flexibility of 
the stent is a function of the ductility of the hinge structure without deformation of the 
holes, preventing the matrix from extruding out. Figure 6.11a shows the hole-and-hinge 
structure of the CoStar stent.

The fourth basic structure is the intra-built deep grooves for drug loading, such as in 
the Janus stent (Figure 6.11b) (Acharya and Park, 2006). The grooves are cut on the ablu-
minal surface of the stent. Drugs are loaded in these cavities and delivered directly to the 
contacting vessel wall. No drugs are directly eluted into the bloodstream. Both holes and 

Schematic of bare
metal express stent

Schematic of TAXUS
express stent with

matrix/drug coating

Abluminal
Abluminal

Luminal

Width

�
ickness

Metal strut

(a)

(b)

FIGURE 6.10
Tubular and rectangular structures of bare metal stent. (Reproduced with permission from HMP Communi-
cations LLC. Chadwick, D.R., Cath. Lab. Dig., 14, 1.1, 2006.) (a) Express stent with and without coating. (b) Cross 
section of tubular and rectangular structures.
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grooves provide the feasibility of delivering multiple drugs in a noncontinuous coating. It 
minimizes the unnecessary delivery of drugs and matrix materials into the bloodstream.

The fifth basic structure is the nonpreferential porous structure made from mechanical 
machining (Mehilli et al., 2006) or the selective oxidative itching (Wieneke et al., 2003). The 
former produces a microporous membrane, and the latter introduces nanoporous struc-
ture. The porous membrane can be made using the stent surface directly or using an addi-
tional layer, such as aluminum (Figure 6.12). 

Using the metal stent platform for controlled release of drugs or recruitment of endothe-
lial progenitor cells, DES have three or fewer coating layers to create the active surface. 

(a) CoStar holes-and-hinges structure

(b) Janus intra-built deep grooves
00.1 20 KV

00 µm
100 36 mm

FIGURE 6.11
Intra-built reservoirs–holes (a) and grooves (b). (a) CoStar holes-and-hinges structure. (Reproduced with per-
mission from Elsevier Ltd. Kukreja et al., Pharmacol. Res., 57:171–180, 2008.) (b) Janus intra-built deep grooves. 
(Reproduced with permission from HMP Communications LLC. Chadwick, D.R., Cath. Lab. Dig., 14, 1.1, 2006.)

FIGURE 6.12
Porous top surface of the BioFreedom experimental stent. (Reproduced with permission from Prof. Dr. Grube.)
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The first layer is passive for surface protection, the bridging layer for the coupling of active 
agents, and the transition layer for good adhesion. This layer is sometimes deleted from 
the coating specification. The second layer is the matrix for drug loading and controlled 
release. In a drug-free stent, only active agents are incorporated in this layer. The final 
layer is the top coating, which is often used to minimize the burst release and sustain the 
long-term release for a significant duration. It is a drug-free layer of matrix material.

Passive Coating

Table 6.7 summarizes the compositions of major elements in alloys for coronary stents. DES 
with FDA approval are manufactured from 316L stainless steel. Stainless steel and small 
amounts of nickel, chromium molybdenum, and other contaminants tend to produce a 
foreign body reaction when implanted in human coronary arteries (Colombo and Airoldi, 
2003). Passive coatings (Figure 6.13) have been introduced to provide a biologically inert 
barrier between the stent surface, circulating blood, and endothelial wall. These coatings 
are a thin, continuous layer of gold, heparin, carbon, silicon carbide, titanium-nitride-oxide, 
or PC (Menown et al., 2005). The Janus CarboStent (Bartorelli et al., 2003) consists of an inte-
gral Carbofilm coating combined with the capability to load and release the antirestenotic 
drug from deep sculptures on the external surface of the stent. Phosphorylcholine-coated 
BiodiVsio Stent (Menown et al., 2005) has the capacity to load and release the rapamycin 
analogue ABT-578. A similar coating is found on the CYPHER stent, which has a prime 
layer of Parylene C.

The Parylene C layer on the Cypher stent is formed by chemical vapor deposition fol-
lowing the Gorham process (Figure 6.14) (Chang et al., 2007), which has three main stages: 
vaporization, pyrolysis, and deposition. Briefly, dichloro-di(p-xylylene) is first vaporized at 
150°C at 1 Torr, then pyrolyzed at 690°C and 0.5 Torr to form chloro-p-xylylene, the mono-
mer of Parylene C. At 25°C and 0.1 Torr, this monomer condenses onto the device surface 
to form the final Parylene C film. The thickness of the film is determined by the amount 
of dimer fed into the furnace: 1 g of dimer adds 0.5 μm to the thickness of the Parylene C 
film (Wright et al., 2007).

Parylene C (Figure 6.15) is a member of the Parylene family (Fortin and Lu, 2004). The 
basic member of the series, Parylene N (poly-para-xylylene), is a completely crystalline 
material. In 1947, para-xylylene was first identified as the gaseous precursor for the forma-
tion of parylene film, followed by the use of di-para-xylylene, the dimer, for more efficient 
deposition of parylene film, the so-called Gorham process. Parylene C is the most widely 
used dimer and provides a useful combination of properties, plus a very low permeability 
to moisture, chemicals, and other corrosive gases. It is used in a conformal layer, pinhole-
free coating. The material is applied at 5 μm/h in a thickness of 0.100–76 μm in a single 
operation. Because of its unique properties, Parylene C conforms to virtually any shape, 
including sharp edges, crevices, points, or flat and exposed internal surfaces.

TABLE 6.7

Compositions of Major Elements in Alloys for Coronary Stents

Alloy Iron	(%) Cobalt	(%) Nickel	(%) Chromium	(%) Tungsten	(%) Titanium	(%)

316 L Stainless 
steel 

60–65 12–14 17–18

L605 CoCr <3 50 10 20 15
Nitinol 55 45
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Carbofilm coatings are pure carbon with a polycrystalline structure nearly identical to 
that of pyrolytic carbon (Kutryk and Serruys, 2003), which has been used for years to coat 
prosthetic heart valves. Carbofilm is deposited in a high vacuum at room temperature to 
obtain stable bonds, which results in permanent adhesion of an extremely thin film of the 
coating to the substrate. The film comprises diamond-like carbon that is amorphous, with 
high hydrogen content (20–60%) and good hemocompatibility.

Active Coatings

Use of stents is often associated with early thrombus formation on strut surfaces, acute 
inflammation, development of granulation tissue, giant cell infiltration, smooth muscle 
cell proliferation, and extracellular matrix synthesis (Virmani and Farb, 1999). Passive 
coatings generally fail to prevent in-stent restenosis, and therefore the concept of active 
coatings that, in addition to being simply protective, provide thromboresistance, reduce 
local inflammation, and minimize tissue proliferation (Menown et al., 2005). The active 
coating can be applied onto the bare metal stent surface either simply by physical attach-
ment or by chemically bonding to the device. It forms either a single layer or a multiple 
layer drug delivery system.

A Single Layer Reservoir

The first FDA-approved (2004) DES having a single layer reservoir for drug release was the 
Boston TAXUS stent. The Biosensors Axxion received a CE mark in 2005 followed by the 
Medtronic Endeavor in 2007. They all feature as a single-layer reservoir for drug release 
without a drug-free topcoat (Figure 6.16). The TAXUS DES uses a sticky proprietary polymer 
(Translute), which physically holds paclitaxel firmly in the matrix material (Colombo et al., 
2003) whereas the synthetic glycocalix of the Axxion DES holds paclitaxel electrostatically.
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FIGURE 6.14
Route of polymerization for Parylene C: (left) dimer and (right) Parylene C polymer.
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Passive coating
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Metal strut

FIGURE 6.13
Passive coating around an alloy strut.
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For the TAXUS stent, three formulations of matrix/drug mixtures allow for fast, moder-
ate, and slow release; profiles are 35:65, 25:75, and 8.8:91.2, respectively (Acharya and Park, 
2006). All formulations have the same dose of 1 μg/mm2. For the fast release formulation, 
the burst release occurs in the first day followed by slow release over the next 10 days. In 
clinical applications, the rate of release profoundly affects the outcome, with less benefit 
derived from the fast-releasing formulation of the Cypher stent (Sousa et al., 2003), so only 
moderate and slow release formulations are manufactured. The single layer has a thick-
ness of 16 μm, which elutes paclitaxel over a period of about 90 days.

The PC polymer drug carrier on ZoMaxx stents, known simply as PC-1036, is composed 
of the polymers, MPC, LMA, hydroxypropyl methacrylate (HPMA), and trimethoxysilyl-
propyl methacrylate (TSMA) in the ratios of MPC23, LMA47, HPMA25, and TSMA5. This 
PC Zotarcrolimus-eluting system provides a 30-day controlled release with approximately 
60% of the total released in the first week, an additional 20% in the second week, and 
the last 20% in the last 2 weeks (Chevalier et al., 2008). Phosphorylcholine-based poly-
mer generally binds the metal stent surfaces through the phospho-rich coordination layer 
(Figure 6.17).

Vascular endothelium has a surface covering of glycocalyx (Vogel et al., 2000), a 0.4- to 
0.5-μm-thick layer of negatively charged polysaccharide strands from selectins, proteo-
glycans, and glycosaminoglycans (VanTeeffelen et al., 2007). Degradation of glycocalyx 
structures has been observed after the addition of inflammatory and atherogenic stimuli. 
A synthetic glycocalyx has been produced using a polyethylene glycol-lipid to create a 
mobile polymer brush (Cuvelier et al., 2004) as a hemocompatible protective barrier. The 
layer is covalently bound to the activated implant surface (Horres et al., 2004; Meng et al., 
2009). The surfaces to be coated are degreased and aminolyzed with 3-aminopropyltri-
ethoxysilane. The heparin-like component of the synthetic glycocalyx is coupled with the 
aminolyzed stent covalently, leaving the carbohydrate backbone fragments on the surface 
of the stent, creating a nonthrombogenic surface.
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FIGURE 6.15
Chemical structure of Parylene C.
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FIGURE 6.16
A single-layer structure of TAXUS paclitaxel delivery system.
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Multiple-Layer Reservoir

The Cordis CYPHER Sirolimus stent has a matrix coating consisting of three layers: the 
primer Parylene C layer (2 μm thick), the matrix/drug layer, and the matrix only topcoat 
layer (Figure 6.18). After coating with Parylene C, the matrix/drug layer, which is 10 μm 
thick, is applied, onto which a drug-free 0.6-μm layer of PBMA is added, which minimizes 
the burst release (Acharya and Park, 2006).

In experiments reported by Morice et al. (2002), a prolonged release of sirolimus demon-
strated from a three-layer system, with 80% being released over 30 days through a drug-
free polymer top coat. 

PBMA (0.6 µm)

PEVA/PBMA with Sirolimus (10 µm)

Parylene C (2 µm)

316 Stainless steel stent, Bx velocity 140 µm

Top coat

Matrix/drug

Primer coat

Shell

Core

FIGURE 6.18
Three-layer structure of the CYPHER sirolimus delivery system.
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Phosphorylcholine-based copolymers used for drug release coatings.
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Intra-Built Holes

The Conor Medsystems stent has numerous holes (in a honeycomb arrangement) on each 
strut. Each hole is filled with a mixture of drug and biodegradable polymer in a solvent, 
using a piezoelectric microdispenser. The loading process is repeated on each hole as many 
as 22 times, in the case of PLGA/paclitaxel in dimethyl sulfoxide (DMSO) (Finkelstein 
et al., 2003). This controlled-release coating (Figure 6.19) has a limited exposed surface area 
for drug release.

Intra-Built Cavity

The Janus CarboStent has deep grooves on the outer stent surface that are used to hold 
tacrolimus (Acharya and Park, 2006). The stent surface is first treated with an integral 
carbofilm coating, which is known to render the stent surface nonthrombogenic when in 
contact with blood. The deep grooves (Figure 6.20) can load more drugs than other DES 
in the similar size range, and the polymer-free drug can be loaded with promising release 
profile.

Hole

Strut

Cross section

FIGURE 6.19
An in-stent built hole (honeycombed) structure of matrix/drug coating in a Conor stent.

Hole

Strut

Cross section

FIGURE 6.20
In-stent built cavity (deep grooves) of polymer-free drug coating in a Janus CarboStent.
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Surface-Built Micro- and Nanoporous Membrane

Combining physical vapor deposition of aluminum with oxalic acid oxidation, a nanopo-
rous ceramic (alumina/aluminum oxide/Al2O3) membrane has been produced for loading 
tacrolimus (Wieneke et al., 2003). The ceramic coating is relatively thin (1 µm) with tacroli-
mus loaded in a dip coating process in methanol (Figure 6.21).

Top Coat

The reason for applying a layer of top coat is to minimize the burst release of the active 
ingredient in a fast delivery system such as the CYPHER Sirolimus-eluting stent. It is sim-
ply a drug-free layer of matrix. In view of the problems caused by polymeric matrices, 
new DES seldom use top coats (Deconinck et al., 2008; Kukreja et al., 2008; Nakazawa et 
al., 2009).

Coating Techniques

The active ingredients, dominantly drugs, are applied onto stent surfaces using two major 
techniques: dip coating and spray coating. Dip coating provides a nonpreferential layer 
to any part of the open stent surface. It is considered an inferior technique for a matrix 
that is polymer-based because of bridging and imperfect coating of tight spaces. Spray 
coating produces a thinner layer with better surface quality. It is considered as a superior 
technique for manufacturing DES. Embracing the technical advances in micro- and nano-
fabrication, dip and spray coating techniques have their own advantages in preparing new 
generation of DES. As DES are moving in the direction of polymer-free devices, dip coating 
is probably the simplest and cheapest forming process, requiring low technical input in 
a preclinical treatment. When DES require preferential delivery of the active ingredients, 
spray coating is advantageous in abluminal coating of functionalized devices. In addition, 
ink-jet technology is an emerging process for acquiring a layer of a preferential coating.

Dip Coating

Dip coating is a simple process used for coating bare metal stents, both surface-modified 
or not. The matrix/drug mixture is mixed into a dilute solution and then the bare metal 
stent dipped into it, then often allowed to air-dry. The thickness of the coating layer is 
controlled mixture concentration and chemical cross-linking (Juan et al., 2009). Cordis coat 
the combination of PEVA, PBMA, and sirolimus by successive dipping and air-drying of 
the stent in a solution of THF a controlled number of times (Wolf et al., 2008). Coating of 
tacrolimus onto ceramic stents is achieved by dipping in a 3-mg/mL solution of the drug 

316 Stainless steel stent, express (132 µm) Core

Matrix/drug

FIGURE 6.21
Micro- and nanoporous ceramic coating loaded with drug.
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in methanol with subsequent drying steps (Wieneke et al., 2003), with quantification using 
high-pressure liquid chromatography.

Spray Coating

Different spray coating processes differ in the way in which fine droplets are formed. Two 
atomizing techniques are employed in spray-coating stents: ultrasonic atomization, which 
creates droplets with a diameter of 18 μm, and compressed air atomization, which mixes 
the coating material at the tip of a 0.3-mm nozzle.

Ultrasonic Spray Process

Ultrasonic spray nozzles are ideally suited for coating arterial stents because they are capa-
ble of producing low flow rates, precisely shaped spray patterns, low-velocity delivery, 
and relatively small drops. The operating frequency of the ultrasonic nozzles is 120 kHz, 
which yields a median drop diameter (DN0.5) in the order of 18 μm when using water. Once 
the solution of the mixture of matrix/drug is atomized, the velocity of the spray is typi-
cally 0.25–0.4 m/s compared with 10–20 m/s for standard pressure atomizing nozzles. The 
sprayed liquid consists of the matrix/drug solution at approximately 0.5–2% by weight. 
The solvent typically has a high vapor pressure so that drying occurs quickly. The flow 
rate and spray coating process can be optimized by varying the rotational speed and the 
distance between the spray and the stent. The sprayed liquid flows better during contact 
with the stent surface if performed in a nitrogen environment.

In a typical ultrasonic spraying process, copolymers of methacrylates were prepared in 
one recipe of n-butyl methacrylate (BMA, 60 parts) and VA (40 parts) with 0.6 wt.% 2,2→-
azobisisobutyronitrile (AIBN). In another recipe, n-hexyl methacrylate (48 parts), N-vinyl 
pyrrolidinone (27 parts), and VA (25 parts) have been used (Udipi et al., 2008). These poly-
mers and Zotarolimus (65:35 weight ratio) were dissolved in chloroform at a concentration 
of 1% and filtered to 0.2 μm for coating. The polymer/drug chloroform solution was ultra-
sonically sprayed onto Parylene C-primed Driver® stent before mounting and sterilization 
with ethylene oxide.

Airbrush Spray Process

Airbrushes have three main features: the trigger, feed, and mix. Briefly, trigger controls 
the amount of the inlet and outlet of the coating materials. The feed system is a reservoir 
where the coating materials are stored for atomization, and the mix point is the tip of the 
airbrush where coating materials mix with compressed air and create a finer atomized 
“mist.” This technique is generally used for painting and recently employed for spray coat-
ing stents.

Poly(ethylene carbonate) (PEC) synthesized by Novartis Pharma AG has a weight aver-
age molecular weight of 242 kDa and a polydispersity of 1.90 (Unger et al., 2007). 1% (w/w) 
PEC in dichloromethane is sprayed onto Parylene N coated stents at a distance of 5 cm 
using an airbrush (Model Aero-pro Classic 10; Hansa, Oststeinbek, Germany) followed by 
drying under vacuum for 2 days at room temperature.

Collagen has been delivered as a coating using an airbrush spray process (Chen et al., 
2005). Briefly, the aqueous collagen (3 mg/mL) was loaded into an air brush with a 0.3-mm 
nozzle (Rich AS-3; Japan) that was controlled by a linear motor (Figure 6.23). The stent was 
mounted on a PTFE mandrill driven by a rotator. The aqueous collagen in the air brush 
was then spray-coated onto the surface of the mounted stent layer by layer (0.4 mL of aque-
ous collagen per layer before drying in air for 24 h). Rhodamine 6G (a red dye, 200 ppm) 
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was added into the aqueous collagen to visualize the uniformity of the coating. To prevent 
dissolution of the collagen coating, aqueous genipin (0.4 mL, 5% by w/v) solution (con-
taining 70% ethanol by v/v) was directly spray-coated onto the collagen-coated stent. The 
cross-linking process occurs in a sealed tube at 37°C for 1 day. By repeating this procedure 
three times followed by air drying for 24 h, the thickness of collagen layer was found to 
be proportional to the quantity of collagen sprayed (Figure 6.22), an 8-μm collagen coating 
was prepared using approximately 5 mg collagen in a spray coating process (Figure 6.23).

Ink-Jet Technology

The fundamental principles of reagent jetting are described and summarized below 
(Tarcha et al., 2007). During the jetting process, a capillary chamber is filled with reagent 
solution. By applying voltages to the wall of the capillary, a distortion is caused, resulting 
in capillary expansion and pressure drop, and the drawing-in of more reagents into the 
capillary. When the voltage is released and the capillary returns to its original volume, a 
droplet is expelled through the print nozzle orifice (Figure 6.24). Ink-jet printing technol-
ogy can dispense spheres of fluid with diameter of 15–200 μm (2 pL to 5 nL) at rates of 
1 MHz for continuous droplets (continuous mode jetting) and 1 Hz to 25 kHz for single 
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Relationship between thickness of collagen coated onto a stent and amount of collagen sprayed by an air 
brush.

Air brush

Rotating stent

FIGURE 6.23
Schematic illustration of spray-coating equipment used in the study.



Release-Controlled	Coatings	 283

droplets on demand (drop-on-demand jetting). In a continuous mode ink-jet printer, pres-
surized fluid is forced through an orifice, typically 50–80 μm in diameter, to form a liquid 
jet. In a drop-on-demand ink-jet printer, the fluid is maintained at an ambient pressure, 
and a transducer is used to create a drop only when needed (Figure 6.23).

Matrix Free Ink-Jet Printing

Using ink-jet printing, fenofibrate was dissolved in isobutanol at a concentration of 
20 mg/ mL. The ink-jet microdispenser was programmed to jet 21,900 droplets and aimed 
to deliver a target dosage of 150 μg per stent tube. Analysis of the stent demonstrated a 
coating of 140.0 ± 2 μg (Figure 6.24).

Jet Spray Process

Jet spraying has been used to coat microporous stent surfaces with sirolimus (Wessely et 
al., 2005). Sirolimus (0.75%) in ethanol was sprayed onto sandblasted 316L stainless steel 
stents. The stent surface is dried by removing the ethanol with pressured air. The coating 
process could be repeatedly run for the purpose of increasing drug dosage.

Controlled	Release

Restenosis has been a major limitation of angioplasty since its introduction in 1978, but 
it can be controlled by administering effective agents to the stented artery (Faxon, 2002). 
The absence of a clear overview of the complete pathophysiology of restenosis has ham-
pered progress in precise treatment options. In the early 1980s, it was largely thought 
that platelets and thrombi were the primary factors responsible for restenosis. Subsequent 
studies demonstrated the important role of smooth muscle cell proliferation. However, 
the importance of inflammation and extracellular matrix turnover is now recognized as 
a key component of the condition. However, the most important observation has been the 
critical role of vascular remodeling in restenosis (Lafont and Topol, 1997). By eliminating 
this phenomenon, the pharmacological approach has been largely simplified by allowing 
the primary treatment focus to reduce smooth muscle cell proliferation (Farb et al., 1999). 
In this way, the immediate postoperative period (less than 2 weeks) is associated with the 
appearance of fibrin, platelets, and acute inflammatory cells, followed by the emergence of 
a neointima containing smooth muscle cells. In longer-term stents (>30 days after implant), 
success was characterized by neointimal growth within the stent and was not influenced 
by artery or stent size.

The choice of drugs in the treatment of restenosis and the manner in which they are 
administered is of considerable interest. Systemic drugs with bare metal stents are cheap 
and applicable to blood vessels of a broad range of sizes. However, patients have to toler-
ate the systemic toxicity. Local delivery of drugs through release from stents brings with it 

FIGURE 6.24
Formation of droplets in an ink-jet printing process.
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minimal toxicity, but with higher cost and restriction to the sizes of the blood vessels that can 
be treated. Eight drugs have been demonstrated to be effective in systemic delivery. These 
agents include probucol, the antioxidant AG1-1067, cilostazol, troglitazone, valsartan, pemiro-
last, and folic acid. Three families of drugs have been incorporated onto the stents for local tar-
geted release. These are sirolimus analogues, calcinuerin inhibitors, and paclitaxel. Drugs for 
systemic and local delivery are different in terms of molecular weight and size (Figure 6.25).

Efforts aimed at the pharmacological prevention of restenosis should be considered in 
the light of drug efficacy, appropriateness of drug regimen, and method of administra-
tion. A reliable measure of the efficacy of antirestenotic therapy is the reduction in in-stent 
diameter 6 to 9 months postoperatively, which corresponds to the degree of neointima 
formation. As shown in Figure 6.26, the antirestenotic effect of commercially available DES 
is reproducibly more profound than with oral treatment regimens (Schömig et al., 2005). 
Local delivery is able to administer high dose in the first 10 days and treat the early events 
for neointimal formation. 

Later on in this section, we will describe the release profiles of locally delivered drugs. 
The delivery systems will be defined in terms of loading efficiency and release profiles.

Local Drugs

Local drugs can be categorized mainly as sirolimus analogues, calcinuerin inhibitors, and 
paclitaxel (Kukreja et al., 2008). Sirolimus analogues include sirolimus, everolimus, bioli-
mus, and zotarolimus. These analogues have a macrocyclic lactone comprising 35 groups, 
with an mTOR binding site from macrocyclic positions 14–21 and an FKBP binding site 
from macrocyclic positions 25–29. The analogue structures are generated by varying the 
pendent R group at the 4-cyclohexyl-1 attached to macrocyclic position 3 (Figure 6.27). The 
structures of the R groups of the analogues are described in Figure 6.28.

Sirolimus (formerly known as rapamycin) is a lipophilic, potent immunosuppressive agent 
that was developed by Wyeth-Ayerst Laboratories and approved by the FDA for the prophy-
laxis of renal transplant rejection in 1999 (Sousa et al., 2001). It binds to FK506-binding protein 
12 (FKBP12) and subsequently mTOR and thereby blocks the cell cycle at the G1 to S phase 
transition (Figure 6.31), the major effect required to inhibit smooth muscle cell migration and 
proliferation (Kukreja et al., 2008; Marx and Marks, 2001).
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Release-Controlled	Coatings	 285

Everolimus is the second derivative of the Limus family. It is a sirolimus analogue 
with an ethyl addition at the R group. Although no modification of the mTOR binding 
domain is effected, Everolimus-eluting stents have been described as having a more rapid 
endothelialization in rabbit iliac arteries when compared with sirolimus-, zotarolimus-, or 
paclitaxel- eluting stents (Daemen and Serruys, 2007).

Biolimus A9 is a highly lipophilic sirolimus analogue that inhibits T cell and smooth 
muscle cell proliferation. The Biolimus A9 eluting BioMatrix stent showed significantly 
less late lumen loss in the Biolimus arm compared with the Taxus arm (Daemen and 
Serruys, 2007).

Zotarolimus (ABT-578; Abbott Pharmaceuticals, Abbott Park, IL) is the third variety of 
the Limus family. Zotarolimus has been shown in experiments in pigs to have a smaller 
impact on the function of endothelial cells after stent placement compared to both Cypher 
and Taxus implantation (Haraguchi et al., 2006).
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Calcinuerin inhibitors have two members, tacrolimus and pimecrolimus. This family has a 
macrolide comprising 27 elements. The two differ in the pendent R group at the 4-cyclohexyl-1 
attached to macrocyclic position 3 and the structure at position 8 (Figure 6.29) (Billich et al., 
2004). The R group of pimecrolimus is chloride with an ethyl at position 8 whereas tacrolimus 
has a derivative of hydroxyl group for an R group, with a propenyl at position 8. In contrast to 
sirolimus analogues, the macrolide has no lactone structure but a hydroxyl group at the mac-
rocyclic point 5. The macrolide does not possess the 6-carbon mTOR binding site but has the 
characteristic Limus FKBP-binding site at macrocyclic positions 16–22.

Pimecrolimus does not block mTOR and inhibits to a much lesser degree the endothelial 
cell proliferation (Zollinger et al., 2006). Tacrolimus is water-insoluble and isolated from 
Streptomyces tsukubaensis. It is also sold as Prograf, a drug widely used to prevent allograft 
rejection after organ transplantation. Tacrolimus is a noncytotoxic T-cell inhibitor, which 
holds cells at G0 in the cell cycle. It inhibits smooth muscle cell proliferation more potently 
and has less effect on endothelial cells compared to sirolimus (Hofma et al., 2006; Steffel 
et al., 2005).

Paclitaxel is a diterpenoid with a taxane skeleton (Figure 6.30). It is highly lipophilic 
with a molecular weight of 853.9 Da (Duda et al., 2003). The drug promotes the stabiliza-
tion of microtubules, which inhibits the action of cell division during all phases, but has 
the most significant effect at the M phase (Figure 6.31), disrupting SMC migration and 
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proliferation through centrosomal impairment (Kukreja et al., 2008; Abal et al., 2003). It is 
a strong antiproliferative and was first used as an anticancer drug (Daemen and Serruys, 
2007). However, it is potentially cardiotoxic, and the dose at which paclitaxel can be deliv-
ered safely has yet to be resolved (Am. Soc. Health Syst. Pharm. 1989; Rowinsky and 
Donehower, 1995).

Controlled Release

The controlled release coating generally comprises two materials, the active pharmaceuti-
cal and the matrix, although in some cases the drug is coated onto the stent alone. In this 
section, we will describe the controlled release characteristics of polymer-based matrices. 
Nonpolymeric reservoirs will be discussed later in the chapter (Figure 6.31).

Methods of controlled release can be broadly classified into physical and chemical 
mechanisms in terms of the nature of the interaction between the drug and the matrix 
(Acharya et al., 2006). When the drug is mixed with the matrix using physical means, the 
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noncovalently bonded drug molecules diffuse through the matrix and become released 
into the environment. The release kinetics can be controlled by the drug delivery system 
itself and follows physical factors. Adjusting the parameters of the matrix, such as drug 
miscibility, ionic charges of the matrix, and degradation rate of the delivery system, can 
predetermine drug release kinetics. Conversely, delivery systems comprising covalently 
bound drug and matrix molecules (prodrugs) require chemical modification to effect 
release, either chemical or enzymatic degradation. The process of prodrug formation is, 
of course, more complicated. For this reason, physical mechanisms have been used most 
widely. They can be highly effective in controlling drug release kinetics.

Diffusion-controlled drug release is managed using two different methods: a reservoir 
system and a matrix system. In the reservoir devices, a small pool of active agent is covered 
with a thin polymer layer which functions as a rate-controlling membrane. One exemplar 
of this delivery system is the Cordis CYPHER sirolimus stent. At the steady state, drug 
release remains constant giving zero-order release. In the matrix (or monolithic) systems, 
the drug is usually dispersed inside the polymer matrix, and the drug is released without 
a rate-controlling barrier layer. An exemplar of this is the Boston TAXUS DES. The release 
rate decreases over time because of an increase in diffusion distance during elution, result-
ing in nonzero-order release.

Drug release kinetics becomes critical when the therapeutic index is low. This index is 
the ratio of the maximum safe concentration (Cmax) and the minimum effective concentra-
tion (Cmin). Thus, careful control of the release characteristics can improve the likelihood 
of therapeutic benefit.

Dissolution or degradation-controlled drug release is based on the disappearance of 
the polymer comprising the matrix or encapsulating the drug reservoir. Water-soluble 
polymers dissolve rather quickly and do not meet the requirements of sustained release 
(months). Therefore, biodegradable polymers, such as PGA, PLA, and PCL are more widely 
used, and have been effective in the development of DES. A typical example of these is the 
BioMatrix BiolimusA9-Eluting system, in which biodegradable PLA is used.

Diffusion-Controlled Release

Drug delivery systems using nonerodible polymers as the matrix materials for drug load-
ing and release exploit diffusion-controlled release. Drug delivery systems are formed in 
either single or multiple layer reservoirs, exemplar systems being Taxus and Cypher DES, 
respectively.

Single-Layer Reservoir Diffusion-Controlled System

The Taxus stent manufactured by Boston Scientific employs Translute polymer, which 
is SIBS (Figure 6.4), a triblock copolymer, for sustained delivery of paclitaxel, which is 
released directly without diffusing through a rate-controlling membrane, and thus the 
Taxus stent is also a diffusion-controlled matrix system. It forms a single-layer reservoir 
and the release profile at the steady state after the initial burst release can be described as 
zero order (Figure 6.32) (Acharya and Park, 2006). The paclitaxel/translute ratio for fast, 
moderate, and slow release profiles are 35:65, 25:75, and 8.8:91.2, respectively, the latter 
being used clinically. The release profile of matrix devices containing excess drug over the 
dissolved drug is described by the following equation:

 M = S[DCs(2A – Cs)t]1/2 
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where M is the mass of drug released, S is the surface area available for drug delivery, D 
is the diffusion coefficient, Cs is the solubility of the drug in the polymer matrix, A is the 
total drug concentration (i.e., total of dissolved and dispersed drug), and t is time. If A is 
substantially larger than the solubility of the drug in the polymer matrix (Cs), then the 
equation becomes:

 M = S[2DCsAt]1/2 

Paclitaxel in the single-layer reservoir is contained at 100 μg/cm2 (0.117 μmol/cm2), less 
than 10% of which is released in 10 days. This is unlike the Cypher stent, which shows a 
sustained release of as much as 50% in 10 days (Ranade et al., 2001). In a patient study (n = 
1314) at 9 months, restenosis rates were 7.9% compared to 26.6% for bare metal stents (Stone 
et al., 2004).

Multiple-Layer Reservoir Diffusion-Controlled System

Cordis Corp.’s Cypher stent uses PEVA and PBMA. The combined polymers are mixed with 
sirolimus at a ratio of 67:33 and applied to the stent as the base coat (drug reservoir layer). This 
coating is then covered with another thin layer of PBMA. The presence of the topcoat makes the 
Cypher stent a diffusion-controlled reservoir device in a multiple-layer reservoir. The release 
profile at the steady state after the initial burst release can be described as zero-order release 
(Figure 6.33) (Leon et al., 2003), described by the following equation:
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where M is the total amount of drug released, S is the surface area available for drug 
delivery, D is the diffusion coefficient of drug through the rate-controlling membrane, K is 
the partition coefficient of drug to the rate-controlling membrane, ΔC is the concentration 
gradient (which is the same as the saturated drug concentration in the drug reservoir), h is 
the thickness of the rate-controlling membrane, and t is the time for drug release. The term 
h2/3D accounts for the initial burst before reaching steady state release.
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FIGURE 6.32
(a) Core–shell structure of Taxus stent; shell is a single-layer reservoir without top coat. (b) Paclitaxel release 
profile over 10 days from single-layer reservoir. Three curves represent release at fast, moderate, and slow 
release profiles (from top to bottom).
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Sirolimus in the multiple-layer reservoir is contained at 140 μg/cm2 (0.153 μmol/cm2), 
80% of which is released in 30 days (Kukreja et al., 2008). Almost half of the total amount 
(56 μg/cm2) is released within the first week with a similar quantity following zero-order 
release over 3 weeks (Figure 6.33). The remaining sirolimus (approximately 20% or 28 μg/
cm2) is more slowly released.

In a recent review, Venkatraman and Boey (2007) described the in vitro release kinetics 
of two sirolimus DES, both slow (trilayer) and fast (bilayer) release formulations. The dif-
ference in release rates is obtained by merely coating a drug-free top layer onto the drug 
reservoir layer to create the slow-release formulation. In the fast-release formulation, the 
entire amount of sirolimus (~140 μg/cm2) was released within 15 and 90 days for the slow 
release, whose steep initial burst release was moderated by application of the top coat.

A patient study (n = 1058) showed that restenosis rates at 8 months were 8.9% compared 
with 36.3% for bare metal stents (Moses et al., 2003).

Dissolution/Degradation-Controlled Release

Drug delivery systems using erodible polymers as matrix materials for drug loading and 
controlled release follows a modified controlled release mechanism. The delivery systems 
are formed in a honeycomb (intra-built holes) or groove (intra-built cavity) structures. 
Exemplar DES are the Conor and Janus CarboStent, respectively.

Honeycombed (Intra-Built Holes) Matrix Delivery System

The MedStent manufactured by Conor Medsystems (Figure 6.34) has numerous holes on 
its struts, each filled with a mixture of drug and biodegradable polymer (paclitaxel and 
PLGA) using a piezoelectric microdispenser (Finkelstein et al., 2003). The paclitaxel release 
profile can be easily controlled through modification of the degradation kinetics of PLGA 
by changing the ratio of LA and glycolic acid and the polymer molecular weight. Compared 
with diffusion-controlled release, dissolution/degradation-controlled release does not fol-
low the zero-order release profile after the initial burst release. When the polymer matrix 
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FIGURE 6.33
(a) Core-shell structure of Cypher stent (multiple-layer reservoir); (b) sirolimus release profile over 30 days from 
multiple-layer reservoir.



Release-Controlled	Coatings	 291

absorbs water at around 10 days, it starts to degrade rapidly (because of autoaccelerated 
degradation of PLGA), introducing relatively fast release during the second week.

Deep Groove (Intra-Built Cavity) Matrix-Free Delivery System

The Janus CarboStent is a unique stent characterized by deep grooves, or sculptures, on 
the outer stent surface that are used to hold tacrolimus (Bartorelli et al., 2003). The stent 
surface is first treated with an integral carbofilm coating, which is known to render the 
stent surface nonthrombogenic. The deep sculptures on the surface increase the drug load-
ing capability up to five times in comparison to other DES of similar size. The grooves can 
be filled with a polymer matrix mixed with a drug, although this stent is used clinically 
with the drug alone (2.3 μg/mm2 tacrolimus). It is observed that the maximum concentra-
tion of tacrolimus in the endothelial wall is reached in approximately 3 days, which falls 
thereafter to a steady-state concentration after 10 days (Figure 6.35). Fifty percent of the 
loaded drug has been released after 28 days.
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FIGURE 6.35
(a) Intra-built cavity for matrix-free dissolution release in Janus CarboStent; (b) in vivo tacrolimus release profile 
over 30 days as measured by concentration in vascular tissue.
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Perspectives	of	Release-Controlled	Coatings

In 2001, >500,000 angioplasties were performed in the United States, more than double the 
number of coronary artery bypass graft surgeries (American Heart Association, 2003). In 
Europe, the reported number of coronary stenting procedures was 395,000 in 2000 (Balmer 
et al., 2005), stents being applied to 71% of coronary angioplasties. In patients who undergo 
conventional balloon angioplasty without stenting, >40% of patients develop restenosis 
within 6 months of the procedure (Fischman et al., 1994). Clinical trials have shown that 
stenting reduces the occurrence of restenosis by 30% compared with angioplasty alone 
(Fischman et al., 1994; Serruys et al., 1994). In 2002–2003, DES were approved by regulatory 
bodies in Europe and the USA after initial studies showed a dramatic reduction in rates 
of restenosis compared with bare metal (Morice et al., 2002; Moses et al., 2003; Stone et al., 
2004, 2005). Using DES, neointimal proliferation can be reduced further to less than 10%.

Controlled release coatings are the format used in DES, generally comprising a polymeric 
matrix material and drug mixture. However, one challenge in polymeric matrix stents is 
the onset of late stent thrombosis, in the causation of which the polymer matrix materials 
are often implicated. Coronary stents are foreign bodies that can trigger platelet adhesion 
and activation of the coagulation cascade. However, high-pressure implantation generally 
causes some vessel injury, including exposure of the thrombogenic subintima, media, and 
atherosclerotic plaque components to blood. Studies (Kukreja et al., 2008) have shown that 
healing takes place over an extended period (Figure 6.36), including thrombosis (14 days), 
inflammation (90 days), smooth muscle cell migration/proliferation (more than 3 months 
from day 14), extracellular matrix production (3 until 15 months), and extracellular matrix 
reabsorption (post 1-year event).

The reason that late stent thrombosis is claimed to be a matrix material–induced event is 
that all the drugs from DES are released within 1 year, with only polymer matrix remain-
ing. Together with the bare metal, polymer matrix is likely to be the component respon-
sible for late stent thrombosis. More biocompatible materials have demonstrated better 
clinical performance than conventional nonerodible polymer matrix stents (e.g., Cypher 
and Taxus).

The first perspective of the released controlled coatings is to improve the biocompatibil-
ity of the polymer matrix or coating materials in order to target the post-1-year late stent 
thrombosis. Although not fully accepted by the FDA, erodible polymers such as PLA and 
PLGA are still used as matrix materials in new DES, such as the Axxess Plus stent (Devax), 
a nitinol (nickel–titanium) self-expanding thin strut stent, coated with abluminal PLA and 
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FIGURE 6.36
Typical vessel healing response following bare-metal stent implantation. (Reproduced with permission from 
Elsevier Ltd. Kukreja et al., Pharmacol. Res., 57, 171–180, 2008.)
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biolimus A9 (Grube et al., 2008). However, the second-generation Endeavor ZES stent uses 
PC to achieve better biocompatibility.

The second perspective is modification of the existing drug regimens that suppress the 
smooth muscle cell migration and proliferation in the first 3 months after implantation. 
Two antiproliferative agents, paclitaxel (Honda et al., 2001; Liistro et al., 2002) and sirolimus 
(Degertekin et al., 2002), have now been widely used in humans with promising results. Its 
short cellular residence time (1 h), along with reversible antiproliferative activity, suggests 
that it should be formulated in sustained-release dosage form (Alexis et al., 2004).

Owing to their lipophilic properties, both sirolimus and paclitaxel easily penetrate 
cells leading to their retention in arterial tissue (Finn et al., 2005; Gummert et al., 1999; 
Suzuki et al., 2001). Eluting drug in the first 3 months (Table 6.8) suppresses the growth 
of smooth muscle cells and therefore reduces the rate of restenosis by approximately 80%. 
Consequently, the use of DES has been swiftly embraced with market penetration of up to 
90% in certain countries.

Given the ubiquitous expression of cell-cycle regulatory proteins, it is conceivable that 
agents released from DES do not only affect proliferation and migration of VSMCs, but 
also of endothelium. Indeed, sirolimus can inhibit endothelial cell proliferation (Steffel et 
al., 2005) and migration (Matter et al., 2006) in vitro. Similarly, paclitaxel reduces endothe-
lial cell proliferation and migration through interaction with cell-cycle regulators and, at 
least in part, through induction of apoptosis (Parry et al., 2005).

In animal models, the time course of reendothelialization after stent implantation varies 
in different species. In pigs, the extent of reendothelialization is similar for DES and bare 
metal stenting after 28 days (Suzuki et al., 2001). However, delayed endothelial healing 
occurs in a rabbit iliac overlapping stent model after implantation of both sirolimus and 
paclitaxel DES compared to bare metal (Finn et al., 2005). In humans, near complete reen-
dothelialization seems to occur after 3–4 months after bare metal stent implantation (Farb 
et al., 2003), compared to delayed arterial healing and poor reendothelialization in DES 
found at autopsy (Joner et al., 2006). Hence, there is clear evidence that the current genera-
tion of DES may significantly impair reendothelialization.

In an in vitro study of coronary arterial smooth muscle cells and endothelial cells, it was 
found that sirolimus reversibly inhibited proliferation of both smooth muscle and endothe-
lial cells in nanomolar concentrations regardless of the duration of exposure (Parry et al., 
2005). In contrast, 2-day exposure of paclitaxel on smooth muscle cells was weak with, but 
5 days elicited almost complete not reversible cellular inhibition in the low nanomolar 
range.

TABLE 6.8

Drugs Released from Delivery System on Stents

Stent Matrix Drug
Loading	Efficiency	

(μg/cm2)
Percentage	of	
Release	(%)

Length	of	the	
Period	(Days)

CYPHER PEVA/PBMA Sirolimus 140 80 30
TAXUS SIBS Paclitaxel 100 10 90
XIENCE V Fluoropolymer Everolimus 100
Conor PLGA Paclitaxel 30

Note: PEVA, poly(ethylene-co-vinyl acetate); PBMA, poly(n-butyl methacrylate); SIBS, polystyrene-b-isobutylene- 
b-styrene; PLGA, poly(lactide-co-glycolide).
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Ideally, the released drug should inhibit neointimal hyperplasia by inhibition of one or 
more of platelet activation, acute inflammation, smooth muscle cell proliferation or migra-
tion, extracellular matrix production, angiogenesis, and vascular remodeling, yet preserve 
vascular healing (van der Hoeven et al., 2005; Sousa et al., 2003) and allow reendothelial-
ization of the injured vessel wall. This seems not to be the case in the current generation 
of DES.

It has been shown that neointimal growth after bare metal stent implantation in humans 
peaks at 6–9 months before decreasing slowly for up to 3 years (Kimura et al., 1996), rais-
ing the question of the specific timing of antiproliferative drugs, so as to have less negative 
effect on artery healing.

An alternative approach, concentrating on healing as opposed to cellular inhibition, 
is used in the Genous endothelial progenitor cell capture stent (OrbusNeich Medical 
Technologies). This stent appears effective in stable patients (Aoki et al., 2005; Duckers et 
al., 2007a, 2007b) and also in the setting of acute myocardial infarction (Co et al., 2008).

The third perspective of the released controlled coatings is restructuring of the coating 
using micro- and nanofabrication techniques. The intention is to minimize the amount of 
polymer matrix or completely remove it from the release system (Jeffrey et al., 2006). Two 
new stents, the Janus CarboStent (Sorin Biomedica Cardio S.p.A., Via Crescentino, Italy) 
and the Conor MedStent (Conor Medsystems, Inc., Menlo Park, CA), contain microfabri-
cated reservoirs for drug release. Both designs contain more drug than first-generation 
DES and release it specifically toward the vascular wall. In the case of the Janus design, 
the drug is loaded directly into the sculptures with no polymer matrix. The Conor stent 
releases the drug from a fully degradable PLGA matrix. This design permits drug release 
on both the abluminal and adluminal sides of the strut for the controlled containment and 
elution of multiple drugs.

Nanotextured coatings that enhance cell adhesion can improve the endothelialization 
of stent struts, and therefore reduce late thrombosis. Local delivery of nanoparticles, com-
bined with ionic or antibody targeting, may allow sustained, high-concentration therapy 
required to prevent restenosis without reduction in healing.

The last perspective of the released controlled coatings is the complete resorption of 
the stent within a year, either with or without drugs (Zilberman and Eberhart, 2006). The 
rationale is to support vessel opening only during its healing process. During resorption, 
stent mass and strength decreases with time, the mechanical load gradually being trans-
ferred to the surrounding tissue. PLLA, PGA, PCL, and PDLLA are the most frequently 
used aliphatic poly(α-hydroxy-acids) for preparing bioresorbable stents (Eberhart et al., 
2003; Nguyen et al., 2004; Kohn and Langer, 2000). The Igaki/Tamai stent is a bioresorb-
able balloon-expandable design based on PLLA monofilament (Tamai et al., 1999, 2000; 
Zilberman et al., 2002; Nuutinen et al., 2002; Saito et al., 2002). Animal studies demon-
strated that it reduced stenosis in a pig from 64% to 19% at 2 weeks, compared to PLLA 
knitted type stent (Tsuji et al., 1998). It induced minimal neointimal hyperplasia, whereas 
moderate to severe neointimal hyperplasia was observed in knitted PLLA stents. The 
PLLA coil stents also exhibited long-term biocompatibility with minimal inflammatory 
response after 16 weeks (Tamai et al., 1999; Tsuji et al., 2001).

Other fully erodible stents are reported on trial, and one of these uses just magnesium. 
It is foreseen that fully erodible stent could be a choice for patients in the future. Release-
controlled coatings are likely to become more sophisticated with the ability to provide 
multiple drug delivery. This is likely to be an evolution of the current coronary stenting 
devices with release-controlled coatings or drug delivery systems.
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Introduction

Replacement of missing or diseased hard tissues (teeth and bones) has become a common 
procedure in medicine and dentistry. Materials employed in the manufacture of orthope-
dic and dental implants include metals and metal alloys, ceramics, polymers, and com-
posites (e.g., metal/metal, ceramic/ceramic, metal/ceramic, ceramic/polymer) (Ratner et 
al., 2004). The different metals and metal alloys employed in the commercial manufacture 
of orthopedic and dental implants include cobalt–chromium–molybdenum (Co–Cr–Mo) 
alloy, stainless steel, commercially pure titanium (cpTi), Ti alloy (Ti6Al4V), tantalum (Black, 
1994; Christie, 2002; Ratner et al., 2004; Williams, 1981). CpTi and Ti alloys have become the 
metals of choice, especially for dental implants, because of their desirable properties that 
include corrosion resistance, biocompatibility, strength, and the presence of a reactive Ti 
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oxide surface layer (Brunette et al., 2001; Faria et al., 2008; Lemons, 2004; Park et al., 2008; 
Steinmann, 1998; Williams, 1981).

Ideally, a successful orthopedic or dental implant should have a long-term skeletal 
fixation with the host bone (see reviews by Albrektsson and Wenneberg, 2004; Coelho 
et al., 2009; Stevens et al., 2008) and be free of later complications, especially microbial 
infection (Garvin and Hannsen, 1995; Mombelli, 1997; Zimmerli et al., 2004). A consider-
able number of investigations have focused on modifying the implant surface, especially 
dental implants, to enhance bone contact or bone anchorage, defined as osseointegration 
(Albrektsson and Wenneberg, 2004; Coelho et al., 2009; Narayanan et al., 2008; Stevens et 
al., 2008). Fewer studies, especially on dental implants, have focused on implant surface 
treatments that would prevent bacterial adhesion, growth, and colonization (Das et al., 
2008; Shi et al., 2008; Tabanella et al., 2009; Zhao et al., 2009). Even fewer studies have 
addressed both osseointegration and antibacterial property in the same implant.

The term “osseointegration” was originally introduced by Brannemark (1969, 1977) to 
describe “a close implant–bone contact at the light microscopic level.” However, at the 
electron microscopic level, nonmineralized fibrous interface is observed between the cpTi 
or Ti alloy and the host bone (Daculsi et al., 1995) as shown in Figure 7.1. Such fibrous tissue 
interface is a weak one and when subjected to micromotion may lead to implant loosening 
and eventual implant failure. To enhance osseointegration, several surface modifications 
have been developed especially for dental implants (Albrektsson and Wenneberg, 2004; 
Coelho et al., 2009; Narayanan et al., 2008; Stevens et al., 2008). These modifications can 
be classified into two general categories: (1) surface treatments to modify topography and 
(2) deposition of bioactive surface coatings, such as by deposition of calcium phosphate 
coatings (Figure 7.1).

Ti

FIGURE 7.1
SEM image showing a gap (occupied by fibrous tissue) between Ti alloy implant surface and host bone indicat-
ing absence of true osseointegration. (From Daculsi et al., Scan. Microsc., 4, 309–314, 1995. With permission.) 
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Studies on surface treatments to prevent bacterial infection have been reviewed by Das 
et al. (2008) and Zhao et al. (2009).

This chapter presents a critical appraisal of basic methods employed in implant research 
and a review of studies on implant surface treatments that modify topography, introduce 
bioactivity, and introduce antibacterial property, incorporating published reviews and 
past and current studies by the authors.

Implant	Surfaces—Basics

The implant–bone interface can be visualized at macroscopic and molecular levels (Kasemo 
and Lausmaa, 1988). In case of Ti or Ti alloy (Ti6Al4V) implants, the metal substrate is cov-
ered by the always present surface oxide, TiO2, to which protein molecules from the bio-
logic liquid attach themselves (Figure 7.2). The nature of the biomolecular layer determines 

Bone

Ti implant
1 mm

1 µm

BoneBioliquidTitanium

1 nm

Protein

Na+

H2O
Cℓ–

BioliquidTitanium Titanium oxide

FIGURE 7.2
Ti implant and bone interface at the tissue, cellular, and atomic levels. (From Kasemo, B., Lasumaa, J., Int. J. Oral 
Maxillofac. Implants, 3, 247–239, 1988. With permission.)
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the cell response (proliferation, differentiation) that would eventually lead to bone forma-
tion. For this reason, the microarchitecture of the surface (topography, roughness, etc.) 
and its chemical composition are important determinants of the response of the biologic 
system to the implant.

Immediately after implant placement, a series of events occur between the host and the 
surface of the implants (Lemons, 2004). This sequence of events includes the initial interac-
tion between blood and the implant surface, where proteins and ligands are dynamically 
adsorbed onto and released from the implant surface, through an inflammatory process, 
which is followed by initial bone formation around the implant (modeling), and through 
several remodeling cycles, where bone surrounding the implant achieves its highest degree 
of organization and mechanical properties (Lemons, 2004). Because of the dynamic nature 
of the bone–biomaterial interface as a function of implantation time, endosseous dental 
implant biomaterials must have short- and long-term biocompatible and biofunctional 
properties (Coelho et al., 2009).

From the point of view of physics, a surface may be defined as the sudden interrup-
tion of the atomic arrangement. This sudden interruption results in differences between 
surface and bulk electronic properties, leading to different physico/chemical behavior 
between the two regions of the material. Therefore, from a theoretical standpoint, differ-
ent modification methods utilized for implant surface engineering may lead to different 
and unique surface properties (Kittel, 1995). These different physico/chemical properties 
can potentially lead to changes in the host-to-implant response. New surface treatments 
should be tested as new biomaterials. As examples, the alteration of surface topography or 
the incorporation of bioactive ceramics as coatings have been investigated and utilized on 
a large scale by implant dentistry practitioners with no or limited surface characterization 
(Lemons, 2004; Coelho et al., 2009).

Despite the extensive literature accumulated over the past decades concerning the host/
biomaterial response, several considerations should be taken into account concerning the 
complex effects of endosseous dental implants surface modifications during and after the 
process of osseointegration. Biological considerations, such as biocompatibility and osseo-
conductivity of the implant, should be addressed. In addition, specific surface effects on 
initial bone healing kinetics and mechanical properties evolution as implantation time 
elapses in vivo, as well as the in vivo stability of the surface (often regarded as one of 
the leading factors of long-term osseointegration) should be hierarchically investigated to 
more fully evaluate implant therapy surgical and/or prosthetic protocol modifications.

A hierarchical approach, where in vitro testing followed by laboratory animal research 
leads to subsequent controlled prospective and/or retrospective clinical trials, is often 
neglected before new biomaterials are commercially introduced. Therefore, treatment pro-
tocol changes, such as a decrease in the time allowed for osseointegration of immediate/
early loaded dental implants, have often followed empirical rationales.

Basic	Research	Methods	for	Implant	Surface	Evaluation

Biocompatibility of Biomaterials

Before clinical trials, new biomaterials (including surface modifications) should undergo 
in vitro and in vivo evaluation. This type of evaluation typically follows a hierarchical 
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approach, where in vitro testing evolves to in vivo laboratory experiments, and then to 
clinical trials in humans (Lemons, 2004). The hierarchical testing approach is useful in 
cases where surface modifications are compared with previous surfaces that have success-
fully been in function for several years. In a simplistic fashion, if the new surface or bio-
material does not have at least equivalent performance when tested in in vitro and in vivo 
laboratory models, time-consuming complex clinical research protocols may be avoided.

In Vitro Testing

In vitro laboratory models often consist of evaluating the effects of novel surfaces versus 
control surfaces (in the case of dental implant surfaces, machined or surface-modified cpTi 
or Ti alloys) on cell cultures (Groth et al., 2005).

Cell culture studies attempt to track cell morphology, adhesion, migration, proliferation, 
or death as a function of potentially toxic agents derived from the biomaterial (Lemons, 
2004). Whereas in vitro cell culture evaluations have been shown to be useful for prelimi-
nary evaluation of novel biomaterials biocompatibility related to safety, results obtained 
in cell cultures have not yet been fully correlated to in vivo performance (Groth et al., 
2005; Coelho et al., 2009). Specific to evaluating cellular behavior associated with implant 
surfaces, cell cultures by no means represent the dynamic in vivo bone/biomaterial envi-
ronment, and multiple conclusions concerning the potential in vivo behavior based on 
in vitro cell testing should be taken as speculation. Validation must be based on animal 
models and subsequent clinical trials. Nonetheless, cell culture has been useful as a first 
assessment of biocompatibility related to the safety of novel biomaterial designs (Groth et 
al., 2005).

Implant surface modifications through chemical process may lead to production of leach-
able products potentially toxic to cells (Nimomya et al., 2001; Santavirta et al., 1999). Direct 
contact, agar diffusion, and extract dilution are the primary cytocompatibility assays, 
where standardized procedures enable comparisons and minimize bias. The inclusion of 
positive and negative controls and the use of established cell lines and standardized proto-
cols published by the U.S. Pharmacopeia, the American Society for Testing and Materials 
(ASTM), the British Standards Institute (BSI), and International Standards Organization 
(ISO) rationalize the screening for cytocompatible biomaterials (ISO 10993-5; 1999). It is 
worthwhile to mention that health organizations in the United States (Food and Drug 
Administration), Brazil (National Agency of Sanitary Vigilance), Europe, and other coun-
tries legally require pharmacopeial assays for regulatory and commercialization of bioma-
terials and medical devices (Schildhauer et al., 2008; Tamaki et al., 2008). What remains to 
be fully explored are cell functions, such as adhesion, migration, proliferation, synthesis, 
and deposition of extracellular matrix chemical compounds using mammalian cells of the 
tissue/organ relevant to specific applications.

Considering new biomaterials, an understanding of biomaterial-induced cell signaling 
molecules is strategic for device design. For instance, the role of monocytes/macrophages in 
foreign body reaction has become evident (Schildhauer et al., 2008; Tamaki et al., 2008), and 
specific information concerning the osteoblast (Lenz et al., 2008) and osteoclast (Makihira 
et al., 2007) responses to wear particles and surface topography can be screened in spe-
cific in vitro assays of cell signaling molecules. Thus, currently available in vitro assays 
have increasingly gained popularity in biomedical device designing regarding materials 
safety.

On the other hand, whereas biomaterials safety is currently tested in in vitro assays, 
regulatory and scientific governmental agencies, such as the National Institutes of Health 
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in the United States, have expressed interest in developing more complex laboratory-based 
testing methods. The intent is to develop models that are more representative and predic-
tive of in vivo behavior such as organ cultures presenting similar cellular content and 
architecture as the host tissue.

The development of bone organ cultures requires the maintenance of three-dimensional 
bone explants and their cellular and extracellular content in the laboratory setting 
(Jones et al., 2008). In addition to biological content maintenance in vitro, the physiologic-
like maintenance of bone organ cultures has been challenged by difficulties in appro-
priately reproducing physiologic loading conditions in vitro (Jones et al., 2008). Such 
difficulties have resulted in the limited use of bone organ culture studies of hard tissue 
integration, which requires establishment and maintenance of cultures for long peri-
ods. However, bone organ cultures have been utilized in other research areas such as 
the effects of wear particle composition and size in bone inflammatory response (Zhang 
et al., 2008).

It is acknowledged that despite the current difficulties and limitations provided by in 
vitro cell and organ cultures, developments will soon result in cell and organ cultures 
that are more representative of in vivo scenarios. Such developments will expand the in 
vitro evaluation of biomaterials beyond safety issues, mimicking in vivo testing conditions 
decreasing the time, cost, and regulatory issues concerning animal research protocols.

In Vivo Testing

After in vitro laboratory testing for the general safety of new biomaterials’ surfaces, labo-
ratory in vivo models are the next step in biocompatibility testing complexity.

Various animal models and surgical protocols have been utilized to evaluate the host 
response to endosseous implants (Coelho et al., 2009). Despite the development of an exten-
sive literature in the field, variations in wound healing and the kinetics of bone healing 
due to local physiologic properties of different surgical sites and animal species have not 
been sufficiently characterized to enable direct one-to-one comparisons between animal 
models or data extrapolation to human clinical scenarios. Nonetheless, animal models are 
of vital importance when novel biomaterial design is compared with previously investi-
gated designs of known clinical performance.

The most frequently used animals for dental implant research are rats, rabbits, sheep, 
dogs, pigs, and nonhuman primates. Among the attributes taken into consideration to 
determine which animal model is most appropriate for a particular research protocol are 
site similarity to humans under physiologic and pathologic conditions as well as availabil-
ity of large numbers of specimens over time (Pearce et al., 2007; Lienbschner et al., 2004). 
Other considerations include acceptability to the society, cost, availability, age, size (mul-
tiple implant placement for comparison), tolerance to surgery and captivity, housing, and 
animal protection acts of different countries (Schimandle et al., 1994). Specific to studies 
considering the bone–implant interface, bone macrostructure, microstructure, and mod-
eling/remodeling kinetics should be considered while extrapolating results to humans 
(Schimandle et al., 1994).

Because of its relatively low cost, ease of handling, and a substantial number of previ-
ously published data, the rabbit model has been the most utilized for dental implant bone–
implant interface studies. The amount of published work is then followed by research 
protocols utilizing dogs (Pearce et al., 2007; Lienbschner et al., 2004). Detailed information 
regarding other animal models utilized in bone–implant interface studies can be found 
elsewhere (Pearce et al., 2007; Lienbschner et al., 2004).
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Despite its extensive use in dental implant research, the rabbit model’s major drawback 
includes its size compared with larger animals, such as dogs and sheep, when a num-
ber of control and experimental implants are recommended per animal (ISO 10993-6). In 
addition, the commonly utilized rabbit bones such as tibia and femur are one of the least 
similar animal models compared to human (Castaneda et al., 2006). Significantly different 
bone macrostructure (especially when comparing the amount of trabecular bone between 
human alveolar bone and rabbit long bones), microstructure, kinetics, and cell content are 
found between rabbit and human. Thus, the extrapolation of results obtained in rabbit 
studies relative to humans is a challenge and should be carefully performed.

The second most utilized model in musculoskeletal and dental implant research is the 
canine model (Neyt et al., 1998). Compared with the rabbit model, the canine model is 
remarkably larger, and different sites with relatively different bone macromorphology and 
micromorphology are available. 

Considering the canine intraoral site, extraction of the four premolars followed by a 
healing period before implant placement has been commonly employed. Alternative to the 
intraoral site, the femur and the tibia have also been utilized. Whereas the intraoral site 
provides a bone microstructure that is morphologically similar to human mandible with 
respect to cortical-to-trabecular ratio, the tibia and femur sites provide a model where high 
amounts of trabecular bone are present (Coelho et al., 2009). The elimination of potential 
complications involved in tooth extraction makes the tibia and femur attractive relative 
to the dog intraoral sites. In addition, the presence of high amounts of trabecular bone in 
these long bones is attractive for testing dental implant properties because highly osteo-
conductive materials are desirable for regions of low cortical-to-trabecular bone ratios. 
Specific to dental implant surface research, where most protocols comprise the temporal 
placement of implants for comparison in physiologically loaded implants, relative differ-
ences in osseointegration and biomechanical assessment can be tracked in both mandible 
and long bones such as the femur and tibia (Coelho et al., 2009).

It has been previously shown that dog along with pig bones are the most similar to 
human bone composition among the animal models utilized for musculoskeletal research 
(Aerssens et al., 1998). However, data extrapolation between these large animals and 
humans is still challenged by the different mineral apposition rates (MAR) encountered at 
different bones (Aerssens et al., 1998). Another drawback related to larger animal models is 
the ethical issue of their utilization in medical research, especially concerning the number 
of animals and operable sites/times per animal.

There are many different animal models, surgical sites, times in vivo, and the lack of 
a standard control biomaterial (i.e., a standard implant surface) among the many in vivo 
studies reported in the dental literature. Therefore, direct comparison between previously 
published results is practically impossible with respect to which implant surface has the 
best physico/chemical configuration to increase early wound healing kinetics.

Regardless of differences in species and site, it is acknowledged that valuable infor-
mation may be retrieved from properly designed animal studies. Specific to comparison 
between different implant surfaces, power analysis should be performed relative to the 
parameter to be evaluated because this dictates the number of animals to be utilized. 
Because implant surfaces are expected to increase the host-to-implant response, it is rec-
ommended that several implantation times be utilized to establish temporal evolution of 
the analyzed variables between implant surfaces. The implantation times should be deter-
mined from the literature pertinent to each species and site, or from pilot investigations. 
Regardless of animal model, it is acknowledged that extrapolation of results to human 
scenarios is a challenge. However, controlled animal studies evaluating temporal changes 
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in the bone–implant interface provide valuable relative comparisons between different 
implant surfaces.

Measurable indicators of the host/implant response have been utilized in cases where 
two different surface designs are compared. However, to decrease the degree of specula-
tion with respect to the most critical mechanisms of the host/implant response between 
different surface designs, the largest possible number of biological response indicators 
(static and dynamic histomorphometric parameters, plus biomechanical testing) should be 
evaluated to establish correlations.

Substantial data have been published concerning the temporal evolution of various 
bone–biomaterial interfaces. Yet, whether the increased mechanical stability of different 
surfaces is due to an increased mechanical locking of tissue within the surface rough-
ness, increased bone–implant contact, increased surrounding bone density, biologically 
modified bone bonding, or the interplay between such variables is still controversial or 
unknown (Lemons, 2004). Often, a combination of factors exists.

In vivo comparisons between different implant surface designs typically have a his-
tomorphometric and/or a biomechanical component. The histomorphometric part of the 
study typically evaluates static parameters such as the amount of bone-to-implant con-
tact (BIC), bone density, amount and type of cellular content, among others. Less often 
reported, but not less valuable than the static measurements, dynamic histomorphomet-
ric parameters, such as MAR, have also been utilized. The biomechanical testing compo-
nent usually evaluates the push-out force, pull-out force, or torque-to-interface failure of 
implants in bone (Coelho et al., 2009).

It has been established that general tissue response to implants, biocompatibility, and 
osseoconductivity information may be obtained through static histomorphometric mea-
surements. However, any of the previously mentioned parameters alone does not address 
the tissue healing events that lead to the measured parameters evaluated at a given period 
in vivo (Coelho et al., 2009). For example, if a given surface results in higher BIC percentage 
relative to another at early implantation times, it is impossible to determine the relevance 
of such observation unless extreme differences in BIC values were observed or a series 
of other supporting histomorphometric and biomechanical parameters were also mea-
sured. From a structural perspective, the BIC amount may be overwhelmed by the quality 
of the structural support, and implants surrounded by less bone with higher magnitude 
mechanical properties may be more desirable than an implant surrounded by more bone 
presenting lower magnitude mechanical properties. This concept should be taken into 
account especially as bone has the ability to model and remodel under microstrain thresh-
olds (bone deformation under a given load), and bone regions of high stress concentrations 
in the proximity of the implant may be unfavorable if low-magnitude bone mechanical 
properties exist.

Because BIC has been the most often measured parameter in in vivo investigations, 
meticulous histomorphologic and biomechanical testing (preferentially nanoindentation 
along and away from the implant surface) should also be performed to decrease the degree 
of speculation concerning the benefit of increased BIC for one surface relative to another. In 
this case, dynamic measurements such as MAR would be desirable to temporally evaluate 
bone modeling/remodeling kinetics around different implant surfaces. This would pro-
vide insight on how different histomorphologic, histomorphometric, and bone mechanical 
properties evolved as a function of implantation time.

Studies concerning the effect of different surfaces in bone healing kinetics have been 
successful in indicating relationships between MAR and static parameters such as den-
sity (Suzuki et al., 1997). Unfortunately, the literature concerning bone healing dynamics 
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around different implant surfaces is not only sparse but also contradictory. Also, compre-
hensive studies utilizing both static and dynamic histomorphometric parameters along 
with biomechanical testing are desirable for better characterization of the evolution of the 
bone–biomaterial interface around different implant surfaces. This information would 
decrease the degree of speculation concerning the mechanisms leading to differences in 
the results.

Ex vivo standard biomechanical tests (torque, pull-out, push-out) usually measure the 
amount of force or torque to failure of the bone–biomaterial interface surrounding differ-
ent implant surfaces. Although information concerning the relative degree of biomechani-
cal fixation is obtained, these tests do not provide detailed microscopic information about 
inherent mechanical properties of the bone–biomaterial interface. In addition, these test 
methods tend to favor rough implant surfaces, making it a challenge to evaluate different 
implant surface effects on the evolution of bone healing/mechanical properties.

Recently, nanoindentation studies have successfully evaluated the effect of different sur-
face textures in bone mechanical properties as a function of implantation time (Butz et al., 
2005). Although inherent mechanical property measurements made as a function of time 
may be assessed through nanoindentation, the value of relative changes in modulus and 
hardness as a function of healing time around implants is still subjective. For example, it 
is not possible to predict by simple mechanical property assessment over a given loading 
range, if stress patterns or microstrain threshold for bone maintenance or loss would sig-
nificantly affect the overall biomechanical response as a function of implant surface and 
implantation time. Thus, biomechanical experimental designs that take into consideration 
both the bone mechanical properties and the geometry around the implant (through 3D 
imaging tools) are desirable for future designing of improved dental implant systems.

Several factors that influence the phenomena of osseointegration remain under active 
investigation (i.e., implant/biofluid interactions, the elemental chemistry and structure of 
surfaces, and the overall mechanisms and kinetics of bone response to implants). Therefore, 
what is needed is careful interpretation of the literature along with definitive character-
ization of bone physiology and kinetics of healing (MAR, bone mechanical properties) 
around implants with different surfaces. The evaluation of the highest possible number of 
host/implant response parameters should be taken into account in future research. This 
approach would allow a better understanding of bone healing kinetics associated with 
different implant surfaces, providing an informed design rationale for future implant sys-
tems that would deliver reduced osseointegration time frames and minimize failures of 
immediate/early loaded implants.

Clinical Evaluation of Implant Surfaces

Clinical evaluation comprises the most complex type of device testing, especially the fac-
tors associated with the biomaterial per se. Although clinical data collection may illustrate 
the interaction between human tissues and different implant surfaces, from a statistical 
standpoint, any data collected from clinical trials should be interpreted with caution. 
Clinical evaluation of different implant surfaces may be a challenge, as large numbers of 
subjects must be analyzed in a previously determined statistically validated model, and 
any deviation from the established protocol may lead to results with low credibility. Both 
prospective and retrospective studies must be carefully designed with a rigorous number 
of subjects, inclusion, and exclusion criteria. Because the description of prospective and 
retrospective studies is beyond the scope of this review, the reader may refer to the articles 
where this type of study is critically evaluated (Chuang et al., 2001, 2005).
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Despite the specific points concerning clinical evaluation of implants, it is important 
to highlight the need for double-blind studies and for registration of trials in order to 
mitigate against publication bias, to prevent study duplication, and to evidence gaps in 
the knowledge base favoring international collaboration. To date, there are only three pub-
lished randomized controlled double-blinded studies of implant surface treatments. Given 
that endosseous implants have been in clinical practice for several decades, it is surpris-
ing that effectiveness studies in the general practice setting have not been reported. The 
vast majority of clinical studies are based on outcomes from specialists and medical and 
university centers.

Implant Retrieval Analysis

The retrieval of previously functional implants is one of the valuable tools for character-
izing short- and long-term host–implant interactions as well potential failure mechanisms 
(Lemons, 2004).

The relative value of implant retrieval analysis is directly related to the amount of infor-
mation available from patient, clinician, implant therapy modality, and implant system 
(i.e., lot number). Nonetheless, a lack of knowledge of any of these variables does not limit 
specific information that can be acquired from retrieved specimens even though limita-
tion of critical information could ultimately lead to erroneous conclusions. For instance, 
if data concerning the patient medical history and functional habits are not available, it is 
difficult to relate specific failure mechanisms obtained from retrieval analysis to associ-
ated risk factors.

Surface	Treatments	to	Modify	Implant	Topography

A considerable number of in vitro studies using cell culture has documented that rough 
surfaces promote greater cell adhesion, proliferation, and differentiation compared with 
smooth or machined surfaces (Boyan et al., 1998; Brunette, 1988; Cooper et al., 1999; 
deOliviera and Nanci, 2004; Masaki et al., 2005; Makihira et al., 2007; Ricci et al., 2000). In 
vivo studies have demonstrated higher bone–implant contact and greater bone volume 
around the implant with rough surfaces compared to those with smooth or machined sur-
faces (Buser et al., 1999, 2001; Butz et al., 2006; Frenkel et al., 2002; Klokkevold et al., 1997; 
Suzuki et al., 1997; Yamamuro et al., 1991).

Commercial and experimental methods to produce surfaces of different implant sur-
face topographies or roughness or modifying the homogeneity or thickness of the TiO2 
layer have included: (1) grit blasting with abrasives (e.g., alumina, silica, Ti oxide, calcium 
phosphate); (2) treatment with an acid or combination of acids (e.g., HCl, H2SO4, HF, 
HCl/H2SO4), with an alkali (NaOH)] or with H2O2; (3) anodization; (4) laser-texturing; 
(5) deposition of metal powder or beads (cpTi, Ti alloy or Co–Cr–Mo alloy) or metallic 
oxide (TiO2) coatings by plasma spraying, or arc-oxidation; (6) high temperature fusion 
(e.g., TiO2 powder with Ti alloy); or (7) combinations of different methods, such as grit-
blasting and acid treatment, alkali treatment and heating (Beatty, 1999; Citeau et al., 
2004; Coelho and Lemons, 2009; Coelho et al., 2009; Guo et al., 2007; Ishikawa et al., 
1997; Lakstein et al., 2009; LeGeros et al., 1996; LeGeros and LeGeros, 2006; Nishiguchi 
et al., 2001; Ong and Lucas, 1994; Park et al., 2005, 2008; Ricci et al., 2000; Rohanizadeh 



Orthopedic	and	Dental	Implant	Surfaces	and	Coatings	 311

SE

(i)

(h)

SE

(g)

SE

(a)

SE WD 1.3mm 20.0kV ×5.0k   10µm

WD 7.8mm 20.0kV ×5.0k   10µm

WD 8.4 mm 20.0 kV ×5.0 k 10µmWD 8.3 mm 20.0 kV ×5.0 k 10 µm

WD 8.4 mm 20.0 kV ×5.0 k 10 µm

(f )

SE

WD 8.4mm 20.0kV ×5.0k   10µm

(b)

SE

WD 8.4mm 20.0kV ×5.0k   10µm

(c)

SE WD 8.2mm 20.0kV ×5.0k   10µm

(d)

SE

WD 8.4mm 20.0kV ×5.0k   10µm

(e)

SE

FIGURE 7.3
SEM images of cpTi and Ti alloy surfaces treated by: (a) machining; (b) grit-blasting with apatitic abrasive; 
(c) grit-blasting with TiO2 then acid-etching with HF; (d) dual acid-etching (HCl/H2SO4); (e) dual acid-etching 
then depositing with DCD; (f) anodic oxidation; (g) laser-texturing; (h) grit-blasting with alumina abrasive then 
acid-etching; (i) treating with NaOH. Panels (b) to (g) are surfaces of commercial dental implants. Scale: 10 μm.
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FIGURE 7.4
SEM images of orthopedic implant surfaces: (a) Co–Cr sintered beads; (b) plasma-sprayed cpTi; (c) arc-deposited 
Ti; (d) plasma-sprayed HA. Scale: 200 μm. (Courtesy of Stryker-Orthopaedics, New Jersey.)
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FIGURE 7.5
SEM images (a, b) of Co–Cr beads with precipitated apatite (Peri-Apatite) coating. (c) X-ray diffraction profile of 
the coating identified as HA. (Courtesy of Stryker-Orthopaedics, New Jersey.)
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et al., 2004, 2005; Salgado et al., 1998; Schupbach; Son et al., 2003; Vercaigne et al., 2000; 
Wenenberg et al., 1996; Yao and Webster, 2006). The different methods of surface rough-
ening produce different topographies (irregularities, ridges) described in terms of Sa 
values (the arithmetic mean of the absolute deviation from the mean line over a sam-
pling area) as measured using profilometry. Albrektsson and Wenneberg (2004) defined 

TABLE 7.1

Surface Treatment on Commercial Dental Implants

Manufacturer Trade	Name Surface	Description	

Astra Tioblast Grit-blasted, TiO2/acid-etched
Osseospeed Grit-blasted, TiO2/HF treatment

Biohorizons RB M Grit-blasted, apatitic abrasive
Bio-Lok Laser-textured

Biomet 3i Osseotite Dual acid-etched (HCl/H2SO4)
Nanotite Dual acid-etched/discrete crystalline 

(CaP) deposition
Branemark Machined
Neoss Biomodal Grit blasted/acid-etched
m Proactive Grit-blasted/acid-etched
Nobel Biocare TiUnite Anodic oxidation
ITI/Straumann SLA Grit-blasted, Al2O3 abrasive/acid-etched
Sybron RBM Grit-blasted, apatitic abrasive
Zimmer MTX Grit-blasted, apatitic abrasive

TABLE 7.2

Surface Description of Some of the Commercial Orthopedic Implants

Manufacturer Surface	Description

Biomet Regenerex™: porous Ti alloy
RoughCoat™: sintered Co–Cr bead porous coating with and without 
plasma-sprayed HA

DePuy Oription™: porous coating, porous pure Ti alloy coating
Purocoat®: porous coating, sintered Co–Cr beads
Duofix® HA: plasma sprayed HA over Purocoat® coating

Smith & Nephew Stiktite™: porous three-dimensional asymmetric Ti powder coating
RoughCoat™: sintered Co–Cr bead porous coating with and without 
plasma-sprayed HA

Stryker PureFix™ HA: plasma-sprayed HA
Peri-Apatite™: solution deposited HA coating that uniformly coats 
three-dimensional porous ingrowth surfaces

Plasma-sprayed cpTi with and without PureFix™ HA coating
Arc-deposited cpTi with PureFix™ HA coating
Co–Cr sintered beads with Peri-Apatite™ coating

Zimmer Trabecular Metal™: open cell porous tantalum construct
CSTi™, Cancellous-Structured Titanium™ coating with and without 
plasma-sprayed HA coating

Fiber metal: Ti fiber metal with and without plasma-sprayed HA/TCP 
coating

CoCr-beaded ingrowth surfaces
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roughness in current dental implants as: “smooth” (Sa = 0.0–0.4 μm), “minimally rough” 
(Sa = 0.4–1.0 μm), and “rough” (Sa = 2.0 μm and higher). Wennenberg et al. (1995, 1996) 
have reported that the optimum roughness for increased implant–bone contact has an Sa 
value of about 1.5 μm; surfaces with roughness above or below this value cause a weaker 
bone response.

SEM images of some commercial and experimental implants surfaces are shown in 
Figures 7.3, 7.4, and 7.5, and surface treatments on some commercial orthopedic and dental 
implants are listed in Tables 7.1 and 7.2.

Surface Roughening by Grit-Blasting with Abrasives

Alumina (Al2O3) is commonly used as an abrasive for grit-blasting implants. The surface 
roughness produced by grit-blasting with alumina depends on the size and shape of the 
abrasive. Wennenberg et al. (1996) reported that although Ti alloy surface grit-blasted 
with 75 μm alumina particles elicited higher interfacial bone strength and greater bone 
contact than that grit-blasted with 25 μm alumina particles, surfaces grit-blasted with 
larger alumina particles (250 μm) showed lower interfacial bone strength. Thus, although 
implant surfaces grit-blasted with 75 μm alumina particles elicited higher interfacial 
bone than those grit-blasted with smaller particle size (25 μm), surfaces grit-blasted with 
higher particle size (250 μm) showed lower particle size. Studies have also shown that 
grit-blasting with alumina sometimes leave alumina particle inclusions in the metal sub-
strate even after acid passivation with HNO3 (Salgado et al., 1998; Szmukler-Montcler et 
al., 2004). Such alumina inclusion when released in the biologic environment may cause 
osteolysis or bone loss (Goodman et al., 2006). In comparison, grit-blasting with apatitic 
abrasive leaves a clean surface (Salgado et al., 1998). Furthermore, as discussed in the 
section below, grit-blasting with apatitic abrasive may also introduce bioactivity to the 
implant surface.

Implant surfaces roughened with either TiO2 or Al2O3 abrasives showed similar increased 
biomechanical fixation (Wennerberg et al., 1995).

Surface Modifications by Laser Texturing

Implant surfaces with laser-textured surfaces (e.g., LaserLok Silhoutte implant, BioLok 
International) was produced by first grit-blasting with apatitic abrasive, then producing 
microgrooves with the desired depth and spaces between the grooves (Figure 7.3g). This 
is accomplished by using a pulsed, computer-controlled Excimer laser system and large 
area masking techniques. It is reported that such microgrooved surfaces cause orienta-
tion of attached cells and inhibition of colonization of fibroblastic cell types that encap-
sulate smooth substrates, and interfere with new bone formation and growth (Ricci et al., 
2000).

Surface Modifications Using Chemical Methods

Acid-etching. Grit-blasting followed by acid-etching with HF is one method of modifying 
the Ti alloy surface (Figure 7.3b). The dual acid-etching process consists of successively 
immersing the implant in a 15% HF bath to remove the native Ti oxide layer on the Ti alloy 
(Ti6Al4V) or cpTi implant surface and then etched in a mixture of H2SO4/HCl acids (in a 
6:1 ratio), then heated at 60–80°C (Beaty, 1999). The surface produced by the dual acid-etch 
method of a commercial implant is shown in Figure 7.3d).
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Alkali treatment. The surface treatment of cpTi or Ti alloy substrates with the NaOH solu-
tion first introduced by Kokubo et al. (1996) was modified with subsequent heat treatment 
at 600°C (Takadama et al., 2001) and results in a surface shown in Figure 7.3i.

Anodic oxidation. The anodization process produces modifications in the microstructure 
(microporosities) and crystallinity of the Ti oxide layer. The process consists of pontiostatic 
or galvanostatic anodization of Ti or Ti alloy in strong acids (H2SO4, H3PO4, HNO3, HF) at 
high current density (200 A/m2) or potential (100 V). This process thickens the Ti surface 
oxide layer to more than 1000 nm, and the dissolution of this oxide layer along the current 
convection lines creates micro- or nanopores on the Ti surface (Schupbach et al., 2005) as 
shown in Figure 7.3f.

Bioactive	Surface	Coatings

Calcium phosphates (e.g., hydroxyapatite, HA; tricalcium phosphate, β-TCP) and bioactive 
glasses (e.g., Bioglass) are bioactive and osteoconductive materials (Daculsi and LeGeros, 
2008; Hench and Paschall, 1977; Hench and Wilson, 1984; LeGeros, 1988, 1991, 2002, 2008; 

(a) (b)

(c)

Coralline HA

BCP

FIGURE 7.6
Formation of apatite on calcium phosphate ceramic (a, b) and treated Ti alloy surface (c) indicating bioactivity. 
(a) TEM image of BCP, ceramic after implantation in rabbit; (b) TEM image of coralline HA (coral transformed 
to apatite) after immersion in calf serum; (c) SEM image after immersion in SBF. Scale on (c): 50 μm. In (a), BCP is 
an intimate mixture of HA and β-TCP, the large crystal (BCP) is most probably HA because β-TCP is much more 
soluble than HA and would therefore be preferentially dissolved. (From LeGeros, R.Z., Daculsi, G., Handbook of 
Bioactive Ceramics, Vol. II. CRC Press, Boca Raton, 1990; LeGeros et al., The Bone-Biomaterial Interface, University 
of Toronto Press, Toronto, 1991; LeGeros et al., Apatite, 1, 229–235, 1992; Holmes D.L., Chemical treatment of Ti 
alloy surfaces: effect on in vitro test for bioactivity, MS thesis, New York University, 2010. With permission.)
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LeGeros and Daculsi, 1990; LeGeros and LeGeros, 2008; LeGeros et al., 2008; Osborne and 
Newesely, 1980).

“Bioactivity,” the property that allows the material to directly bond with bone, was first 
observed and described by Hench et al. (1977) with silica-based bioactive glasses. In vitro, 
bioactivity is demonstrated by the formation of carbonate apatite on the surfaces of materi-
als after immersion in serum (LeGeros et al. 1991, 1992) or in simulated body fluid (Kokubo 
et al., 1990) as shown in Figure 7.6. In vitro cell culture studies showed greater cell prolifer-
ation and differentiation (gene expression of markers for bone formation) of bone-forming 
cells on surfaces coated with apatite (Boyan et al., 1998; Brunette, 1988; Cooper et al., 1999; 
deOliviera and Nanci, 2004; Masaki et al., 2005; DaSilva et al., 2003). In vivo, bioactivity is 
shown by the formation of the nanocrystals of carbonate apatite associated with the bioac-
tive material (Heughebaert et al., 1988; LeGeros and Daculsi, 1990; LeGeros et al., 1991) as 
shown in Figure 7.6a.

The bone mineral, idealized as an HA, is a carbonate-substituted apatite or carbonate 
apatite (LeGeros, 1981). The rationale for using calcium phosphates (especially HA, β-TCP, 
or biphasic calcium phosphate, BCP—an intimate mixture of HA and β-TCP) as bone sub-
stitute material or as coating on implant is the similarity in SEM image showing a gap 
(occupied by fibrous tissue) between Ti alloy implant surface and host bone indicating 
absence of true osseointegration (Daculsi et al., 1995) property to bone in terms of com-
position (mainly calcium and phosphate ions) and in osteoconductive property (which 
serves as a template for forming new bone). The release of calcium and phosphate ions and 
subsequent formation of nanoapatite crystals, similar to the nanocarbonate apatite crys-
tals of bone (Figure 7.6a), may be a critical step in bone-bonding of the bioactive ceramic 
or bioactive coating (LeGeros, 2008). The carbonate apatite layer that forms on the cal-
cium phosphate coating after implantation facilitates the adhesion of proteins on which 
the osteoprogenitor cells can attach, proliferate, differentiate, and produce extracellular 
matrix that eventually leads to biomineralization or bone formation (LeGeros, 2008).

Thus, the rationale for depositing calcium phosphate coatings on implants is to provide 
a bioactive surface that will ensure direct bonding with bone. To improve the adhesion 
of the coating with the metal substrate, the implant surfaces are first roughened either 
by acid-etching, grit-blasting, or deposition of a layer of cpTi or TiO2 powder by plasma-
spraying or arc deposition.

Plasma-Sprayed HA Coatings

Although by themselves, calcium phosphate ceramics or bioactive glasses have very desir-
able properties, they are not strong enough to be used in load-bearing areas (deGroot, 1987; 

HA

(a) (b)

Ti Alloy
3005    15 kV   X1, 500    10 µm  WD25

FIGURE 7.7
(a) Representation of the plasma-spray technique for depositing coating on implant. HA beads (inset) are par-
tially melted and partially transformed to different calcium phosphate phases, principally, ACP (From LeGeros 
et al., Ceram. Trans., 48, 173–189, 1995. With permission.) (b) SEM image of the plasma-sprayed HA surface.
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Jarcho, 1981). The rationale for depositing calcium phosphate coatings on metal implants is 
to combine the strength of the metal and the bioactivity of the calcium phosphate coating. 
The plasma-spray technique (Figure 7.7) is the most commonly used method for depositing 
calcium phosphate coating on commercial orthopedic and dental implants that have been 
either grit-blasted or acid-etched before the deposition of coating (deGroot, 1987; Jarcho, 1992; 
Lacefield, 1988; Serekian, 1993). Dense HA spherical beads or granules are fed into an electric 
arc-plasma gas atmosphere. The high temperature (10,000 to 30,000°C) causes the surface of 
the HA beads or particulates to partially melt and transform to other forms of calcium phos-
phates, principally a noncrystalline phase, amorphous calcium phosphate (ACP) and small 
amounts of other crystalline calcium phosphate phases (β-TCP, α-TCP; tetracalcium phos-
phate, TTCP), and sometimes also calcium oxide, CaO, as shown by the reaction below:

 
Ca PO OH Ca PO OH Ca

HA source HA
10 4 6 2 10 4 6 2( ) ( ) ( ) ( ) (→ + x PPO Ca PO Ca P O

ACP -TCP, -TCP TTCP
4 3 4 2 4 2 9) ( )y + +

β α  

X-ray diffraction analyses of plasma-sprayed HA coatings on orthopedic and dental 
implants show that the composition of the coating is mainly HA and ACP with vary-
ing HA/ACP ratios (LeGeros et al., 1994, 1995, 1998). Variation in the HA/ACP ratios in 
the coating depends on the extent of melting of the HA, which in turn depends on sev-
eral operating parameters including distance of the substrate (implant) from the plasma, 
position of entry (within or outside the nozzle) of the HA particles in the plasma stream, 
geometry of the substrate, and/or the type of gasses used as the carrier gas (Lacefield, 1988; 
LeGeros et al., 1998). The plasma-sprayed HA coating is inhomogeneous in composition, 

(a)

(d)

(b)

(e)

(c) (f )

b

25 27 29 31 33 35° 2θ
Diffraction angle

22 26 30 34 38

FIGURE 7.8
X-ray diffraction profiles: (a) HA used as the source material for plasma-spraying; (b) outermost layer of the 
plasma-sprayed coating; (c) coating layer closest to the Ti alloy substrate. In (b) and (c), ACP (area under dotted 
line) denotes the amorphous phase, ACP. Note that the HA/ACP ratio is higher in the outermost layer. Panels 
(d), (e), and (f) are x-ray diffraction profiles of plasma-sprayed HA coatings on different commercial dental 
implants showing variability of the HA and ACP components in the different coatings. (From LeGeros et al., 
Ceram. Trans., 48, 173–189, 1995. With permission.)
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varying in the HA/ACP ratio in the different layers of the coating: the HA/ACP ratio is 
higher near and at the surface layers compared with the HA/ACP ratio in the layer closest 
to the substrate (LeGeros et al., 1995) as shown in Figure 7.8. Variability in the HA/ACP 
ratio was also observed in coatings from different manufacturers (Dalton and Cook, 1995; 
Gross et al., 2002; LeGeros, 1991; LeGeros et al., 1994, 1995) probably due to differences in 
parameters used in the plasma-spray procedure. Variability in the coating composition is 
reflected in the variability of in vitro dissolution properties: the lower the HA/ACP ratio, 
the higher the dissolution rate (LeGeros et al., 1995; Sun et al., 2002).

Plasma-sprayed HA coatings on commercial implants are usually characterized by their 
“crystallinity” referring to the percentage of HA phase present in the coating or the per-
centage of HA present in the crystalline phase as determined by x-ray diffraction analysis. 
This is not to be confused with “crystallinity” that is used to describe crystal size based on 
the broadening of the diffraction peaks (Klug and Alexander, 1974). Thus, a coating may 
be described by a manufacturer as comprising 95% HA (amount present in the crystalline 
phase: HA/(HA + α-TCP + β-TCP + TTCP) × 100) but may actually only be 30% HA in the total 
coating (HA/(crystalline phases + amorphous phase, ACP) × 100) (LeGeros et al., 1995).

Plasma-sprayed HA-coated orthopedic and dental implants were reported to have greater 
osteoconductive properties and provide accelerated skeletal fixation, strong bone–implant 
interface compared with uncoated implants (Cook et al., 1992; Furlong and Osborne, 1991; 
Geesink and Hoefnagels, 1995; Jaffe and Scott, 1996; Sanatori et al., 2001; Tanzer et al., 2001; 
Wang et al., 2006; Wennenberg et al., 1996). Studies comparing survival rates of plasma-
sprayed HA coated and uncoated hip implants showed that the HA coating significantly 
improved the survival rate of the prosthesis (Palm et al., 2002). A study comparing survival 
rates of uncoated and plasma-sprayed HA-coated hip prostheses at 12 to 16 years showed 
that the most common cause of revision in the coated group was never due to the coat-
ing but due to the severe wear of the polyethylene component, whereas revision in the 
uncoated prosthesis was due to aseptic loosening of the stem (Chadran et al., 2010).

In addition to providing a bioactive surface, calcium phosphate coating was also shown 
to minimize the release of potentially harmful ions from the metal substrates. Ducheyne 
and Healey (1988) demonstrated that apatite-coated implant showed no significant release 
for the Ti ions and considerably less release of Al ions with time compared with the 
uncoated substrates.

In spite of the advantages of plasma-sprayed HA-coated implants (greater conductivity, 
bone contact, interfacial strength compared with uncoated ones), there are some reasons 

(a) (b)

FIGURE 7.9
SEM images of Ti alloy disks before (a) and after (b) exposure to acidic buffer (pH 5, 1 M/L KAc, 37°C). The ACP 
component was preferentially dissolved making the coating susceptible to delamination.
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for concern. Some implant failures due to delamination of the coating and release of par-
ticulates from the coating have been observed (Bloebaum et al., 1994; Collier et al., 1993; 
Fransson et al., 2008; Gross et al., 2002; Lacefield, 1998). This phenomenon may be attrib-
uted to the fact that the ACP component of the coating is much more soluble than the HA 
component and would be preferentially dissolved, resulting in the delamination (Figure 
7.9) and release of HA particles (LeGeros, 1983; LeGeros et al., 1998; Ninomiya et al., 2001). 
Thus, a coating with very high ACP content (i.e., low HA/ACP ratio) could experience 
premature resorption causing implant loosening leading to implant failure. Variation in 
the HA/ACP ratios in plasma-sprayed coatings in commercial implants is also reflected 
in the observed variability in their in vitro dissolution or degradation (LeGeros et al., 
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FIGURE 7.10
SEM images (a, b), x-ray diffraction profiles (c, d), and EDS profiles (e, f) of Ti alloy surfaces grit-blasted with apa-
titic abrasive without (a, c, e) and with (b, d, f) subsequent passivation with HNO3. Note the presence of apatite, 
A, in (c) and calcium (Ca) and phosphorus (P) elements in (e) on nonpassivated surfaces. Although the diffrac-
tion peaks of apatite are not observed in the XRD profile of the passivated surface (d), its presence is indicated 
by the Ca and P in the EDS profile (f). (From Holmes, D.L., Chemical treatment of Ti alloy surfaces: effect on in 
vitro test for bioactivity, MS thesis, New York University, 2010. With permission.)
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1995; Sun et al., 2002). The bond between the coating and the bone is a chemical one 
and, therefore, much stronger than that between the metal substrate and the coating 
(mechanical or physical bonding) (LeGeros et al., 1995). For this reason, separation of the 
coating from the substrate (Daculsi et al., 1995) is not a surprising occurrence.

Alternatives to Plasma-Spray Technique of Depositing Calcium Phosphate Coating

In addition to the nonhomogeneous composition of a plasma-sprayed HA coating, the 
plasma-spray method cannot provide a complete and uniform coverage for implants of 
complex geometry or porosity because it is a line-of-sight method and subject to shadow-
ing. Because of the disadvantages of the plasma-spray technique in depositing calcium 
phosphate coatings, several alternative methods of depositing calcium phosphate coatings 
have been pursued.

Grit-blasting with calcium phosphate abrasives. Ti alloy surfaces grit-blasted with apatitic 
abrasive showed the presence of apatite in the x-ray diffraction pattern before passiva-
tion with HNO3; to some extent, even after passivation, the presence of calcium and phos-
phorus elements was observed in the energy dispersive X-ray spectroscopy (EDS) profiles 
(Figure 7.10). Implanted Ti alloy cylinder showed direct contact with the new bone on the 
side grit-blasted with apatitic abrasive and fibrous tissue interface on the side grit blasted 
with alumina abrasive (Fig ure 7.11), indicating that grit-blasting with apatitic abrasive may 
introduce bioactive property to the implant (LeGeros and LeGeros, 2006).

Precipitation or biomimetic method of depositing calcium phosphate coating. Calcium phos-
phate deposition by precipitation on porous Co–Cr-beaded surfaces is used in one com-
mercial orthopedic prosthesis (Table 7.2). This coating (Peri-Apatite), identified as apatite 
by x-ray diffraction (Figure 7.5), is obtained by precipitation at 80°C from solution contain-
ing calcium and phosphate ions (LeGeros, 1991; Zitelli and Higham, 2002). Nanoapatite 
crystals deposited on dual acid-etched Ti alloy (discrete crystalline deposition [DCD]) as 
a thin coating on a commercial dental implant demonstrated direct bonding with bone 
(Mendes et al., 2007).

(a) (b)

Ti Ti

6 weeks 6 weeks

FIGURE 7.11
Microscopic images of Ti alloy rod after implantation. One side (a) of the rod was grit-blasted with apatitic 
abrasive, the other (b) with alumina abrasive. Direct bone-bonding was observed with side (a), fibrous tissue 
interface between the Ti rod and the new bone was observed with side (b) indicating that grit-blasting with apa-
titic abrasive enhanced osseointegration, whereas grit-blasting with alumina did not. (From LeGeros et al., in 
LeGeros, R.Z., LeGeros, J.P. (eds.) Bioceramics 11, Worldwide Scientific Publ, Singapore, pp 181–184, 1996; LeGeros 
and LeGeros, Adv. Sci. Technol., 49, 203–211, 2006. With permission.)
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An experimental precipitation method is by treatment of the Ti alloy with acidic cal-
cium phosphate solution resulting in the form of an acidic calcium phosphate, monetite, 
CaHPO4, which can be transformed to apatite, if desired, by reacting with NaOH (Fig-
ure 7.12) (Rohanizadeh et al., 2005; Rohanizadeh and LeGeros, 2006). If a more reactive 
coating is desired, the transformation to apatite step can be eliminated. Formation of car-
bonate apatite after immersion in simulated body fluid (SBF) of the Ti alloy surface pre-
treated with NaOH (with and without subsequent heating) is another biomimetic method 
of depositing calcium phosphate (Lakstein et al., 2009; Nishiguchi et al., 2001).

Calcium phosphate coating using modulated electrochemical deposition method. An alternative 
to plasma-spray method is the electrochemical method of depositing apatite and other cal-
cium phosphates, such as brushite or dicalcium phosphate dihydrate (DCPD), octacalcium 
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FIGURE 7.12
Deposition of calcium phosphate coating by precipitation. SEM images: (Aa, Ab) before deposition; (Ba, Bb) mon-
etite (CaHPO4) coating formed by precipitation; (Ca, Cb) apatite coating obtained by treatment of B with NaOH 
causing transformation of monetite to nanocrystals of apatite that followed the outline of the original monetite 
crystals. Scale: 10 μm for Aa, Ab, Ba, Bb, Ca, Cb; 50 μm for Ba, Ca. X-ray diffraction profiles: (Ac) untreated Ti 
alloy surface; (Bc) monetite coating; (Cc) apatite coating after transformation of monetite. The monetite coating 
was thicker than the apatite coating as deduced from the comparative intensities of the Ti diffraction peaks 
between Bc and Cc. (From Rohanizadeh et al., J. Biomed. Mater. Res., 72A, 428–438, 2005. With permission.)
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phosphate (OCP), or monetite (DCPA) (DaSilva et al., 2001; Kumar et al., 1999; Lin et al., 
2003; Narayanan et al., 2008; Shirkanzadeh, 1991).

Adherent OCP coating was obtained on different surfaces (Ti alloy grit-blasted with 
apatitic abrasive, arc-deposited, acid-etched, and Co–Cr-beaded surfaces) using pulse-
modulated electrochemical deposition method (Lin et al., 2003; LeGeros et al., 2004). In this 
pulse-modulated method, Ti alloy plates were immersed in solution containing calcium 
phosphate, pH 5 at 60°C. Voltage is applied causing the plates to be negatively charged, 
thus being able to attract the positive ions (Ca2+ and H+) from the solution; the voltage is 
discontinued, allowing the now positively charged plates to attract the negative ions (PO4

3 , 
HPO4

 ) to react with the Ca2+ ions, causing the formation of calcium phosphate (in this case, 
OCP) on the plates’ surfaces. The voltage is alternately applied and discontinued until the 
desired calcium phosphate coating thickness is achieved. The crystal size of calcium phos-
phate in the coating can be manipulated by adjusting the current density or the pulse time: 
the higher the current, the smaller the crystal size; the greater the pulse time, the larger 
the crystal size (Lin et al., 2003). Using this pulse-modulated electrochemical deposition 
method, different types of calcium phosphates (e.g., DCPD, DCPA, calcium-deficient apa-
tite, carbonate-substituted apatite, fluoride-substituted apatite, and other substituted apa-
tites or substituted β-TCP), in addition to OCP, can be deposited on Ti alloys or other metals 
by adjusting the composition, pH, and temperature of the solution (LeGeros, 1991; LeGeros 
et al., 2004). Figure 7.13 shows coatings of calcium-deficient apatite, carbonate-substituted 

(a) (b)

(c) (d)

FIGURE 7.13
Deposition of different calcium phosphates on Ti alloy disks using pulse-modulated electrochemical method. 
SEM images: (a) carbonate-substituted apatite; (b) calcium deficient apatite; (c) fluoride-substituted apatite; and 
(d) OCP. (From Lin et al., J. Biomed. Mater. Res., 66A, 810–828, 2003. With permission.)
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(a) (b)

FIGURE 7.14
SEM images showing transformation of OCP (a) to apatite (b). Scale: 10 μm. (From Lin et al., J. Biomed. Mater. Res., 
66A, 810–828, 2003. With permission.)
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FIGURE 7.15
SEM image (a) and x-ray diffraction profile (b) of coating obtained by ion-beam assisted deposition method. The 
topography (a) is similar to a grit-blasted and acid-etched surface and the thin calcium phosphate coatings are 
not always detected depending on its thickness and SEM resolution. (b) Representative thin-film XRD profile 
of the surface, showing no peak associated with any calcium phosphate phase. (c and d) XPS profiles: increase 
in Ti peak intensity is a function of etching time for coating thicknesses of (c) 20 to 50 nm and (d) 300–500 nm. 
(From Coelho, J.E., Lemons, P.G., J. Biomed. Mater. Res., 90, 351–361, 2009. With permission.)
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apatite, fluoride-substituted apatite, and OCP on Ti alloy plates. The coating thickness can 
be adjusted by adjusting the length of the reaction time. The initially formed acidic cal-
cium phosphate (DCPD, DCPA, or OCP) can be transformed to apatite (Fig ure  7.14) by 
reaction with NaOH (Kumar et al., 1999; Lin et al., 2003; DaSilva et al., 2001). This method, 
like the precipitation or biomimetic method, is superior to the plasma-spray method of 
depositing calcium phosphate coating because it allows deposition of coating with homo-
geneous composition and allows uniform coverage of the implants, even those with com-
plex geometry or porosity. In addition, because the reaction temperature is low (25°C to 
60°C) compared with the plasma-spray method, bioactive molecules can be incorporated 
into the coating if desired.

Sputtering techniques of depositing calcium phosphate coatings. The ion beam–assisted deposi-
tion (IBAD) is a sputtering technique typically involving one or two ion beam sources that 
impinge on a bioceramic (HA disks) target producing an elemental cloud toward the sur-
face of the metal substrate. This technique provides a coating ranging from a few angstroms 
to several micrometer thicknesses (Lacefield, 1998). The coating is an ACP coating, which 
can be transformed to crystalline apatite after heating (Coelho and Suzuki, 2000; Coelho 
and Lemons, 2009; Ong and Lucas, 1994). Studies by Coelho and Lemons (2009) compared 
the in vivo performance of implants coated by IBAD sputtering with coating thickness 
ranging from 30 to 500 nm (Figure 7.15). Implants treated by this technique demonstrated 
histological and biomechanical performance comparable to plasma-sprayed HA-coated 
surfaces, both being greater than uncoated surfaces (Coelho and Lemons, 2009).

Magnetron sputtered calcium phosphate coatings also provide an ACP coating. The 
coating procedure involves the use of RF magnetron sputter unit (e.g., Edwards ESM 100) 
and HA source (either HA block or a metal substrate with plasma-sprayed HA coating). 
In one study of such sputtered coating (Jansen et al., 2000), the pressure was 5 × 10 3 mbar 
and sputter power of 400 W. The coating was subjected to an additional infrared treatment 
for 30 s at 425°C to 475°C in air. Animal studies on implants of different coating thickness 
(0.1, 1.0, and 4.0 μm) showed that the implant with the thickest coating provided the high-
est interfacial strength compared to the uncoated implants or implants with 0.1 and 1.0 μm 
coating thickness.

Chemical treatments to provide bioactive surfaces. Hydrothermal treatment of the Ti alloy 
with calcium solution (10 mmol/L CaCl2) at 200°C for 24 h was reported to give a surface 
with greater bioactivity and greater bone formation compared to surfaces treated with 
NaOH and heated (Zhang et al., 2010).

Ti alloy substrates grit blasted with TiO2 then treated with fluoride solution (HF acid) 
demonstrated improved biologic response and biomechanical fixation compared with 
nonfluoride-treated implants (Ellingsen et al., 2004).

Surface	Treatments	to	Introduce	Osteoinductivity

“Osteoinductivity” is defined as the property of a material to induce bone formation de 
novo without the presence of osteogenic factors. A material is described as “osteoinductive” 
if it is able to form bone in nonbone forming sites (e.g., under the skin, in the muscle). Urist 
et al. (1967) were the first to conclude that the growth factors present in demineralized bone 
matrix (DBM), later identified as bone morphogenetic proteins (BMPs), were osteogenic 
after observing bone formation following implantation of the DBM in nonosseous sites.
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Calcium phosphate (CaP) ceramics are generally known to be bioactive and osteocon-
ductive but not osteoinductive. Some CaP ceramics, such as some HA, coralline HA, BCP 
(Kuboki et al., 1998; LeNihouannen et al., 2005; Ripamonti, 1996; Zhang et al., 1992), and 
some experimental coatings (e.g., OCP) on Ti alloy implants (Barrere, 2003) have been 
reported to form bone in nonosseous sites of different animals without the addition of 
osteogenic factors, whereas other CaP ceramics of the same composition did not show 
osteoinductive properties. Based on their studies, Habibovic and deGroot (2007) concluded 
that the macrostructure (e.g., interconnecting macroporosity) and microstructure (micro-
porosity and microroughness) play important roles in “material-directed” osteoinduction. 
The osteoinduction phenomenon exhibited by some CaP ceramics or coating, but not by 
others, was attributed to a particular combination of interconnecting macro- and micropo-
rosities as well as structural concavities in the CaP ceramic particles or scaffolds that allow 
the adsorption, entrapment, and concentration of circulating BMPs and/or osteogenic fac-
tors and osteoprogenitor cells (Reddi, 2006; Ripamonti et al., 1992) to impart osteoinductive 
properties to these materials (LeGeros et al., 2008).

Engineered osteoinductive properties can be achieved by grafting growth factors or bio-
active peptides to the metal implants or to the calcium phosphate coating of the implant 
(deBruyn et al., 2008; Liu et al., 2006; Waldeman et al., 2004). Some authors claim that the 
nanonodular texturing of Ti may provide an osteoinductive surface (Ogawa et al., 2006).

Surface	Treatments	and	Coatings	with	Antibacterial	Properties

The long-term failure rate of dental implants, reported to be between 5% and 10%, is asso-
ciated with presence of certain bacteria population (Esposito et al., 1998; Tabanella et al., 
2008). With regard to orthopedic implants, microbial infection caused by bacterial adhe-
sion and colonization is also a major concern (Darouche, 2003; Shi et al., 2008). Bacterial 
adhesion and colonization is also a problem with orthodontic brackets (Park et al., 2005) 
and guided tissue regeneration membranes (Chuo et al., 2007). Some of the recommended 
strategies to inhibit bacterial growth and development include implantation of zinc ions 
(Ansilmi et al., 2003; Petrini et al., 2006) or silver or copper (Wan et al., 2007), deposition of 
zinc-calcium phosphate coatings on metal substrates or membranes (Park et al., 2005; Chou 
et al., 2007), polypeptide nanocoatings incorporating antibiotics (Jiang and Li, 2009), TiO2 
(anatase form), nanoparticle-chitosan incorporating antibiotic (heparin) or nanosilver (Yuan 
et al., 2008), and calcium phosphate coatings incorporating antibiotics (Alt et al., 2006; Stigter 
et al., 2002) or antibacterial agent, such as chlorhexidine (Campbell et al., 2002) and nitric 
oxide-releasing sol–gel coatings (Nablo et al., 2005). Our current exploratory study showed 
that surface-treated Ti alloy prevented bacterial colonization (Figure 7.16) (Holmes, 2010).

Summary	and	Conclusion

The ideal property of orthopedic or dental implants used to replace missing or diseased 
bones or teeth is long-term stability. Strategies to accomplish this are based on (1) enhanc-
ing osseointegration (bone bonding) and (2) preventing microbial infection that could 
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cause implant loosening or failure. Surface treatments to enhance osseointegration include 
surface roughening or texturing by physicochemical methods (grit-blasting, acid-etching, 
alkali treatment) and/or deposition of bioactive coatings (calcium phosphate) or grafting 
growth factors to the implant or the coating. Prevention of bacterial adhesion and colo-
nization has been accomplished by ion implantation of antibacterial agents (e.g., copper, 
silver, zinc) and or incorporation of antibiotic or antibacterial agents in implant coatings.

Combining these two strategies is the challenge toward developing the ideal implant.
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Introduction

Acoustic wave technologies and devices have been commercially exploited for more than 60 
years in industrial applications ranging from communications, automotive, to environmen-
tal sensing (Ballantine et al., 1996; Hoummady et al., 1997). When an alternating electric field 
is applied to an interdigital transducer (IDT) on a piezoelectric (PE) material, an acoustic 
wave is generated. The wave can propagate in a direction perpendicular to the surface of the 
material into the bulk (bulk acoustic wave [BAW]) or along the surface of the material (sur-
face acoustic wave [SAW]). This PE effect is manifested in either a Rayleigh mode (vertical 
and surface normal) or as a shear wave (horizontal in-plane) (Galipeau et al., 1997). Table 8.1 
lists several common acoustic wave modes and their related devices. The most commonly 
used BAW device is the Quartz Crystal Microbalance (QCM), which is generally made of 
quartz sandwiched between two electrodes. A SAW propagating within a thin surface layer, 
which has a lower acoustic velocity than that of the PE substrate, is called a Love wave and 
such devices are typically operated in the shear horizontal (SH) wave mode. Waves propa-
gating in a thin plate with a thickness much less than the acoustic wavelength are called 
a flexural plate or Lamb waves (Luginbuhl et al. 1997). This chapter reviews the progress 
related to the application of PE ZnO and AlN thin films in microfluidics and biosensors.

Acoustic	Wave	Biosensors

Most acoustic wave devices can be used as sensors because they are sensitive to mechani-
cal, chemical, or electrical perturbations on the surface of the device (Lucklum and 
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TABLE 8.1

Comparison of Different Acoustic Wave Microsensors

Name QCM Rayleigh	SAW SH-SAW FPW Love	Wave

Film	Bulk	
Acoustic	

Resonator	
(FBAR)

Mode Thickness 
shear bulk 

mode

Rayleigh wave Shear wave Lamb 
Wave

SH-SAW Bulk wave

Gas → → → → → →
Liquid →→ × →→ → →→ →
Normal 
frequency 

5–20 MHz 20–500 MHz kHz to 
lower MHz

>GHz

Sensitivity 
(cm2/g)

10–100 100–1000 10–500 100–1000 20–2000 1000–10,000

Example AT-cut 
quartz

ST-cut Quartz 
120°C LiNbO3

36YX LiTaO3 
ST-cut quartz 
ZX-LiNbO3

Si3N4/ZnO 
membrane

SiO2/
ST-Quartz, 

ZnO/LiTaO3

ZnO and 
AlN 

membrane
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Hauptmann, 2003; Grate et al., 2003). Acoustic wave sensors have the advantage that 
they are versatile, both sensitive and reliable, being able to detect not only mass/density 
changes but also viscosity, wave functions, elastic modulus, conductivity, and dielectric 
properties. They have many applications in the monitoring of pressure, moisture, tem-
perature, force, acceleration, shock, viscosity, flow, pH levels, ionic contaminants, odor, 
radiation, and electric fields (Shiokawa and Kondoh, 2004; Wohltjen et al., 1997). Recently, 
there has been an increasing interest in acoustic wave-based biosensors to detect traces of 
biomolecules through specific bioreactions with biomarkers. These include DNA, proteins 
(enzymes, antibodies, and receptors), cells and tissues (microorganisms, animal and plant 
cells, cancer cells, etc.), viruses, as well as the detection of chemical substances through 
specific chemical absorption layers (Cote et al., 2003; Kuznestsova and Coakley, 2007; Teles 
and Fonseca, 2003). By detecting the traces of associated molecules, it is possible to diag-
nose diseases and genetic disorders, prevent potential bioattachment, and monitor the 
spread of viruses and pandemics (Vellekoop, 1998; Shiokawa and Kondoh, 2004; Gizeli, 
1997). Compared with other common biosensing technologies, such as surface plasmon 
resonance (SPR), optical fibers, and sensors based on field effect transistors or cantilever-
based detectors, acoustic wave-based technologies have the combined advantages of sim-
ple operation, high sensitivity, small size, and low cost, with no need for bulky optical 
detection systems (Lange et al., 2008).

The commonly reported acoustic wave-based biosensor is QCM (see Figure 8.1a) (Markx, 
2003), which can be operated in a liquid environment using a thickness shear-mode. 
Advantages of QCM include (1) simplicity in design and (2) a high Q factor. Problems asso-
ciated with QCM biosensors include low detection resolution due to the low-operating 
frequency in the range of 5–20 MHz and a large base mass, a thick substrate (0.5–1 mm) 
and large surface area (>1 cm2) which cannot be easily scaled down.

Because the SAW-based biosensors have their acoustic energy confined within a region 
about one wavelength from the surface, the base mass of the active layer is roughly 1 order 
of magnitude smaller than that of the QCM. Therefore, the sensitivity of the SAW devices 
increases dramatically compared with that of the QCM (see Table 8.1). The longitudinal 
or Rayleigh mode SAW device (Figure 8.1b) has a substantial surface-normal displace-
ment that rapidly dissipates the acoustic wave energy into the liquid, leading to excessive 
damping, and hence poor sensitivity and noise. Waves in a SH-SAW device (Figure 8.1c) 
propagate in an SH mode and, therefore, do not easily radiate acoustic energy into the 
liquid (Barie and Rapp, 2001; Kovacs and Venema, 1992); hence, the device maintains a 
high sensitivity in liquids. Consequently, SH-SAW devices are particularly well suitable 
for biodetection, especially for “real-time” monitoring. In most cases, Love wave devices 
(Figure 8.1d) operate in the SH wave mode with the acoustic energy trapped within a 
thin waveguide layer (typically submicrometers). This enhances the detection sensitivity 
by more than 2 orders of magnitude when compared with a SAW device owing to their 
much reduced base-mass (Josse et al., 2001; Mchale, 2003). They are therefore frequently 
employed to perform biosensing in liquid conditions (Lindner, 2008; Kovacs et al., 1992; 
Jacoby and Vellekoop, 1997).

In a manner similar to a SAW device, Lamb wave devices (Figure 8.1e) on a membrane 
structure have been used for biosensing in liquid (Muralt et al., 2005). The wave velocity 
generated in the flexural plate wave (FPW) or Lamb wave is much smaller than those in 
liquids, which minimizes the dissipation of wave energy into the liquid. The detection 
mechanism is based on the relative change in magnitude induced by the perturbation on 
the membrane and not on the resonant frequency shift. Therefore, the sensitivity of these 
devices increases as the membrane thickness becomes thinner (Nguyen and White, 2000; 
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FIGURE 8.1
Illustration of different types of acoustic wave devices: (a) QCM; (b) Rayleigh wave SAW; (c) SH wave; 
(d) Lamb Wave; (e) Love mode wave; (f) membrane-based FBAR; (g) reflector based FBAR. (From Marx, K.A. 
Biomacromolecules, 4, 1099, 2003; Durdag, K., Sens. Rev., 28, 68–73, 2008; Nguyen, A.H., White, R.M. J. Micromech. 
Microeng., 2, 169–174, 2000. With permission.)
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Luginbuhl et al., 1998). The main drawback of the Lamb wave biosensor is that there is a 
practical limit on the minimum film thickness as the thin film becomes more fragile.

A newly emerged but promising acoustic wave device for high-sensitivity biodetection is 
the film bulk acoustic resonator (FBAR) device (Figure 8.1f). Similar to the QCM, an FBAR 
device consists of a submicrometer thick PE film membrane sandwiched between two 
metallic layer electrodes (Ruby, 2007). Owing to the much reduced thickness, the FBAR 
device operates at high frequencies, up to a few GHz (see Table 8.1).

The frequency shift Δf due to mass loading Δm of an acoustic wave device has been 
described by Buttry and Ward (1992).

 
∆

∆
f

mf

A
o=

2 2

ρ  
(8.1)

where A, ρ, μ, and fo are the area, density, shear modulus, and intrinsic resonant frequency, 
respectively. Because of the much-reduced base mass and high operation frequency, the 
attachment of a small target mass can cause a large frequency shift—typically a few MHz. 
This makes the signal easily detected using simple electronic circuitry. Figure 8.2 sum-
marizes the sensitivity range for different types of resonators according to their normal 
operational frequency ranges (Rey-Mermet et al., 2004). The advantages of the FBAR devices 
include (1) the ability to fabricate the device using standard complementary metal-oxide-
semiconductor (CMOS) processing and compatible materials allowing integration with 
CMOS control circuitry and (2) the significantly reduced size and sample volume. These fea-
tures together with the intrinsic high sensitivity make the FBAR technology ideal for highly 
sensitive real-time diagnostic biosensor arrays, which provide quantitative results at a com-
petitive cost. However, for the membrane-based FBAR design, the membrane fragility and 
the difficulty in its manufacture are significant issues that have yet to be fully addressed.

In addition to the membrane-based FBAR structure, there is another common FBAR 
structure that uses an acoustic mirror deposited between the PE layer and the substrate 
(see Figure 8.1g). The acoustic mirror is composed of many quarter-wavelength layers 
of alternating high and low acoustic impedance films. Because of the high impedance 
ratio of the acoustic mirror, the acoustic energy is only reflected and confined inside the 
top PE layer, thus maintaining an excellent resonant bandwidth. This design has a better 
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mechanical robustness and a simpler process control compared with the membrane-based 
structures. Also, cheap substrates, such as glass or plastics can be used, thus, the cost can 
be reduced. Table 8.1 compares the properties of the microsensors fabricated from differ-
ent acoustic wave devices.

Acoustic	Wave-Based	Microfluidics

Microfluidic (liquid samples and reagents) manipulation, mixing, and biochemical reac-
tion at the microscale are extremely difficult because of the low Reynolds number flow 
conditions (Nguyan and Wu, 2005). Acoustic wave technologies are particularly well 
suited to mixing and as a result are an attractive option for microfluidics applications (Luo 
et al., 2009). Taking the SAW device as one example, Rayleigh-based SAW waves have a 
longitudinal component that can be coupled with a medium in contact with the surface of 
the device. This coupling- or friction-driven effect can transport the media, for example, 
a solid slider on the surface during wave propagation as shown in Figure 8.3a, although 
the displacement of the traveling Rayleigh wave is only about 20 nm or less (Kuribayashi 
and Kurosawa, 2000). When liquid (either in bulk or droplet form) exists on the surface of 
a SAW device, the energy and momentum of the acoustic wave are coupled into the fluid 
with a Rayleigh angle, following Snell’s law of refraction (see Figure 8.3b) (Wixforth, 2004; 
Shiokawa et al., 1989). The Rayleigh angle, θ, is defined by 

 
θ = −sin 1 v

v
l

s  
(8.2)

where vl and vs are the velocities of the longitudinal wave in solid and liquid. The energy 
and the momentum of the longitudinal wave radiated into the liquid can be harnessed for 
liquid pumping and mixing. A net pressure gradient, P, forms in the direction of the prop-
agation of the acoustic wave and efficiently drives the liquid (Rotter et al., 1999), according 
to the relation:
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FIGURE 8.3
(a) Principle of SAW motor. (From Kuribayashi, M., and Kurosawa, M., Ultrasonics, 38, 15–19, 2000. With per-
mission.) (b) Interaction between propagating SAW and a liquid droplet causing acoustic streaming inside 
droplet.
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where ρo is the liquid density and Δρ is the slight density change due to the acoustic pres-
sure. The generated acoustic pressure can create significant acoustic streaming in a liq-
uid and result in liquid mixing, pumping, ejection and atomization (Newton et al., 1999) 
(see Figure 8.4, for examples). This pressure facilitates rapid liquid movement and also 
internal agitation that speed up biochemical reactions, minimize nonspecific biobinding, 
and accelerate hybridization reactions in protein and DNA analysis, which are commonly 
used in proteomics and genomics (Toegl et al., 2003; Wixforth et al., 2004). SAW-based liq-
uid pumps and mixers (Tseng et al., 2006; Sritharan et al., 2006), droplet positioning and 
manipulation (Sano et al., 1998), droplet ejection and atomization systems (Chono et al., 
2004; Murochi et al., 2007), and fluidic dispenser arrays (Strobl et al., 2004) have been pro-
posed and developed. They have distinct advantages: a simple device structure, no moving 
parts, electronic control, high speed, programmability, manufacturability, remote control, 
compactness, and high frequency response (Renaudin et al., 2006; Togle et al., 2004; Franke 
and Wixforth, 2008).

Selection	of	Bulk	Materials	or	Thin	Films

Acoustic wave devices can be used for both biosensing and microfluidics applications, 
which are two of the major components for lab-on-a-chip systems. Therefore, it is attrac-
tive to develop lab-on-chip biodetection platforms using acoustic wave devices because 

IDT (a) (b)

(c) (d)

FIGURE 8.4
SAW microfluidics based on a hydrophobically treated LiNbO3 device: (a) SAW streaming pattern; (b) droplet 
pumping; (c) droplet jumping from surface; (d) droplet ejection.
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this integrates the functions of microdroplet transportation, mixing, and biodetection. To 
date, most of the acoustic devices have been made from bulk PE materials, such as quartz 
(SiO2), lithium tantalate (LiTaO3), lithium niobate (LiNbO3), and sapphire (Al2O3). These 
bulk materials are expensive, and are less easily integrated with electronics for control 
and signal processing. PE thin films, such as PZT, ZnO, and AlN, have good PE properties, 
high electromechanical coupling coefficient, and high sensitivity and reliability (Pearton 
et al., 2005). They can be grown in thin film form on a variety of substrates, which include 
silicon, making these materials promising for integration with electronic circuitry, partic-
ularly for devices aimed for one-time use, low-price, and mass production (Muralt, 2008). 
It is suggested that this approach is likely to be the future of acoustic wave-based lab-on-
a-chip biosensing devices.

ZnO, AlN, and PZT are the three dominant PE thin film materials which can be inte-
grated into micro-electro-mechanical systems (MEMS) and microelectronics processers. 
Gallium arsenide (GaAs), silicon carbide (SiC), polyvinylidene fluoride (PVDF), and its 
copolymers are less common thin film PE materials (see Table 8.2). Among these, PZT has 
the highest PE constant and electromechanical coupling coefficient. However, for biosens-
ing applications, PZT films have disadvantages, such as higher acoustic wave attenuation, 
lower sound wave velocities, poor biocompatibility, and, worst of all, the requirement for 
extremely high temperature sintering and high electric field polarization that make them 
largely unsuitable for integration with electronics (see Table 8.2).

TABLE 8.2

Comparison of Common PE Materials

Materials ZnO AlN PZT Quartz
128°	Cut	
LiNbO3

36°	Cut	
LiTaO3 PVDF

Density (g/cm3) 5.61 3.3 7.8 2.64 4.64 7.45 1.79

Moulus (GPa) 110–140 300–350 61 71.7 225 0.16

Hardness 4–5 GPa 15 GPa 7–18 GPa Moh’s 7 Moh’s 5 
Knoop 

800–1000

70–110 
Knoop 

700–1200

Shore 
D75–85

Refractive index 1.9 to 2.0 1.96 2.40 1.46 2.29 2.18 1.42

Piezo-constant 
d33 (pC/N)

12 4.5, 6.4 289–380, 
117

2.3 (d11) 19–27  21  35

Coupling 
coefficient, k

0.15–0.33 0.17–0.5 0.49 0.0014 0.23 0.2 0.12–0.2

Effective 
coupling 
coefficient, k2 
(%)

1.5–1.7 3.1–8 20–35 8.8–16 2–11.3 0.66–0.77 2.9

Acoustic 
velocity by 
transverse 
(m/s)

6336 
(2650)

11050 
(6090)

4500 
(2200)

5960 
(3310)

3970 3230–3295 2600

Dielectric 
constant 

8.66 8.5–10 380 4.3 85 (29) 54 (43) 6–8

Coefficient of 
thermal 
expansion 
(CTE, ×10−6)

4 5.2 1.75 5.5 15 −16.5 42–75



PE	ZnO	and	AlN	Films	for	Microfluidic	and	Biosensing	Applications	 343

The Rayleigh wave phase velocity in AlN is much higher than that of ZnO, which indi-
cates that AlN is better for high frequency and high sensitivity applications (Lee et al., 
2004). AlN is a hard material with a bulk hardness similar to quartz and is also chemi-
cally stable to attack by atmospheric gases at temperatures less than 700°C. However, 
the deposition of AlN films and their texture control is more difficult compared with 
that for ZnO. ZnO shows a higher PE coupling than AlN, and it is much easier to con-
trol the film stoichiometry, texture, and other properties (Jagadish and Pearton, 2006). 
Zinc oxide is biosafe and, therefore, there are no toxic effects for biomedical applications 
that immobilize and modify biomolecules (Kumar and Shen, 2008). Other PE films are 
either too expensive, such as GaAs and SiC, or too weak in their PE effect, for example, 
PE-polymers (Chu et al., 2003; Muthukumar et al., 2001). This chapter will focus on the 
applications of ZnO- and AlN-based acoustic wave devices for microfluidics and biosens-
ing applications.

Requirement	for	ZnO	or	AlN	Films	for	Sensing	
and	Microfluidic	Applications

For the successful integration of ZnO or AlN films with acoustic wave biosensing and 
microfluidic applications, there are several basic film requirements/specifications that 
must be met. These properties include (Fu et al., 2010):

 (1) Microstructure considerations:
• Strong texture
• High crystal quality and low defects
• Uniformity in film microstructure and thickness
• Smooth surface and low roughness
• Good stoichiometry (Zn/O or Al/N ratio)

 (2) Good PE properties:
• High frequency and large acoustic velocity
• High electromechanical coupling coefficient, k2

• Low acoustic loss
• High quality factor, Q
• Good thermal or temperature stability (low thermal coefficient of frequency 

or velocity)
 (3) Fabrication requirements:

• Compatibility with MEMS or CMOS technology
• Easy deposition on different substrates and complex shapes
• High deposition rate
• Low cost and mass production
• Reproducibility/high yield
• Low film stress/good adhesion to substrates
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 (4) Microfluidics and biosensing:
• High sensitivity and selectivity
• Stability of performance
• High pumping/mixing efficiency
• Easy functionalization of surfaces for immobilization of antibodies
• Biocompatibility

The following sections will focus on the recent progress covering the above issues for 
both the ZnO and AlN films.

ZnO	Film

ZnO Film Deposition

Many different methods have been used to prepare ZnO films. These include the sol–gel 
process (Wang et al., 2006; Shinagawa et al., 2007; Kamalasanan and Chandra, 1996), molec-
ular beam deposition (Nakamura et al., 2000), chemical vapor deposition (CVD) (Smith et 
al., 2003; Minami et al., 1994), organometallic chemical vapor deposition (MOCVD) (Gorla 

et al., 1999; Zhang et al., 2004; Park et al., 2001), and sputtering (Maniv and Zangvil, 1978; 
Wu et al., 1998; Hachigo et al., 1994; Sundaram and Khan, 1997), molecular beam epitaxy 
(MBE) (Look et al., 2002; Chen et al., 1998), pulsed laser deposition (PLD) (Narayan et 
al., 1998; Liu et al., 2003), and filtered vacuum arc deposition (FCVA) (Wang et al., 2003; 
Goldsmith, 2006). The main advantage of MBE is its precise control over the deposition 
parameters and in situ diagnostic capabilities. For ZnO thin film deposition by MBE, Zn 
metal and O2 are usually used as the source materials, and the deposition is performed 
at a high temperature ranging from 800 to 1000°C. In the PLD method, high-power laser 
pulses are used to evaporate material from a target surface such that the stoichiometry of 
the material is preserved in the process. As a result, a supersonic jet of particles (plume) is 
directed normal to the target surface, and the ablated species condense on the substrate, 
which is located opposite to the target. The main advantages of PLD are its ability to create 
high-energy source particles, permitting high-quality film growth at potentially low sub-
strate temperatures (typically ranging from 200 to 800°C) in high ambient gas pressures in 

the 10−5 to 10−1 Torr range. CVD technology is also important for ZnO film growth because 
it not only gives rise to high-quality films but also is applicable to large-scale production. 
However, the high temperature is a potential issue for the CVD method, although plasma-
enhanced CVD (PECVD) and MOCVD do enable lower temperatures to be used. One of the 
most popular deposition techniques for the ZnO film is sputtering (DC sputtering, radio 
frequency, RF magnetron sputtering, and reactive sputtering). When compared with sol–
gel and chemical vapor deposition, magnetron sputtering is a preferred method because 
of its low cost, simplicity, and low operating temperature. ZnO films can be deposited at 
a controlled substrate temperature either by sputtering from a high-purity ZnO target or 
by sputtering a Zn target in an Ar and O2 gas mixture. Table 8.3 compares the different 
deposition methods for the ZnO films.

From an MEMS fabrication point of view, RF magnetron reactive sputtering is one of the 
best methods, with good reproducibility and compatibility with planar device fabrication 
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technology (Dang et al., 2007). In this section, we will focus on the texture and acoustic 
wave properties of sputtered ZnO films (Table 8.4).

The microstructure, texture, and PE properties of the sputtered ZnO films are normally 
affected by sputtering conditions such as plasma power, gas pressure, substrate, tempera-
ture, and film thickness. During sputtering, the energetic ion bombardment has signifi-
cant effects on the stoichiometry, size, shape and orientation of ZnO crystals, intrinsic 
stress, defects, electrical and optical properties, as well as the surface and cross-section 

TABLE 8.3

Comparison of Different Types of Deposition Methods

Sputtering
CVD	and	
MOCVD

Laser	
Ablation MBE Sol–Gel FCVA

Deposition 
rate

medium 
(a few nm/s)

Low (0.2 to a 
few nm/s)

Low (0.1 to 
0.4 nm/s)

Very low High High 
(0.2–15 nm/s

Compatibility 
with MEMS 
processing

Good OK Poor Poor Good Poor

Temperature 25 to 400°C 300 to 900°C 200 to 600°C 300 to 
800°C

25 to 
100°C

Below 400°C

Quality Good Good Good Excellent Poor Good
Cost Slightly cost Medium Medium High Cheap Medium
Deposition 
size

Large area Large area Small size Medium Large area Small size

TABLE 8.4

Summary of Velocity of ZnO Films on Different Substrates

Substrate	
Materials

Substrate	
Materials Structure

Lattice	
Difference	

(%) Velocity	(m/s)

Temperature	
Expansion	

Coefficient	(10−6	K−1)

ZnO ZnO HCP 2724 2.9 (4.751)
ZnO/Si Si (111) Cubic 41.3 2653 3
ZnO/Pt Pt (111) Cubic 1.8 2684 8.8
ZnO/Au Au (111) Cubic 2.5 14
ZnO/SiO2 Quartz 4200 13.2 (a)/7.1c
Sapphire Al2O3 (0001) HCP 31.8 4000–5750 7.3 (18.1)
ZnO/LiNbO3 LiNbO3 (0001) HCP 14.8 (4.1)
ZnO/sapphire sapphire (0001) HCP 31.8 8.4 (5.3)
ZnO/GaN GaN HCP 1.8 3.17
ZnO/AlN AlN HCP 4.1 4522, 5.3 (4.1)
ZnO/DLC DLC Amorphous 5000–7000
ZnO/
Nanocrystalline 
diamond

8500 1.18

ZnO/Diamond Diamond (111) Cubic 10,000–12,000 1.18
ZnO/AlN/
diamond

ZnO/AlN/
diamond

12,200

Note: Most data are from SAW devices; data are only used for comparison, as velocity is related to thickness, 
thus comparison of velocities is not meaningful unless film thickness is similar.
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morphologies. Figure 8.5 shows the cross-sectional SEM images of the ZnO film for dif-
ferent film thicknesses. Columnar grains of ZnO can be observed that are perpendicular 
to the surface. This is because ZnO crystals typically grow as long hexagonal rods along 
the c-axis, which results in columnar grain structures. c-Axis ZnO structures are the pre-
ferred structures for SAW devices used for microfluidics, as these normally require a wave 
displacement perpendicular to the surface. X-ray diffraction (XRD) spectra of the ZnO 
films of different thickness indicate that most of the films have a single peak at 34.2° which 
corresponds to the diffraction from the (002) plane of the ZnO. Atomic force microscopy 
(AFM) images of samples grown under different conditions are shown in Figure 8.6. The 
surface roughness values for these films are approximately of the order of tens of nano-
meters, indicating that the films are reasonably smooth. Both grain sizes and roughness 
increase with thickness. The sputtered ZnO films show significant compressive stress that 
is made up of both the intrinsic and thermal components and presents a major challenge 
to the SAW devices. The thermal stress is related to the difference between the deposi-
tion temperature and operational temperature of the devices. However, the main cause of 
internal stress in ZnO film is compressive and is significantly greater than the thermal stress 
with typical values of 1 GPa. This internal compressive stress is a consequence of the high-
energy ion bombardment on the film surface, which can be decreased significantly with 
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FIGURE 8.5
SEM images of cross section of ZnO films of different thickness. (a) 0.27 μm; (b) 1.2 μm; (c) 5.2 μm; and (d) 6.6 μm. 
(From Du, X.Y., PhD thesis, University of Cambridge, 2008. With permission.)
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post-deposition annealing that reduces the number of defects by providing the thermal acti-
vation energy required for the defects states to move to a lower-energy crystalline phase.

The effects of the processing parameters, such as the sputtering gas pressure, RF power, 
total flux density, bias voltage, and substrate temperature, have been successfully described 
using modified Thornton models (Kluth et al., 2003). Figure 8.7a and b shows two examples 
of the modified Thornton zone model using a total energy flux density, EΦ, instead of the 
commonly used gas pressure (Kluth et al., 2003; Tvarozek et al., 2007). The total energy flux 
density EΦ (W/m2) can be expressed by the parameters of RF power, deposition rate, volt-
age on target, gas pressure, and substrate bias voltages. The ratio of the total energy flux 
density EΦ and its minimum value EΦmin, specified by the sputtering mode and the geo-
metrical arrangement of the sputtering ZnO, can clearly describe the effects of RF power, 
gas pressure, and substrate voltages (see Figure 8.7a).

Several general conclusions about the effects of sputtering parameters on the growth of 
ZnO thin films are summarized as follows:

 (1) Higher plasma or bias powers result in a higher deposition rate because the depos-
ited particles have higher kinetic energies. However, the film surface roughness 
can increase significantly at a higher power, due to ion bombardment.

 (2) Low gas pressure generally results in a dense and fine grain film. Higher gas pres-
sure can result in porous, columnar films with rough surfaces (Zhu et al., 2000).

 (3) The O2/Ar ratio is a critical parameter, and a sufficient oxygen partial pressure is 
needed to maintain the stoichiometry of the ZnO films.
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FIGURE 8.6
AFM images of surface morphologies for different thicknesses. (From Du, X.Y., PhD thesis, University of 
Cambridge, 2008. With permission.)
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mission.) (b) Modified Thornton model describes correlation between sputter parameters (sputter pressure and 
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substrates. (Kluth et al., Thin Solid Films, 442, 80, 2003. With permission.)
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 (4) ZnO thin films can be deposited at low temperature (<200°C), which is compat-
ible with post-processing on CMOS circuitry. However, high-temperature deposi-
tion enhances the atom mobility, decreases the defects, promotes film adhesion to 
the substrate, improves film texture, quality, and increases grain size, resulting in 
compact and dense film structure.

 (5) The sputtered film normally exhibits a good PE effect. Thus, post-deposition pol-
ing to obtain a good PE effect can be unnecessary.

Film Texture

The film texture of the ZnO film is crucial for the PE and acoustic wave properties of the 
acoustic devices with the substrate having significant influence on nucleation, growth, 
texture, acoustic wave velocity/frequency, and electromechanical coupling coefficient of 
the ZnO acoustic wave devices.

Self-Texture and Wave Mode

ZnO normally crystallizes in a hexagonal or wurtzite type crystalline structure (Özgür 
et al., 2005) (see Figure 8.8), which is dominated by three crystal planes: (0001), (1010), and 
(1120), with surface energy density of 0.099, 0.123, and 0.209 eV/Å2, respectively (Fujimura et 
al., 1993). The (0001) plane has the lowest surface-free energy. Therefore, under equilibrium, 
if there is no epitaxy between the film and substrate, or without any external energy source, 
the films exhibit self-texture and grow along the (0001) orientation on both crystalline and 
amorphous substrates (Koch et al., 1997). However, as the film thickness increases, other 
orientation peaks may appear and become stronger (Lee et al., 1998). Excess Zn during film 
growth can cause the deterioration of the ZnO film crystallinity (Chiu and Liu, 2003). The 
O2/Ar gas ratio and gas pressure also have significant effects on the film stress and texture.

ZnO SAW devices with a (0001) film texture can be used for sensing in air or gaseous 
environments. However, many biosensors need to detect chemical reactions in a liquid 

(0001)

Zinc

(1010)

(1120)

Oxygen

FIGURE 8.8
ZnO crystalline structure–Wurtzite structure with directions of (0001), (1120), and (1010) indicated. Lattice con-
stants are a = 3.25 Å and c = 5.2 Å (http://upload.wikimedia.org/wikipedia/commons/8/8e/Wurtzite_poly 
hedra.png).
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environment. For biosensing in liquids, it is necessary to generate an SH mode wave, where 
the wave displacement is within the plane of the crystal surface (Kadoka and Miura, 2002; 
Yanagitani et al., 2005). For the generation of such a SH wave, other film textures such as 
(1120) and (1010) are necessary (Yanagitani et al., 2004). Theoretical predictions indicate 
that (1) (002), (004) oriented ZnO films generate a pure longitudinal mode; (2) (100), (110), 
(200), (211), (300), and (220) oriented films a pure shear mode wave; (3) (101), (102), (103), 
(112), (201) oriented films a combination of longitudinal and shear mode waves (Wu et al., 
2008).

Interlayer or Buffer Layer

An amorphous ZnO intermediate layer is normally formed before the growth of the crys-
talline ZnO layer on substrates, such as Ni, Cu, Si, Ti, Ni and glass, and this layer is about 
10- to 50-nm thick depending on the type of substrates (Koch et al., 1997; Yoshino et al., 
2000). Self-textured (0001) ZnO films slowly grow on this amorphous layer, which is prob-
ably the reason why the ZnO films deposited on Ni, Cu, and Cr substrates show poor 
texture. No such amorphous interlayer has been observed on Au, Ru, Pt, Al, and sapphire 
substrates (Kim et al., 2006; Matsuda et al., 2008), and the ZnO films deposited on these 
substrates show good (0001) orientation. Buffer layers are frequently used to enhance the 
film crystalline quality and texture, as reported for AlN, MgO, Al2O3, GaN, DLC, SiO2, and 
so on (see Table 8.5) (Lee et al., 2004; Yoshino, 2009; Jung et al., 2004), and these buffer layers 
can also be used to promote the epitaxial growth of ZnO films.

Epitaxial Growth

Epitaxial growth on different substrates can lead to dissimilar ZnO orientations. The 
growth of ZnO can be attributed to the competition between the lowest surface free energy 

TABLE 8.5

Summary of Velocity of AlN Films on Different Substrates

Substrate	
Materials

Substrate	
Materials Structure

Lattice	
Difference	

(%) Velocity	(m/s)
Temperature	Expansion	

Coefficient	(10−6	K−1)

AlN/Si Si (111) Cubic 5000–5050 3
AlN/Al Al (001) Cubic 23.15 23.1
AlN/Pt Pt (110) Cubic 3 8.8
AlN/Au Au (111) Cubic 14
AlN/W W (110) 
AlN/Mo 0.87 4.8
AlN/SiO2 Quartz 13.2/7.1
AlN/Sapphire Al2O3 (0001) HCP 6000 8.4 (5.3)
AlN/LiNbO3 LiNbO3 (0001) HCP 7.3 (18.1)

AlN/SiC SiC (0001) HCP 31.8 6500–7500
AlN/GaN GaN HCP
AlN/ZnO ZnO (001) HCP 4.1 2.9 (4.751)
AlN/DLC DLC Amorphous
AlN/Diamond Diamond (111) Cubic 10,000–12,000 1.18
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(0001) of ZnO and the closest lattice mismatch between the ZnO growth plane and the 
substrate plane (see Table 8.4) (Jo and Koo, 2009). However, this significantly depends 
on the deposition methods and substrate materials. MBE, PLD, MOCVD, and sputtering 
have frequently been used to grow the ZnO epitaxial films (Peruzzi et al., 2004; Triboulet 

and Perriere, 2003), whereas the common substrates for epitaxial growth of the ZnO film 
include quartz, sapphire, LiNbO3, SrTiO3, diamond, and MgO.

Oxygen Ion Bombardment

During ZnO sputtering, a directional oxygen ion beam, placed at an angle toward the 
substrate surface, plays an important role in changing the ZnO film texture from (0001) 
into (1010) or (1120) because of an ion channeling effect (Yanagitani and Kiuchi, 2007). The 
ZnO films with these two textures can excite a shear acoustic wave without a longitudinal 
wave (Mitsuyu et al., 1980). A prerequisite for the significant oxygen ion bombardment 
effect is a low gas pressure which contributes to a longer mean free path for the oxygen 
ion bombarding the film surface. ZnO films at different positions on the substrate under 
plasma also show different crystal orientations (see Figure 8.9) (Petrov et al., 1984), which 
can simply be explained by the oxygen ion bombardment angle under the target.

In summary, a (0001) film texture is relatively easy to obtain for sputtered ZnO films. To 
obtain other types of film texture, the following methods can be employed: 

 (1) Epitaxial growth on a specific substrate using a suitable deposition method
 (2) Control of the sample position under the plasma (Miyamoto et al., 2006)
 (3) Use of an additional anode near the substrate, which can have an apparent orien-

tating effect on the growing films (Wang and Lakin, 1983)
 (4) Substrate tilting with a set angle to create an oblique incidence of the particles on 

the growing film
 (5) Use of an external oxygen ion source and control the oxygen ion bombardment 

during film growth
 (6) Use of a shutter which can be positioned between the target and substrate to only 

allow oblique particles to be incident on substrate surface (Link et al., 2006)
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FIGURE 8.9
SEM cross-section morphologies of inclined ZnO films deposited using magnetron sputtering method.
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PE Properties of Sputtered ZnO Films

Substrate Effect

The acoustic velocity of a ZnO film significantly depends on the substrates used for growth, 
with substrates with a large acoustic velocity, resulting in a large acoustic velocity in the 
film. Therefore, by selecting a substrate with a high acoustic velocity, the wave velocity in 
the ZnO SAW devices can be increased accordingly. For example, the acoustic velocity of 
bulk ZnO is 2724 m/s, increasing to 4522 m/s for ZnO/AlN and reaching up to 12,200 m/s 
for a ZnO/AlN/diamond substrate (Lamara et al., 2004; Hakiki et al., 2007). Table 8.4 sum-
marizes the acoustic velocities of the ZnO films on different substrates. Among them, AlN, 
DLC, nanodiamond films, and diamond are regarded as the best substrate materials to 
provide a dramatic increase in acoustic wave velocities associated with ZnO films (Mortet 
et al., 2008; Lim et al., 2001; Lamara et al., 2004). As discussed before, the increase in reso-
nant frequency is beneficial for the sensitivity of the acoustic wave sensors.

Film Thickness Effect

The acoustic velocity depends significantly on the ZnO film thickness for both ZnO-based 
SAW and FBAR devices and is discussed in more detail below.

 (1) ZnO SAW devices
  The ZnO film thickness effect for a ZnO/Si SAW device can be summarized as 

follows (Auld, 1973; Du et al., 2008): 
(a) For a SAW device made on a very thin ZnO film (less than a few hundreds of 

nanometers), the acoustic wave can penetrate much deeper into the substrate 
as the thin film thickness is normally much less than one wavelength. In this 
case, the energy of a SAW device is largely dissipated in the substrate where 
the wave predominantly propagates. Thus, the wave velocity of the SAW 
approaches the Rayleigh velocity of the substrate material, as shown in Figure 
8.10a.

(b) When the ZnO film thickness is increased, the acoustic velocity gradually 
changes to that of ZnO film (about 2724 m/s). Therefore, by varying the thick-
ness of the ZnO film, the phase velocity of the acoustic wave can vary between 
the acoustic velocities of the surface PE layer and the substrate material. 
However, there is normally a cutoff thickness, below which no wave mode can 
be detected, because of the low electromechanical coupling coefficient for a 
very thin ZnO film.

(c) A Rayleigh-type wave (called the fundamental mode) can be generated when 
the film is thin. With increasing film thickness, a higher-order acoustic wave 
mode known as the Sezawa wave can be obtained. A Sezawa mode is realized 
from a layered structure in which the substrate has a higher acoustic velocity 
than the overlying film (Armstrong and Crampm, 1973). This wave exhibits 
a larger phase velocity (higher resonant frequency) than the Rayleigh wave 
for a fixed thickness (see Figure 8.11) and is thus desirable for high-frequency 
applications (Takagaki et al., 2000; Talbi et al., 2004). In a similar manner to that 
of Rayleigh wave, the resonant frequency and the phase velocity of the Sezawa 
wave decrease with film thickness.
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(d) For the ZnO/Si SAW devices, the metallization ratio (ratio of thickness of metal 
and ZnO film) of the IDTs affects the generation of the guided mode and its 
harmonics. For example, if the metallization ratio changes from 0.5 to 0.4 (or 
to 0.7) in the ZnO/Si devices, many higher-order odd harmonic waves, such as 
the 3rd or 5th Rayleigh mode harmonic, or 3rd Sezawa mode harmonic can be 
realized together with the fundamental one (Brizoual et al., 2006, 2008). These 
higher mode harmonic waves can reach frequencies of a few GHz using con-
ventional photolithography that potentially makes it unnecessary to use high 
acoustic velocity substrate materials (such as diamond) or advanced lithogra-
phy processes (such as e-beam or deep-UV lithography) to make IDTs with 
submicron arm widths.
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 (2) ZnO FBAR devices
  For ZnO FBAR devices, the resonant frequency depends on (1) the thickness 

and material type of the electrode; (2) the thickness ratio of the PE and electrode 
layers; (3) the material and thickness of the interlayer or buffer layer (Pham et al., 
2008). With the decrease in ZnO film thickness the frequency generally increases 
significantly, with an example shown in Figure 8.10b (Yan et al., 2007; Tay et al., 
2004). However, there is a practical minimum thickness limitation for the ZnO 
film. If the film is too thin, the frequency changes dramatically with variation 
in thickness which makes it more difficult to manufacture devices with a set 
specification.

Other Factors

For ZnO acoustic wave devices, the most frequently used electrode material is aluminum. 
However, the lifetime of the Al electrode in aqueous media is limited because of signifi-
cant corrosion effects. The other common electrode materials include Au, Ni, W, Cu. The 
electromechanical coupling coefficient (k2) of the ZnO/substrate acoustic wave devices 
depends on (Ntagwirumugra et al., 2007): (1) wave propagation mode, fundamentals, and 
their harmonics; (2) the normalized thickness of ZnO film; (3) film texture; (4) film thick-
ness; (5) the nature and dimension of the electrodes; and (6) the substrate materials. For 
example, the relationship between the ZnO thickness ratio and the kt

2 (for FBAR device) 
is shown in Figure 8.12 (Takeuchi et al., 2002). Using a resonant (  fr) and an anti-resonant 
frequency (  fa) the kt

2 is approximately given by: 

 k f f ft a r a/2 2(%) ( )= −  (8.4)

An increase in the kt
2  is observed with an increase in the ZnO thickness ratio. In the case 

where the ZnO thickness ratio is larger than 70%, kt
2 becomes a constant at 3.4%, which is 

38% of the bulk ZnO effective coupling coefficient.
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The temperature coefficient of frequency (TCF) is an important parameter for ZnO FBAR 
and SAW applications for biosensors. There are different strategies to minimize the TCF or 
compensate for the temperature effect associated with ZnO-based devices. The common 
method is to combine a material with a positive (or negative) TCF value, with another one 
with a negative (or positive) TCF. A ZnO film has a negative TCF value; thus, an easy way 
to reduce the TCF is to use a substrate or interlayer with a positive TCF value, such as SiO2 
or quartz (Yoshino et al., 2002).

MEMS Processing of ZnO Films

ZnO films normally have excellent bonding to a range of substrate materials. However, 
caution is required for MEMS processing of ZnO films because they are quite reactive and 
sensitive to high temperature, as well as acids or water (Xu et al., 2003). In fact, ZnO will 
dissolve in deionized water with a solubility of about 2 mg/l (Zhou et al., 2006). Hence, 
any rinsing of ZnO films using DI water should be minimized. Acetone can be used for 
cleaning the samples, but Pirana, or other strong cleaning solutions, should be avoided. 
In addition, ZnO is easily hydrolyzed upon exposure to air. For MEMS processing with 
ZnO, it is necessary to pre-bake the film, remove the moisture, and improve the adhesion 
of photoresist. However, high temperature post-baking or annealing above 400°C should 
be avoided because ZnO recrystallization may occur and deteriorate the film.

Photoresist adheres well to clean and dry ZnO films, with adhesion being improved by 
(1) pre-baking; (2) coating with other materials, such as SiO2; and (3) using an adhesion pro-
moter. ZnO is soluble in most acids, and although etchants, such as HCl, H3PO4, HF, HNO3, 
alkalis, ammonium chloride, and NH4Cl + NH4OH + H2O, can be used for removing ZnO, 
the etch profile is typically difficult to control. Recommended ZnO film etching solutions 
also include (Zheng et al., 2007): (1) H3PO4 + HAc + H2O (1:1:50); (2) FeCl3 + 6H2O.

ZnO can be plasma etched using many gases, including oxygen. For dry etching of ZnO 
films with a photoresist mask, there are two types of gas systems which have been fre-
quently used: (1) a hydrogen-based gas, such as CH4/H2/Ar, that can help with obtaining 
an anisotropic etch profile; (2) chlorine-based gases, such as Cl2/Ar, BCl3/Ar and BCl3/Cl2/
Ar plasma, but they are toxic (Pearton et al., 2004). A new plasma etching method using a 
remote Ar/H2 plasma has been reported in which the hydrogen ions contribute to efficient 
and fast etching (Groenen et al., 2005). Inductively coupled plasma reactive ion etching has 
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also been used to anisotropically etch ZnO films using HBr/Ar plasma with photoresist 
as the etch mask (Min et al., 2008). The etching of ZnO films in the HBr/Ar gas mixture is 
controlled by chemically assisted sputter etching.

For microfluidic applications, ZnO has the useful property that it is hydrophilic with 
a contact angle typically ranging from 50° to about 80° (see Figure 8.13a), with the value 
depending on the surface conditions and light exposure (Kenanakis et al., 2008). Ultraviolet 
irradiation of ZnO films results in a superhydrophilic surface (Sun et al., 2001). For efficient 
droplet pumping, a hydrophobic surface is normally needed, and methods for improving 
the hydrophobic properties of the ZnO films include (Hu et al., 2007; Badre et al., 2007; Mei 
et al., 2003): (1) spin coating PTFE (Teflon), (2) a monolayer of octadecyl thiol (ODT), (3) 
a monolayer of octadecylesilane (ODS, 97% Aldrich), and (4) an octadecyltrichrorosilane 
(OTS) self-assembled monolayer. After such treatment, the contact angle can be as high as 
100° to 120° (see Figure 8.13b).

Functionalization of ZnO Surface for Biosensing

A critical issue in developing a high-performance biosensor is to determine a simple and 
reliable process for the functionalization of the ZnO surface through a covalent method 
to form a robust immobilization of appropriate probe molecules. Normally, Au is prede-
posited on the ZnO surface, and a cystamine surface atomic monolayer (SAM) forms on 
the Au surface to which antibodies are to be attached. Currently, little work has been per-
formed on the direct surface functionalization of the ZnO films. Initial studies for immo-
bilization of antibodies on the ZnO film surface have been realized using (Corso et al., 
2008; Krishnamoorthy, 2006) (1) amine-terminated silane, 3-aminopropltryiethoxysilane, 
and glutaraldehyde as the secondary crosslinker to bind a protein; (2) 3-mercaptopropyl-
trimethoxysilane in dry toluene; or (3) trimethoxysilane in dry toluene to immobilize the 
antibody. Although Au is not recognized as a good CMOS-compatible material that can be 
fully integrated into the fabrication process, the direct immobilzation on the ZnO film has 
its advantages in biosensing applications.

AlN	Films

Currently, there is a concern that ZnO film is very reactive and unstable even in air or 
moisture. Therefore, the stability and reliability is potentially a major problem. Compared 
with ZnO, AlN shows a slightly lower PE coupling. The Rayleigh wave phase velocity in 
AlN is much higher than that in ZnO, which suggests that AlN is better for high-frequency 

(a) (b)

FIGURE 8.13
Contact angle of (a) untreated and (b) Teflon-treated ZnO film.
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and high-sensitivity applications (Lee et al., 2004). AlN has a very large volume resistiv-
ity and is a hard material with a bulk hardness similar to quartz. Pure AlN is chemically 
stable with atmospheric gases at temperatures less than about 700°C. The combination of 
these physical and chemical properties is consequently promising in practical applications 
of AlN both in bulk and thin film forms. Using AlN could lead to the development of 
acoustic devices operating at higher frequencies, with improved sensitivity and perfor-
mance (insertion loss and resistance) in harsh environments (Wingqvist et al., 2007). AlN 
thin films have other good properties, such as high thermal conductivity, good electrical 
isolation, a wide band gap (6.2 eV), and a thermal expansion coefficient, similar to that of 
GaAs. Therefore, AlN thin films have been applied not only to surface passivation of semi-
conductors and insulators but also to optical devices in the ultraviolet spectral region and 
acousto-optic devices.

The AlN crystal belongs to a hexagonal class (see Figure 8.14) or a distorted tetrahe-
dron, with each Al atom surrounded by four N atoms (Chiu et al., 2007). The four Al–N 
bonds can be categorized into two types: three are equivalent Al–N(x) (x = 1, 2, 3) bonds, 
B1, and one is a unique Al–N0 bond, B2, in the c-axis direction or the (002) orientation. 
Because B2 is more ionic, it has a lower bonding energy than the other bonds. The highest 
value of kt

2 and the PE stress constant are in the c-axis direction. Hence, when an acoustic 
wave device is excited in the film thickness direction, the AlN film will grow with c-axis 
orientation in the direction of film growth (normal to the bottom electrode) and enhance 
piezoelectricity.

AlN Film Deposition

AlN film can be deposited using CVD or PECVD (Sanchez et al., 2008), PLD (Tabbal et 
al., 2001; Tanosch et al., 2006; Ishihara et al., 2000; Liu et al., 2003), MBE (Kern et al., 1998), 
sputtering (Mortet et al., 2003, 2004; Auger et al., 2004; Clement et al., 2003), and FCVA 
(Ji et al., 2004). Of these technologies, MBE can grow a single-crystal epitaxial AlN film 
but with limitations that include low growth rate, expensive instrument setup, and a high 
process  temperature. CVD, including MOCVD and PECVD, can be used to grow high-
quality crystalline AlN films, but its high process temperature (about 500 to 1000°C) 
may be inappropriate for CMOS-compatible processes. Reactive sputtering methods can 
deposit a good crystalline AlN thin film at a relatively low temperature (between 25°C and 
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FIGURE 8.14
(a) Hexagonal structure of AlN and (b) tetrahedral structure, with one Al atom surrounded by four N atoms. 
(From Chiu et al., Appl. Phys. Lett., 93, 163106, 2007. With permission.)
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500°C), and these sputtered films normally show good epitaxial film structure (Ishihara et 
al., 2004; Engelmark et al., 2000). From an MEMS fabrication point of view, RF magnetron 
reactive sputtering is one of the best methods, with good reproducibility and compatibility 
with planar device fabrication technology. In this section, we will focus on the texture and 
acoustic wave properties of the sputtered AlN films.

Cheung and Ong (2004) have systematically studied the effect of substrate temperature, 
RF power, and substrate materials for the formation of a broad range of amorphous, poly-
crystalline, and epitaxial AlN films. The growth dynamic or surface kinetic roughening 
of AlN films grown on Si (100) substrates by sputtering has been thoroughly studied, and 
a two-stage growth regime has been identified (Auger et al., 2005). In the first step, the 
growth dynamic is unstable with significant sticking probabilities of the impinging parti-
cles. The films have a mixture of well-textured and randomly oriented crystals. In the sec-
ond regime, the films are homogeneous and well textured, and the growth is dominated 
by the shadowing effect induced by the bombardment of impinging particles (Auger et al., 
2005). Based on this, a two-step deposition technique has been proposed to increase film 
texture and reduce film stress by changing either gas pressure or plasma power during 
deposition (Cherng et al., 2008, 2009). For example, the first stage can be a low-power, high-
temperature deposition that provides high mobility to the surface atoms. The second stage 
might be a high-power deposition at lower temperatures characterized by high deposition 
rates and low residual stress.

For film growth, conditions are more critical for the AlN films than those for ZnO films. 
Growing a thick AlN film is rather critical because of its tendency to present microcrack-
ing. Oxygen and argon could have significant influences for AlN film growth during sput-
tering and contamination due to residual oxygen or water can seriously interfere with 
the formation of the AlN film structure. Growth rate of the AlN film will decrease with 
increasing oxygen in the sputtering gas and their predominant polarity also changes from 
Al polarity to N polarity with increases in the oxygen concentration (Cherng et al., 2008; 
Vergara et al., 2004). Increased oxygen concentration in sputtering gas also increases Al–O 
bonding, as the bonding energy of Al–O (511 kJ/mol) is higher than that of Al–N (230 kcal/
mol) (Akiyama et al., 2008), which is important as oxygen concentration significantly influ-
ences the PE response of AlN films.

AlN Film Texture and Substrate Effect

Films with strong crystallinity can have good PE coefficients, high electromechanical cou-
pling, and acoustic velocities approaching those of the single crystal AlN. The sputtering 
process parameters significantly affect the orientation of the deposited AlN films. Okano 
et al. (1992) identified that the c-axis orientation increases as the N2 concentration in the 
mixture of Ar and N2 decreases, whereas Naik et al. (1999) showed that the c-axis orienta-
tion increases as the sputtering pressure is reduced. AlN films have been reported to show 
preferred (002) growth orientation on silicon, quartz, glass, LiNbO3 (Caliendo et al., 2003; 
Lee et al., 2004), GaAs (Cheng et al., 1998), GaN/Sapphire (Kao et al., 2008; Xu et al., 2006), 
SiC (Takagaki et al., 2002), and ZnO layer (Lim et al., 2001).

Commonly used electrode materials for AlN SAW devices include Mo, Ti, Al, Au, Pt, Ni, 
and TiN. Al and Mo have low resistivity and high Q factors, with Mo being one of the most 
widely reported electrodes in the AlN film-based acoustic devices (Akiyama et al., 2005; 
Huang et al., 2004, 2005; Lee et al., 2003; Okamoto et al., 2008; Cherng et al., 2004). Ag, Al, 
Co, Cr, Cu Fe, Nb, Ni, Zn, and Zr have also been reported as electrodes for the AlN-based 
acoustic wave devices (Lee et al., 2004; Akiyama et al., 2004). For the AlN FBAR device, the 
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bottom metal layer significantly affects the texture of AlN films and, hence, its electro-
acoustic properties. AlN films deposited on the materials with fcc lattice structure show a 
high c-axis orientation, especially for Au and Pt (Tay et al., 2005). Ti has a hexagonal struc-
ture similar to that of AlN (Lee et al., 2004; Chou et al., 2006). W has a low acoustic attenua-
tion, small mismatch in the coefficient of thermal expansion and high acoustic impedance 
with AlN, and is thus a good electrode material for AlN devices. Ni was often chosen 
because of its good surface smoothness, but the AlN film texture on Ni is not as good as 
that on the other fcc metals. Tantalum (Hirata et al., 2005) and iridium (Clement et al., 2009) 
have also been reported to be used as electrodes for AlN film growth. The thickness ratio 
of AlN and top electrodes has been reported to have a significant influence on PE effect of 
AlN films (Akiyama et al., 2004; Huang et al., 2005).

Sputtered AlN films normally show a (002) film texture, which results in longitudinal 
(or Rayleigh) wave modes and is therefore good for sensing in air or gas. However, as 
explained before, if liquid exists on the sensing surface, excessive damping and attenua-
tion of the propagating wave occurs when the longitudinal mode couples into the liquid. 
This problem can be solved by generating a SH-SAW, which propagates on a piezo-material 
by an in-plane SH motion (Wingqvist et al., 2007), and dramatically reduces SAW coupling 
into a liquid medium (Mchale, 2003). However, the commonly observed (002) texture in 
the sputtered AlN films is unsuitable for generating SH-SAWs. Besides this, using a pure 
shear wave is not efficient in driving liquid droplets forward. A good approach to solving 
the problem is to develop AlN films in which the c-axis is inclined relative to the surface 
normal, thus allowing both longitudinal and shear wave modes to be generated (Webber, 
2006). These two modes will have different frequencies and, thus, can be individually con-
trolled for either pumping or sensing purposes. To the best of our knowledge, there are no 
reports of the application of both the functions (microfluidics and biosensing) on a c-axis 
inclined AlN-based SAW device in liquid conditions. The techniques for the deposition 
of the inclined AlN film include (1) using a tilted substrate (up to 45°) with a controlled 
position under the sputter-target; (2) using a high-energy nitrogen ion beam aimed at the 
desired angle with respect to the substrate surface normal (Yanagitani and Kiuchi, 2007). 
Obtaining the inclined AlN films strongly depends on the sputtering pressure, tempera-
ture, and the oblique incidence of particles (Yang et al., 2009). c-Axis–inclined AlN films 
have been deposited on silicon substrate and diamond substrate (Fardeheb-Mammeri et 
al., 2008).

During sputtering, the particle bombardment could induce large film stress (Iborra et 
al., 2004). Films with large compressive stress can cause buckling-induced delamination in 
the deposited films and fracture in the released devices. In Ar/N2-based deposition system 
for AlN film deposition, the energy of Ar ions colliding with the substrate controls the 
preferred orientation of the AlN films; moreover, directionality and the energy of the ions 
determine the residual stress levels. The energy of the Ar bombardment can be adjusted by 
the substrate bias voltage during sputter deposition. Thermal annealing is a good method 
for posttreatment to reduce film stress and improve coating quality (Hung and Chung, 
2009).

PE Properties of Sputtered AlN Films

There are two key issues for the PE properties of the AlN acoustic wave device: the elec-
tromechanical coupling coefficient and the quality factor Q. The quality of the AlN film, 
such as film texture and stress, strongly affects the resonant frequency. For the AlN-based 
acoustic wave device, parameters of Q factor, resonant frequency, and effective coupling 



360	 Biological	and	Biomedical	Coatings	Handbook:	Applications

constant are determined by AlN film quality, the electrode material quality, and electrode 
thickness, as well as film roughness (Lee et al., 2002). The use of high impedance elec-
trodes, such as W or Mo, is effective in obtaining a high effective coupling coefficient.

AlN films have also been deposited on 128° LiNbO3 substrate to enhance the SAW veloc-
ity and improve the temperature stability, that is, decrease the TCF (Kao et al., 2003; Wu et 
al., 2001, 2002). The acoustic velocity in a AlN/Si SAW device also depends on the orienta-
tion of the Si substrate; it is about 4700 m/s for Si (111) and 5100 m/s for Si (100) (Clement, 
2003). In a similar manner to that for ZnO films, as the AlN film thickness decreases, the 
fundamental resonant frequency decreases, as can be observed from Figure 8.15a. Figure 
8.15b shows the effective coupling coefficient as a function of the thickness ratio of elec-
trode layer to PE layer for AlN thin film resonators (Chen and Wang, 2005). For an AlN 
thin film resonator, an increase in the electrode layer thickness initially increases keff

2  and 
reaches a maximum value near the thickness ratios of 0.03 and 0.12 for gold and aluminum 
electrodes, respectively. This increase in the effective coupling coefficient can be attributed 
to the improved match in the distribution of acoustic standing wave to the linear distribu-
tion of applied electric potential (Chen and Wang, 2005). With further increases in elec-
trode thickness, keff

2  begins to drop since more of the resonator volume becomes occupied 
by non-PE electrode material (Chen and Wang, 2005). The use of a thin layer of gold for the 
electrode (which has higher acoustic impedance than Al) has a significant effect on keff

2 . For 
the c-axis–inclined AlN films, the inclined angle can have a dramatic effect on the acoustic 
velocity and coupling coefficient for both the Rayleigh wave and shear wave as shown in 
Figure 8.16 (Chen and Wang, 2005).

Recently, there has been a lot of research work on the deposition of AlN on diamond to 
create SAW devices (Mortet et al., 2003; Kirsch et al., 2006; Le Brizoual et al., 2007; Paci et 
al., 2007; Elmazria et al., 2007; El Hakiki et al., 2007; Wu et al., 2009; Elmazria et al., 2003; 
Shih et al., 2009; Iriarte et al., 2003; Benedic et al., 2008; Lin et al., 2009). The drive for this 
is that much higher phase velocities can be achieved from 6 to 16 km/s (Wu et al., 2008). 
The phase velocity dispersion curves of the first five Rayleigh SAW modes of propagation 
in the IDT/(002) AlN/(111) diamond structure are shown in Figure 8.17, and the curves 
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are plotted as a function of the film thickness ratio h/λ. The phase velocity of each mode 
decreases as the film thickness ratio increases. For mode 0, the value of phase velocity is 
determined by the SAW velocity of (111) diamond, that is, 10.9 km/s at h/λ = 0. As the film 
thickness ratio h/λ increases, the phase velocity curve rapidly decreases. At h/λ = 3, the 
velocity of the (002) AlN/diamond is about 5.4 km/s. It can be observed that the harmonic 
peaks of modes 1, 2, 3, and 4 cutoff at the critical point where the phase velocity is equal 
to the shear bulk wave velocity in (111) diamond 12.3 km/s. For example, cutoff of mode 1 
occurs at h/λ = 0.172, mode 2 at h/λ = 0.295, mode 3 at h/λ = 0.594, and mode 4 at h/λ= 0.693 
(Wu et al., 2008).
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MEMS Processing of AlN Films

There are several reports on surface micromachining AlN (Hara et al., 2005). Germanium 
can be used as the sacrificial layer for the AlN films, instead of common amorphous sili-
con, SiO2, or a metal. AlN can be etched in aqueous solutions, such as KOH, NaOH, HF/
H2O, HF/HNO3, tetramethyl ammonium hydroxide (TMAH), and the etch rate is tempera-
ture- and crystal polarity–sensitive (Jasinki et al., 2003; Sheng et al., 1988; Tan et al., 1995). 
Cr can also be used to form both a good etch mask and electrode (Saravanan et al., 2006). 
AlN can be electrochemically etched in electrolytes, such as HPO3 (60°C to 90°C) or KOH 
solutions, and the etch rate is strongly dependent on the coating quality (from tens of nm/
min up to a few μm/min). The reaction is (Zhang and Edgar, 2005):

 AlN + 6KOH → Al(OH)3 → + NH3 → + 3K2O → (8.5)

For dry etching process, AlN is normally etched using a chlorine-based plasma, such 
as chlorine and BCl3, rather than a fluorine plasma because aluminum fluoride is stable 
and nonvolatile (Khan et al., 2002). Etching in a Cl-based plasma is normally isotropic, 
and the volatile reaction product is AlCl3 at high temperature (above 180°C) or Al2Cl6 at 
a room temperature (Engelmark, 2003). SF6/Ar plasma has also been used to etch AlN, 
and  the etching process is believed to be a combination of the reactions of F and Al 
and  sputtering of reactive a product (AlF3), with highly anisotropic and smooth side 
walls.

Functionalization of AlN Surface for Biosensing

Recently, there have been some studies for the surface functionalization of AlN film for 
biosensing applications (Chiu et al., 2008). For example, by using silane, a new chemical 
layer can form on the AlN, and the functional groups on the silane surface can then be used 
as anchor points for the antibodies. A generic method for immobilization of gold nanopar-
ticle bioconjugates onto AlN surfaces using aminosilane molecules as cross-linkers has 
been demonstrated for SAW sensor applications (Chiu et al., 2008). Electrostatic interaction 
between the positively charged surface amine groups and negatively charged DNA–Au 
nanoparticle conjugates allows the self-assembly of a probe nanoparticle monolayer onto 

the functionalized AlN surfaces under physiological conditions. Results showed that Au 
nanoparticles can play multiple roles in SAW sensing for probe molecule immobilization, 
signal amplification, and labeling (Chiu et al., 2008).

In reference (Cao et al., 2008), antibody immobilized AlN/sapphire was prepared using 
the process shown schematically in Figure 8.18. The AlN films were pretreated before 
silanization using two methods. In the first method, they were treated by exposure to an 
oxygen plasma. The second method treated the AlN surfaces by ultrasonication in 3:1 (in 
vol%) piranha solution, followed by rinsing in DI water. Piranha treatment was chosen 
because it is commonly used as a surface preparation method for silanization of other 
types of inorganic surfaces. Improved silane surfaces should create a more stable and 
ordered silane layer for the linkage of antibody, phages or other detecting ligands in the 
biosensor under development (Cao et al., 2008). The treated AlN samples were silanized 
with OTS. The ability to produce repeatable, homogeneous layers of selected chemical 
groups by silane derivatization of the AlN surface is considered to be a promising step in 
the development of a biosensor that uses surface immobilized phage or antibody ligands 
for analyte detection (Cao et al., 2008).
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Thin	Film	Acoustic	Devices	for	Biosensor	Applications

SAW Biosensor

A ZnO/Si SAW device has been successfully used in the detection of PSA antibody–antigen 
immunoreaction shown in Figure 8.19 (Lee et al., 2007). The resonant frequency of the ZnO 
SAW devices was found to shift to lower frequencies as the PSAs are specifically immobi-
lized on the surface-modified ZnO SAW device. A linear dependence has been measured 
between the resonance frequency change and the PSA/ACT complex concentrations over 
the broad dynamic range of 2–10,000 ng/ml. However, as discussed before, a big challenge 
for SAW biosensors is how to realize detection in a liquid environment. Love mode SAW 
devices are promising technologies for biosensors in liquid environments because of their 
high-sensitivity and low-energy dissipation. The essential condition for a Love wave mode 
is that the shear wave velocity in the surface wave guide layer is smaller than that in the PE 
substrate. For example, ZnO has a shear wave velocity of 2578 m/s, whereas those of ST-cut 
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Schematic diagram of antibody immobilized AlN/sapphire. (From Cao et al., Solids Surf. B, 63, 176–182, 2008. 
With permission.)
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quartz and SiO2 are 4996 and 3765 m/s, respectively. Therefore, it is reasonable to use ZnO 
as a guiding layer on substrates of ST-cut quartz to form the Love mode biosensors. The 
other potential substrate materials for Love-mode ZnO sensors include LiTaO3, LiNbO3, 
and sapphire. A ZnO Love mode device of ZnO/ST-cut quartz has a maximum sensitivity 
up to −18.77 × 10−8 m2 s kg−1, which is much higher than that of a SiO2/quartz Love mode 
SAW device (Chu et al., 2003; Jian et al., 2004; Krishnamoorthy and Iliadis, 2006).

Most of the above-mentioned ZnO Love mode sensors are based on a bulk PE substrate 
(e.g., quartz, LiNbO3 and LiTaO3, etc.), which are expensive and incompatible with IC fab-
rication. In reference (Mchale et al., 2002), ZnO/SiO2/Si SAW Love mode sensors with an 
acoustic wave velocity of 4814.4 m/s were studied, and the sensitivity of the devices was 
8.64 μm2/mg, which is about 2 to 5 times that of ZnO/LiTaO3 (Powel, 2004) and SiO2/
quartz Love sensors (Du and Harding, 1998). Another promising approach for making a 
ZnO-based Love mode sensor is to use a polymer film (such as PMMA, polyimide, SU-8 or 
parylene C) on top of the ZnO layer as the guiding layer. However, this layered structure 
uses a polymer waveguide and has a relatively larger intrinsic attenuation than those with 
solid waveguide layers.

AlN SAW devices normally have higher phase velocities, for example, 5536 m/s for an 
AlN/Si SAW device (Assouar et al., 2002; Mortet et al., 2003). Currently, there are not so 
many reports on AlN-based SAW biosensors. The reason could be the difficulties in the 
deposition of thick AlN film for SAW devices, which normally have large film stress and 
poor adhesion with the substrate. AlN films have been reported to deposit on a LiNbO3 
substrate to form a highly sensitive Love mode sensing device (Kao et al., 2003, 2004).

Lamb Biosensor

In Lamb wave sensors, the wave propagation velocity in the membrane is lower than 
the acoustic wave velocity in the fluids on the surface. Therefore, the acoustic energy is 
not easily dissipated, and Lamb wave sensors can be used in liquid (Wenzel and White, 
1990). A ZnO-based Lamb wave device has been used to monitor the growth of bacterium 
Pseudomonas putida in a bolus of toluene, as well as the reaction of antibodies in an immu-
noassay for an antigen present in breast cancer patients (White, 1997). Another Si/SiO2/
Si3N4/Cr/Au/ZnO Lamb wave device has been used for detecting human IgE based on the 
conventional cystamine SAM technology, with a sensitivity as high as 8.52 × 107 cm2/g at a 
wave frequency of 9 MHz (Huang and Lee, 2008). In recent years, however, the Lamb wave 
biosensor has not been widely reported because (1) the sensitivity is not as high as that of 
the other devices due to the low operation frequency and (2) it is difficult to fabricate thin 
and fragile membrane structures. Duhamel et al. (2006) studied an AlN/Si-based Lamb 
wave biosensor, with a sensitivity of 326 cm2/g. However, because of the thin membrane 
structure, temperature sensitivity is also significant, which makes temperature compensa-
tion necessary.

FBAR Biosensor

FBAR biosensors have recently attracted great attention because of their inherent advan-
tages compared with SAW and QCM biosensors: high sensitivity, low insertion loss, high 
power handling capability, and small size (Bjurstrom et al., 2004; Kang et al., 2005). High-
frequency ZnO FBAR sensors have good sensitivity and high energy densities owing to 
the trapping of the standing wave between the two electrodes, allowing device size to 
be scaled down to areas more than 3 orders of magnitude smaller than SAW and QCM 
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devices. This makes the integration of FBAR arrays for parallel detection both feasible and 
low cost. Gabl et al. (2004) used a label-free FBAR gravimetric biosensor with a high oper-
ating frequency of 2 GHz based on a ZnO film to detect DNA and protein molecules. Its 
sensitivity of 2400 Hz cm2/ng is about 2500 times higher than that of a conventional QCM 
device with a frequency of 20 MHz. A recent study using an Al/ZnO/Pt/Ti FBAR design 
gave a sensitivity of 3654 kHz cm2/ng with a good thermal stability (Lin et al., 2008; Yan 
et al., 2007).

Conventional (0001) textured ZnO FBARs operate using a longitudinal wave and can-
not be used for sensing in a liquid environment. In contrast, a (11–20) textured ZnO film 
exhibits pure shear modes waves that can propagate in a liquid with little damping effect. 
A ZnO shear mode FBAR device has been used in a water–glycerol solution, with a high 
operating frequency of 830 MHz and a sensitivity of 1000 Hz cm2/ng (Link et al., 2007). 
Weber et al. (2006) fabricated a ZnO FBAR device that operated in a transversal shear 
mode, using a ZnO film with 16° off c-axis crystal orientation. For an avidin/anti-avidin 
system, the fabricated device had a high sensitivity of 585 Hz cm2/ng and a mass detection 
limit of 2.3 ng/cm2. This shear wave FBAR device has also been reported to have a stable 
TCF (Link et al., 2006).

Compared with ZnO films, AlN is a promising material for FBAR devices owing to 
its advantageous characteristics, including high BAW velocity, moderate electromechani-
cal coupling constant, high electric resistivity, low dielectric loss, good chemical stabil-
ity, good thermal stability, and a wide band gap (Chiu, 2007, 2008). PE AlN-based FBAR 
devices have already been successfully commercialized (Kim et al., 2001; Tadigadapa et al., 
2009).

For liquid FBAR sensing, a good idea is to develop ZnO or AlN films in which the c-axis 
is inclined relative to the surface normal, thus allowing both longitudinal and shear wave 
modes to be generated (with one example shown in Figure 8.20a) (Weber, 2006). Another 
popular method is to use lateral field excitation (LFE) of the PE layer, requiring both signal 
and ground electrodes being in-plane and parallel on the exposed surface of the ZnO or 
AlN film. A laterally excited ZnO thickness shear mode resonator has been reported that 
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FIGURE 8.20
(a) Schematic illustration of a shear mode FBAR resonator together with a microfluidic transport system. 
(From Weber et al., Sens. Actuators, A128, 84–88, 2006. With permission.) (b) A laterally excited ZnO thickness 
shear mode resonator that is both extremely simple to fabricate and highly sensitive to surface perturbations. 
Resonator configuration consists of a laterally excited, solidly mounted ZnO thin film resonator that incorpo-
rates use of an acoustic mirror. (From Dickherber et al., Sens. Actuators A, 144, 7–12, 2008; Corso et al. J. Appl. 
Phys., 101, 054514, 2007. With permission.)
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is extremely simple to fabricate and highly sensitive to surface perturbations (see Figure 
8.20b). The resonator configuration consists of a laterally excited, solidly mounted ZnO 
thin film resonator that incorporates the use of an acoustic mirror. The device operates sta-
bly in biologically equivalent environments such as NaCl in deionized water (Dickherber 
et al., 2008; Corso et al., 2007).

Although FBAR-based biosensor showed a high sensitivity and good resolution, there 
are several issues to be addressed. For example, they normally have high acoustic wave 
attenuation and low quality factors due to potential thin film material defects. Other issues 
include the sensor packaging and the effect of high frequency on biochemistry (Wingquist 

et al., 2007a, 2007b).

Thin	Films	for	Microfluidic	Applications

SAW Mixer and Pump

In a SAW device, the interaction between the longitudinal acoustic wave and liquid drop-
lets can be used to create an acoustic streaming which can be used to establish a stable 
streaming pattern with a double vortex (see Figure 8.21a to d). This SAW streaming induces 
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FIGURE 8.21
(a) Interaction between SAW and a liquid droplet on a ZnO based SAW device; (b) top view; (c) cross-section 
view; (d) front view of internal streaming inside the droplet on ZnO surface. (From Fu et al., Sens. Actuators B, 
143, 606–619, 2010. With permission.)
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an efficient mixing and agitation process within the droplets, which can be employed to 
produce good micromixers (Fu et al., 2008; Fu et al., 2010). When an RF voltage is applied to 
the IDTs on a ZnO film, the water droplet becomes deformed from its original shape (fol-
lowing the Rayleigh angle) with an increased leading edge contact angle and a decreased 
trailing edge contact angle. The large SAW pressure excites and stirs the droplet, causing 
it to vibrate along with the SAW. After surface hydrophobic treatment, the liquid droplets 
can be pumped forward with voltages as low as ~10 to 20 V (see Figure 8.22a). The move-
ment of the droplet is a combination of rolling and sliding, which is also dependent on the 
power applied and the droplet size. Figure 8.22b shows the dependence of droplet speed as 
a function of RF signal voltage. The speed of the droplet shows an almost linear relation-
ship with the applied driving voltage.

The SAW IDT design is important for efficient SAW streaming/pumping. The conven-
tional bidirectional IDT may not be efficient for pumping because the wave propagates 
in two different directions with half the energy wasted. The simplest way to solve this 
problem is to use reflectors to mirror back some of the wave (see Figure 8.23a). More 
sophisticated IDT designs include (Nakamura et al., 2004; Lehtonen et al., 2004): (1) split 
IDTs (Figure 8.23b); (2) a single phase unidirectional transducer (SPUDT, Figure 8.23c) that 
shows internally tuned reflectors within the IDT to form a unidirectional SAW propaga-
tion from one side of the IDT; (3) focused or semicircular IDT designs to focus the acoustic 
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(A) A 2-μl water droplet (a) and its movement along with propagating acoustic wave (b), showing droplet is 
pushing upward and forward. (From Fu et al., Sens. Actuators B, 143, 606–619, 2010. With permission.) (B) Sezawa 
wave–driven droplet velocity as a function of applied voltage on SAW for a 5.5-μm ZnO SAW device.
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energy and increase the pumping efficiency (see Figure 8.23d); (4) a slanted IDT (see Figure 
8.23e) that has a broad range of resonant frequencies and can be used to alter the directions 
of streaming and droplet movement (Wu and Chang, 2005).

When a ZnO SAW device is immersed inside a large quantity of liquid in a tank and a 
voltage or power applied to the IDT, a steady flow pattern can be observed, with typical 
butterfly or quadrupolar streaming patterns, as illustrated in Figure 8.24a. The water is 
pushed from the IDT region to both sides of the SAW direction and flows back to the IDT 
via the bottom layer (see cross-sectional illustration in Figure 8.24b). On top of the IDT 
pattern, the liquid is pushed upward. The liquid near the IDT can be moved significantly, 
and the velocites near the IDT along the SAW direcition are quite large but decrease sig-
nificantly away from the IDT because of the rapid decay of the strength of the SAW wave 
in the liquid. Increase in the applied voltage or SAW power can enlarge the size of the 
butterfly patterns.

As discussed before, ZnO is not inert and may react with reagents or liquid samples 
when it is used as a biosensor or for microfluidic manipulation. To solve this problem, an 
“island” ZnO SAW structure is proposed in reference (Du et al., 2009), which can avoid 
direct contact between the ZnO active layer and the fluid being pumped. In this design, the 
ZnO film is only beneath the SAW IDTs but not in the other areas. As the acoustic waves 
generated by the ZnO SAW device can continuously travel in the Si substrate without a 
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FIGURE 8.23
SAW IDT designs. (a) SAW IDT with reflector; (b) splitted IDT; (c) SPUDT IDT design; (d) angled IDT; (e) slanted 
IDT. (From Fu et al., Sens. Actuators B, 143, 606–619, 2010. With permission.)
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Water flow patterns on top of Al IDT: (a) top view (b) cross-section view.
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ZnO film on top of the wave path, this offers much greater flexibility in the fabrication of 
highly integrated microfluidics. The SAW devices can be built on the isolated ZnO islands, 
whereas the other components, such as the microchannels, chamber, and sensors, can be 
directly fabricated on the Si substrate.

SAW Heating/Droplet Ejector

For SAW devices, a higher RF power generates faster streaming, hence a higher mixing 
and pumping efficiency. However, high RF power will also induce localized heating. The 
surface temperature of the ZnO SAW device increases with higher voltage amplitudes and 
the duration of the RF signal and decreases with the distance from the IDT (Fu et al., 2010). 
The maximum temperature can reach values of about 140°C for a signal voltage of 60 V 
(see Figure 8.25). It should be pointed out that the temperature was measured without any 
water on the device surface, and it would be expected that the temperature readings would 
be lower when water is present (at least lower than the boiling point). Significant acoustic 
heating is detrimental for many of the biosubstances that might be investigated and can 
also induce severe detection errors due to temperature-induced resonant frequency shift. 
For ZnO SAW-based liquid transportation and mixing, heating effects can be suppressed 
by using a pulsed RF signal to maintain the temperature below 40°C. A pulsed RF signal 
can also used to direct the droplet motion, as this offers more precise control of the distance 
moved and droplet positioning. Although acoustic heating has many negative effects for 
biosensing, controlled acoustic heating can be utilized as a remote heater for biomedical 
and life science applications, such as in polymeric chain reactions (PCRs) to amplify the 
DNA concentration for detection and in others to accelerate bioreaction processes.

When the RF power applied to the IDT of a ZnO SAW device is sufficiently high, tiny 
liquid droplets will be ejected from the surface (see Figure 8.26a), and this has been fre-
quently reported for LiNbO3 SAW devices (Chono et al., 2004). Ejection of small particles 
and liquids has many applications ranging from inkjet printing, fuel and oil ejection, and 
biotechnology. The authors have recently demonstrated that thin film ZnO-based SAW 
devices can eject the droplets, which are so tiny that an atomization process occurs as 
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shown in Figure 8.26b (Fu et al., 2010). In general, the ejected or atomized droplets from a 
SAW device have a large range of sizes and can only be ejected at a fixed Rayleigh angle.

SAW Particle Manipulation

Transportation and concentration of particles or biosubstances are one of the very impor-
tant issues for microfluidic and biosensor applications. A SAW can be utilized to concen-
trate and transport nano/microparticles or yeast cells dispensed in a liquid droplet. A 
simple method to concentrate the particles within a droplet is to use an asymmetric distri-
bution of SAW radiation along the width of the droplet (Li et al., 2007). Figure 8.27 shows 
the frame images of starch particles captured during the concentration process within a 
20-μl droplet with an input RF power of 20 dBm. The induced flow circulation into the 
droplet due to acoustic streaming rapidly establishes a particle cluster toward the center 
of vortex patterns in the form of a conical shape, as depicted in Figure 8.27b. The particle 
concentration is attributed to shear force-induced particle migration due to the gradient 
in the azimuthal streaming velocity into the droplet. This results in particle motion from 
a higher shear force area at the droplet periphery to a lower shear force area at the bottom 
of the droplet center (Li et al., 2007). The shear velocity is large on the edge of the droplet 
and gradually decreases on approaching the center of the droplet. The particles circulate 
with the liquid in the droplet and simultaneously migrate from high to low shear velocity 
regions (Wood et al., 2008). The concentration effect is dependent on the RF power and 
amplitude of the SAW, as well as the properties of the particles. At very low or very high 
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FIGURE 8.26
Surface droplet ejection (a) and atomization process (b) on a ZnO SAW device. (From Fu et al., Sens. Actuators B, 
143, 606–619, 2010. With permission.)
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FIGURE 8.27
Illustration of asymmetric positioning of water droplet on SAW device in concentration experiments.
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powers, the particles become dispersed. The particle size is also critical, and particles with 
certain sizes will be easily agglomerated, but particles that are smaller can flow inside the 
liquid. Therefore, it is possible to separate the particles according to their size using a SAW 
device (Shilton et al., 2008).

Membrane-Based	Microfluidics	Devices

Flexural plate waves or Lamb waves have also been proposed for pumping, agitating, and 
enhancing biochemical reactions (Nguyen and White, 1999), with the principle that fluid 
motion via the traveling flexural wave in a ZnO or AlN membrane can be used for the 
transport of liquids resulting in a steady flow of a few mm/s to cm/s in water (Moroney 

et al., 1991). The potential applications include a micro total analysis system (μTAS), cell 
manipulating systems, and drug delivery systems (Meng et al., 2000). However, because 
of the low frequency resulting from the thin membrane, the agitation is not significant as 
insufficient energy is coupled into the liquid.

A recent development using a ZnO membrane–based, acoustic wave–based device and 
a self-focusing acoustic transducer successfully demonstrated that liquid can be pumped 
by strong acoustic streaming (Zhu and Kim, 1998). These membrane-based acoustic wave 
devices have also been used to transport and trap particles and sort cells, with the prin-
ciple that acoustic streaming produced at the interface of the membrane and fluid can 
actuate the particles in the liquid (Luginbuhl et al., 1997). There are also several reports 
of new designs using ZnO acoustic wave devices as droplet ejectors (Kwon et al., 2006). 
Annular Fresnel ring (with different opening angles) half-wave band electrodes have 
been used on the surface of a ZnO film as a self-focusing acoustic transducer. Directional 
liquid droplets with different ejection angles can be generated by changing the opening 
angle of the sectored electrodes, as shown in Figure 8.28 (Huang and Kim, 2001; Kwon 
et al., 2006).
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FIGURE 8.28
Annular Fresnel ring (with different opening angles) half-wave band electrodes were used on surface of a ZnO 
film as self-focusing acoustic transducer, and a directional liquid droplet with different ejection angles can be 
generated by changing the opening angle of sectored electrodes. (From Kown et al., IEEE Autom. Sci. Eng., 3, 
152–158, 2006. With permission.)
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Future	Trends	for	ZnO	and	AlN	Devices	for	Lab-on-a-Chip

The elements required for operating detection as part of a lab-on-a-chip system include 
(1) transportation of liquids, such as blood or biofluids containing DNA/proteins into an 
area on which probe molecules have been predeposited; (2) mixing/reaction of the extracted 
DNA or proteins with oligonucleotide or the antibody binders; and (3) detection of an asso-
ciated change in the physical, chemical, mechanical, or electrical signals. Thin film-based 
acoustic wave devices can be used to fabricate lab-on-chip biodetection systems, which 
combine the functions of microdroplet transportation, mixing, and biodetection.

ZnO- or AlN-based acoustic wave technologies can be integrated with other technologies, 
such as the SPR method (Homola et al., 1999). SPR sensor technology has been commer-
cialized, and SPR biosensors have become a central tool for characterizing and qualifying 
biomolecular interactions. A combination of SAW microfluidics and SPR sensing would 
appear to be sensible for both microfluidic and detection functions. A potential problem is 
that the surface temperature change induced by acoustic excitation may cause changes in 
the refractive index, which is used for SPR sensor detection. A pulse mode SAW signals can 
be used to minimize this effect. ZnO- and AlN-based acoustic wave microfluidic devices 
can also be combined with liquid or gas chromatography that can be used to identify the 
protein or molecules by mass spectroscopy (Sokolowski et al., 2006). Integration of a SAW 
with optical methods enables the simultaneous qualification of biological soft layers formed 
on the sensor surface under different density, viscosity, thickness, and water content.

For digital microfluidics, there is a need to precisely and continuously generate liquid 
droplets. ZnO and AlN acoustic wave technology can be used for the ejection of liquid 
droplets, but it is rather difficult to precisely control the micro-droplet generation. A poten-
tial technology to overcome the drawbacks is to combine electrowetting-on-dielectrics 
(EWOD) (Lee et al., 2007) with SAW microfluidics. In the past 10 years, EWOD technology 
has been successfully developed to dispense and transport nanoliter to microliter biosam-
ples in droplet form at the exact volume required (Fair, 2007). However, one of the weak-
nesses is that EWOD technology does not provide efficient micromixing and requires the 
integration of other technologies, for example, CMOS to realize bioreaction and biosens-
ing. A novel idea is to integrate the thin film-based SAW devices with the EWOD device 
to form lab-on-a-chip equipped with well-developed functionalities of droplet generation, 
transportation by EWOD, mixing, and biosensing using SAW technology (Li et al., 2009).

Acoustic wave devices can easily be integrated with standard CMOS technology. Dual 
SAW or FBAR devices can be fabricated next to each other, so that the neighboring devices 
can be used as a sensor–reference combination. One of the devices without predeposited 
probe molecules can be used as a reference, whereas the other one with probe molecules 
can be used to sense. Using such a combination, the errors due to temperature drift or 
other interference on the sensing measurement can be minimized. Multisensor arrays can 
be easily prepared on a chip, and a judicious selection of different immobilized biobind-
ers enables the simultaneous detection of multiple DNA or proteins, leading to accurate 
diagnosis of a disease or detection of multiple diseases in parallel. The creation of these 
cost-effective sensor arrays can increase the functionality in real time and provide parallel 
reading functions.

Currently, one limitation of acoustic wave device applications is that they require expen-
sive electronic detection systems, such as network analyzers. A final product aimed at 
the end user market must be small, portable, and packaged into a highly integrated cost-
 effective system. The detection of a resonant frequency can be easily realized using stan-
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dard oscillator circuits that can measure the sensor losses based on a portable device. The 
required purposely built electronics for acoustic wave sensing are being developed, but 
at present, they are still bulky and heavy. Fabrication of portable thin film-based acoustic 
wave detection devices is also promising and will enable the system size to be minimized 
along with reducing the power consumption. A wireless RF signal can be used to remotely 
power and control/monitor physical, chemical, and biological quantities by using acoustic 
wave devices, without requiring a directly wired power supply. Currently, for a lab-on-
chip device, sample pretreatment, purification, and concentration, as well as a good inter-
face between the user and the integrated sensing system, also need to be developed. A 
simple, robust, cheap packaging method is also critical for commercialization.

Summary

ZnO or AlN films have good PE properties and a high electromechanical coupling coef-
ficient and are, hence, a promising technology for the fabrication of fully automated and 
digitized microsystems with low cost, fast response, reduced reagent requirement, and pre-
cision. In this chapter, recent development on preparation and application of ZnO and AlN 
films for acoustic wave-based microfluidics and biosensors is discussed. The microstruc-
ture, texture, and PE properties of the films are affected by sputtering conditions such as 
plasma power, gas pressure, substrate material, and temperature as well as film thickness. 
However, high-quality and strongly textured thin films can be prepared using RF mag-
netron sputtering. ZnO or AlN acoustic wave devices can be successfully used as biosen-
sors based on a biomolecular recognition system. Among these biosensors, Love wave 
devices, SAW, and FBAR devices using inclined films are promising for applications in 
highly sensitive biodetection systems for both dry and liquid environments. The acoustic 
wave generated on the ZnO or AlN acoustic devices can also induce significant acoustic 
streaming that can be employed for mixing, pumping, ejection, and atomization of the 
fluid on the small scale depending on the wave mode, amplitude, and surface condition. 
An integrated lab-on-a-chip diagnostic system based on these thin film based acoustic 
wave technologies has great potential, and other functions such as droplet creation, cell 
sorting, and precise biodetection, can be obtained by integration with other advanced 
technologies.
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Introduction

Shape memory alloy (SMA) is a metal that can “remember” its geometry, that is, after 
a piece of SMA is deformed from its original shape, it regains its original geometry by 
itself upon heating (shape memory effect, SME) or, simply upon unloading (superelastic-
ity, SE). These extraordinary properties are due to temperature-dependent reverse mar-
tensitic transformation from a low-symmetry phase (martensite) to a highly symmetric 
crystallographic structure (austenite) upon heating and a martensitic transformation in its 
opposite direction upon cooling. SME has been found in many materials, such as metals, 
ceramics, and polymers. Among all these materials, TiNi-based alloys, often called nitinol, 
have been extensively studied and have found many commercial applications (Miyazaki 
and Otsuka, 1989; Humbeeck, 1999; Hane, 2000; Otsuka and Ren, 2005).

Biomedical Application of TiNi Alloys

Nitinol was first discovered by Buehler et al. in 1963. It has inspired a long-standing inter-
est in both material research and industrial development. Although many applications of 
nitinol have been developed for different industries, their real success only came after the 
introduction of microsurgery. Nitinol provides a perfect solution for problems presented 
by microsurgery because of its unique mechanical properties—“shape memory effect,” 
“superelasticity,” and the excellent biocompatibility. The SME is characterized by a revers-
ible phase transition between martensite (low temperature phase, soft) and austenite (high 
temperature phase, hard). At low temperature, nitinol can be plastically deformed, and 
the deformation can be recovered by heating through a phase transition. If the nitinol 
is deformed at a temperature above the phase transition temperature, the stress-induced 
martensitic transition can be recovered spontaneously once the stress is removed. This is 
known as SE. These remarkable shape memory properties are not present in any other 
conventional materials. Both superelastic and thermal recovery SMAs can provide large 
deformation and force for robust surgical devices for biological applications. More impor-
tantly, the nitinol is biocompatible with low toxicity and high corrosion resistance, thus, it 
can be used for implants, for example, stent, staple, and sutures without any adverse long-
term effects on patients. Nitinol is also nonferromagnetic and can thus be used as medical 
devices for magnetron resonance imaging (MRI) guided surgery and minimal invasive 
interventions (Melzer et al., 2006). A brief history of SMAs (bulk materials and SMA thin 
films) for medicine is summarized in Table 9.1.
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Stent is probably the best example of SMAs in medicine (see Figure 9.1), and also the 
most successful product in terms of commercial and life-saving achievements. For the past 
20 years, it is a remarkable achievement for the nitinol stent to be developed from a simple 
form of coiled wire to today’s multibillion dollars market in minimally invasive cardio-
vascular therapy to revascularize arteries (Buenconsejo et al., 2008). Nitinol stents have 
also been used in esophagus, gastrointestinal tract, ureter, tracheal airway, and vascular 
anastomosis device, prosthetic heart valves, and radiofrequency ablation catheter (Terzo, 
2006; Kulkarni and Bellamy, 1999).

Endoscopic surgery uses rigid or flexible endoscope to gain access to operative fields to 
diagnose and treat diseases. Surgical operations are conducted by remote surgical manip-
ulation within the closed body cavities under visual control via endoscope. A range of 
nitinol-based surgical instruments have been developed for endoscopic surgery to over-
come the limited degrees of freedom caused by the approach of minimal invasiveness. 
The devices made of nitinol enable surgeons to achieve complex surgical tasks, such as 
tissue holding (tissue graspers and retractors), suturing (needle holder and suturing clip), 

TABLE 9.1

Historical Development of SMAs for Microsurgery

Year Device Reference

1963 Discovery of nitinol Buehler and Riley, 1963
1971 Orthodontic braces Otsuka and Wayman, 1998
1977 Simon vena cava filter Simon et al., 1977
1981 Orthopedic staple Dai and Chu, 1996
1983 Prosthetic joint Miyazaki, 1998
1983 Nitinol stent Dotter et al., 1983
1990 Thin film SMA Walker and Mehregany, 1990; 

Busch et al., 1990
1990 Thin film microdevices Johnson, 1991
1993 Laparoscopic hernia repair mesh Himpens, 1993
1995 Laparoscopic clamp Frank and Cuschieri, 1995a
1995 Thin film microgripper Krulevitch et al., 1996a
1996 Hernia repair retractor Rickers et al., 1998; Thanopoulos 

et al., 1998
1999 Thin film SMA microvalve Johnson, 1999
1999 Laparoscopic suturing clip Xu et al., 1999; Song et al., 2002; 

Ng et al., 2003
2000 Vascular ligation clip Frank et al., 2000
2000 Gastric loop snare Nakamura et al., 2000
2001 Drug-eluting stent Sousa et al., 2001
2001 Thin film microwrapper Gill et al., 2001
2001 Thin film microstents Gupta, 2001
2004 Laparoscopic anastomosis ring Nudelman et al., 2004, 2005; 

Song et al., 2005
2005 Thin film heart valve Stepan et al., 2005
2007 Endoscopic bleeding control device Kirschniak et al., 2007a,b
2008 Thin film microtube and stent Buenconsejo et al., 2008; Zamponi 

et al., 2008
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anastomosis (anastomosis ring), homeostasis (bleeding control clip), dissection (scissors), 
ablation (multiple radiofrequency electrodes), surgical materials delivery, and hernia 
repair. These include (1) curved surgical instruments—a variable curvature spatula for 
laparoscopic surgery (Figure 9.2; Cuschieri et al., 1991); (2) suturing devices—for tissue 
suturing in self-closing clips (Figure 9.3; Song et al., 2002; Ng et al., 2003); (3) bleeding con-
trol devices—SMA clip gastrointestinal lesion, perforation, and bleeding (see Figure 9.4; 
Ovesco Endoscopy GmbH, Tubingen, Germany; Raju and Gajula, 2004; Kirschniak et al., 
2007).

The early applications of nitinol in orthopedic surgery were staples and clamps to treat 
adolescent scoliosis and bone fractures (Musialek et al., 1998). Recent development of 
porous nitinol has shown good biocompatibility and excellent bone ingrowths that could 
be used as ideal bone substitute (Rhalmi et al., 1999). In the urological field, an SMA ureter 
stent was used in 15 patients to treat ureter stricture with encouraging results (Chonan et 
al., 1997). The endovascular device with shape memory function might be a promising tool 
for treating ischemia stroke without the need for infusion of clot-dissolving drugs (Small 
et al., 2007). The current trend of surgical technologies is toward less invasiveness or non-
scar diagnostics and treatment, and shape memory technology continues to find exciting 
applications.

Thin Film TiNi SMAs

For microelectromechanical system (MEMS) and biomedical applications, thin film–based 
SMAs possess many desirable properties, such as high-power density (up to 10 J/cm3), the 

FIGURE 9.1
Nitinol stents showing kink resistance of a nitinol stent (images courtesy of Abbott Laboratories).

(a) (b) (c)

Superelastic nitinol blade

Superelastic nitinol wire

Flexible
nitinol drive

FIGURE 9.2
Variable-curvature devices for laparoscopic surgery. (a) Dissecting spatula, (b) suture passer, (c) flexible drive 
for an articulating needle holder. (From Cuschieri et al., Surg. Endosc., 5, 179, 1991, reproduced with permission 
from Springer.)
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ability to recover large transformation stress and strain upon heating, SME, peudoelastic-
ity (or SE), and biocompatibility (Miyazaki and Ishida, 1999; Wolf and Heuer, 1995; Khan 
et al., 1998). The work output per volume of SMA exceeds those of other microactuation 
mechanisms. The phase transformation in SMA thin film is accompanied by significant 
changes in mechanical, physical, chemical, electrical, and optical properties, such as yield 
stress, elastic modulus, hardness, damping, shape recovery, electrical resistivity, thermal 
conductivity, thermal expansion coefficient, surface roughness, vapor permeability, dielec-
tric constant, and so on (Fu et al., 2001; Fu et al., 2004). These changes can be fully uti-
lized in design and fabrication of microsensors and microactuators (Winzek et al., 2004; 
Miyazaki, 1990).

In the early 1990s, several trials were made to fabricate TiNi thin films by sputter deposi-
tion (Walker et al., 1990). Some of these results showed that conventional micromachining 
processes are applicable for making microstructures consisting of a silicon substrate and 
a TiNi thin film. If the films contain microdefects, which are characteristic in sputter-
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(a) Conventional suture
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(c) Deformed shape

(d) Application to tissue

(e) Electric current heating
      of backbone

(f ) Closure after heatingClosed fixator

5 mm

2.5 mm

+ −

FIGURE 9.3
Prototype and working principle of a self-closing clip for MIS. (From Song et al., Smart Mater. Struct., 11, 1–5, 
2002, reproduced with permission from Springer.)

FIGURE 9.4
Over-the-scope clip system for gastrointestinal bleeding control. Left, atraumatic; right, traumatic versions. 
(From Kirschniak et al., Gastrointest. Endosc., 66, 162–167, 2007, reproduced with permission from Elsevier.)
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 deposited films, and other elements such as oxygen and hydrogen, they will become brittle. 
Application of stress to such films will cause them to fracture. Without information about 
the characteristics of materials, any trial for the improvement in the sputtering process 
will be ineffective. Therefore, it was very important both to establish fabrication methods 
for high-quality thin films in enduring high stress applications and to develop mechanical 
testing methods to evaluate shape memory characteristics of thin films.

Mechanical behavior of TiNi thin films can be characterized by damping measure-
ment, tensile tests, and thermomechanical tests. Crystal structures of the austenite (A), 
martensite (M), and R phases were determined to be B2, monoclinic and rhombohedral, 
respectively. The transformation and shape memory characteristics of TiNi thin films were 
shown to strongly depend on metallurgical factors and sputtering conditions. The former 
includes alloy composition, annealing temperature, aging temperature, and time, whereas 
the latter includes Ar pressure, sputtering power, substrate temperature, and so on (Ishida 
et al., 1995; Kajawara et al., 1996). Conventional mechanical properties such as yield stress, 
ductility, and fracture stress have been investigated by measuring stress–strain curves at 
various temperatures. The maximum elongation amounted to more than 40% in an equi-
atomic TiNi thin film. The yield and fracture stresses of the martensite can be as high as 
600 and 800 MPa, respectively (Ishida et al., 1995). These mechanical properties provide 
good evidence to indicate that the sputter-deposited TiNi thin films possess sufficient duc-
tility and stable shape memory characteristics for practical applications.

The R-phase transformation characteristics show perfect stability against cyclic defor-
mation because of the small shape change that causes no slip deformation to occur, 
whereas the martensitic transformation temperatures increase and temperature hysteresis 
decreases during cycling because of the introduction of dislocations. However, no slip 
deformation occurs during cyclic deformation under 100 MPa so that perfect stability of 
SME is also observed in the martensitic transformation. Besides, with increasing the num-
ber of cycles under higher stresses, the shape memory characteristics associated with the 
martensitic transformation are stabilized by a training effect.

If a large recovery strain is required for a microactuator, we need to use the martensitic 
transformation, which has a larger temperature hysteresis of about 30 K in TiNi binary 
alloys. To improve the response, it is necessary to decrease the temperature hysteresis. 
Addition of Cu is effective in decreasing the transformation temperature hysteresis with-
out decreasing transformation temperatures themselves. TiNiCu thin films with Cu con-
tents varying from 0 to 18 at.% were investigated (Miyazaki et al., 1996; Meng et al., 2008; 
Ishida et al., 2008). The martensitic transformation temperatures of all the thin films were 
about 323 K, decreasing only slightly with increasing Cu content in the range within 9.5 
at.%, while slightly increasing in the range beyond 9.5 at.%. The hysteresis associated with 
the transformation showed a strong dependence on Cu content, that is, it decreased from 
27 to 10 K with increasing Cu content from 0 to 9.5 at.%. In the 9.5 at.% Cu thin film, a two-
stage transformation appeared and it was determined as B2 → Orthorhombic → M-phase 
by the x-ray diffractometry. Perfect two-stage SME was observed correspondingly to these 
transformations. The addition of Cu caused the maximum recovery strain to decrease 
from 3.9% to 1.1% and the critical stress for slip to increase greatly from 55 to 350 MPa with 
increasing Cu content up to 18 at.% (Miyazaki and Ishida, 1999).

Additions of third elements, such as Pd, Au, Pt, Ag, Hf, etc., are effective for increasing 
transformation temperatures. In the case of sputter-deposited thin films, Pd and Hf have 
been added as a third element for this purpose (Quandt et al., 1996). However, Hf increases 
transformation hysteresis, whereas Pd is effective in decreasing the transformation hys-
teresis in addition to increasing transformation temperatures (Baldin et al., 2006; Lee et 
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al., 2006). With this reason, Pd addition is more promising for applications. The TiNiPd 
ternary alloy thin films basically show the M-phase and O-phase transformations except 
the R-phase transformation in a narrow Pd-content region. The addition of Pd is effec-
tive in increasing the O-phase transformation temperatures, for example, the Os (O-phase 
transformation start temperature) of a 21.8 at.% Pd thin film is higher than the Ms (M-phase 
transformation start temperature) of an equiatomic TiNi binary alloy thin film by about 
50 K. It was found that Pd additions are also effective in decreasing transformation tem-
perature hysteresis, for example, 16 K in a thin film with 22 at.% Pd content (Miyazaki 
and Ishida, 1999). The achievement of the small transformation temperature hysteresis in 
TiNiCu thin films or the high transformation temperatures in TiNiPd thin films is prom-
ising for achieving quick movement in microactuators made of TiNi base shape memory 
thin films.

Because TiNi films can provide large forces for actuation and large displacement, most 
applications of TiNi films in MEMS are focused on microactuators (Johnson, 1999; Tan 
and Miyazaki, 1997), such as cantilevers, diaphragms, micropumps, microvalves, micro-
grippers, springs, microspacers, micropositioners, micromirror actuators, etc. TiNi thin 
films are sensitive to environmental changes, such as thermal, stress, magnetic or electri-
cal fields. Thus, they should be also ideal for applications in microsensors.

The main potential problems associated with the TiNi thin film in MEMS applications 
include: (1) Low energy efficiency, low dynamic response speed and large hysteresis. 
(2) Nonlinearity and complex thermomechanical behavior and ineffectiveness for precise 
and complex motion control and force tracking. (3) Potential degradation and fatigue prob-
lems. Even with the above disadvantages, the TiNi-based thin film is still considered a core 
technology for actuation of some MEMS devices, where large force and stroke are essential 
and in conditions of low duty cycles or intermittent operation, and in extreme environ-
ment, such as radioactive, space, biological, and corrosive conditions.

TiNi thin film with superelastic characteristics makes it particularly useful for implant-
able devices, such as aneurysm closures, miniature stents, and stent covers, and can be 
used to retrieve, filter, capture, or remove blood clots in small blood vessels (Johnson, 
2009). Sieves and clot retrievers are other potential applications for TiNi thin film, espe-
cially in areas of the body distal from the heart where vessels are smaller, stiffer, and more 
muscular, as in the case of intracranial arteries and veins (Johnson, 2009). Thin film stents 
can be from 1 to 40 μm thick and fenestration feature size can be as small as 1 μm. As medi-
cal implantable devices made of TiNi alloys become smaller, designers can benefit from 
the combination of sputter deposition of TiNi and photolithography for manufacturing 
miniature medical devices. This chapter reviews the recent development and biomedical 
applications of sputter-deposited TiNi-based SMA thin films and fabrication of microsys-
tems. In the next section, the mechanism of martensitic transformation and SME will be 
introduced.

Shape	Memory	Effect	and	Martensitic	Transformation

SME and SE are associated with the crystallographically reversible nature of the martens-
itic transformation which appears in SMAs. Such crystallographically reversible martens-
itic transformation was specially named as “thermoelastic martensitic transformation.” 
The name originates from the characteristic of the martensitic transformation in SMAs, 
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that is, the total free energy change associated with the thermoelastic martensitic trans-
formation mainly consists of two thermoelastic terms, chemical free energy and elastic 
energy, whereas the total free energy change associated with the conventional martensitic 
transformation, which appears in steels for instance, consists of the interfacial energy and 
plastic deformation in addition to the two thermoelastic terms. Therefore, the interface 
between transformed and untransformed regions moves smoothly according to the tem-
perature variation so that the transformation temperature hysteresis is small, from several 
to several tens K, when compared with those of steels of several hundreds K. The char-
acteristic that plastic deformation does not occur in the thermoelastic martensitic trans-
formation is one of the necessary factors for the perfect shape recovery upon the reverse 
transformation in SMAs.

The martensitic transformation itself is not a new phenomenon. It was first found long 
time ago in steel (Nishiyama, 1978) which was heat-treated at a high temperature followed 
by rapid quenching: the martensitic transformation in most steels is not thermoelastic, 
hence the SME does not appear. Among several tens alloys showing the shape memory 
and superelastic behavior, the TiNi alloys have been successfully developed as practical 
materials for many applications. In this section, the basic characteristics such as the mar-
tensitic transformation and shape-memory/superelastic properties of the TiNi alloys are 
reviewed. 

TiNi Phase Diagram

An equilibrium phase diagram of the TiNi system is shown in Figure 9.5, which describes 
a middle composition region including an equiatomic composition TiNi. Full information 
on the equilibrium phase diagram is given by Murray (1987). The TiNi locates around the 
equiatomic composition region, whereas Ti2Ni and TiNi3 intermetallic compounds locate 
at 33.3 at.% Ni and 75 at.% Ni, respectively. These three alloys are equilibrium phases. 
There is another phase, Ti3Ni4, which is not equilibrium but important for affecting both 
the transformation temperatures and shape memory behavior (Miyazaki, 1990). The 
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TiNi single phase region terminates at 903 K in Figure 9.5; however, the region seems to 
extend to around room temperature in a narrow Ni content width according to empirical 
information.

Crystallography of Martensitic Transformation

The parent phase of the TiNi has a CsCl-type B2 superlattice, whereas the martensite phase 
is three-dimensionally close packed (monoclinic or B19’), as shown in Figure 9.6. The TiNi 
alloy also shows another phase transformation before the martensitic transformation 
according to heat-treatment and alloy composition. This transformation (rhombohedral 
phase or R-phase transformation) can be formed by elongating along any one of the →111→ 
directions of the B2 structure as shown in Figure 9.7 and characterized by a small lattice 
distortion when compared with that of the martensitic transformation. The R-phase trans-
formation usually appears before the martensitic transformation when the martensitic 
transformation start temperature Ms is lowered by some means than the R-phase transfor-
mation start temperature TR. There are many factors that effectively depress Ms as follows 
(Miyazaki et al., 1986):

 (1) Increasing Ni content
 (2) Aging at intermediate temperatures
 (3) Annealing at temperatures below the recrystallization temperature after cold 

working
 (4) Thermal cycling
 (5) Substitution of a third element

Among these factors, items (2)–(5) are effective to realize the R-phase transformation.
The martensitic transformation occurs in such a way that the interface between the mar-

tensite variant and parent phase becomes an undistorted and unrotated plane (invariant 
plane or habit plane) to minimize the strain energy. To form such a martensite variant 
(habit-plane variant), it is necessary to introduce a lattice invariant shear, such as twins, 
dislocations or stacking faults. The lattice invariant shear is generally twinning, which is 
reversible, in the SMAs.
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FIGURE 9.6
Crystal structures of parent (B2) and martensite (B19’) phases and lattice correspondence between two phases. 
(From Miyazaki, S., in Miyazaki et al., eds., Thin Film Shape Memory Alloys: Fundamentals and Device Applications, 
Cambridge University Press, UK, 2009, reproduced with permission from Cambridge University Press.)
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Crystallographic characteristics of the martensitic transformation are now well under-
stood by the phenomenological crystallographic theory (Miyazaki et al., 1990). This theory 
describes that the transformation consists of the following three operational processes: 
(1) a lattice deformation B creating the martensite structure from the parent phase, (2) a 
lattice invariant shear P2 (twinning, slip, or faulting) and (3) a lattice rotation R. Thus, the 
total strain (or the shape strain) associated with the transformation is written in the fol-
lowing matrix form:

 P1 = RP2B (9.1)

This theory requires that the shape strain produced by the martensitic transformation is 
described by an invariant plane strain, that is, a plane of no distortion and no rotation, 
which is macroscopically homogeneous and consists of a shear strain parallel to the habit 
plane and a volume change (an expansion or contraction normal to the habit plane). Thus, 
the shape strain can also be represented as:

 P I m d p1 1 1 1= + , (9.2)

where I is the (3 × 3) identity matrix, m1 the magnitude of the shape strain, d1 is a unit 
column vector in the direction of the shape strain, and p1 is a unit row vector in the direc-
tion normal to the invariant plane. If we know the lattice parameters of the parent and 
martensite phases, a lattice correspondence between the two phases and a lattice invariant 
shear, the matrix p1 can be determined by solving Equation 9.1 under invariant plane strain 
condition. Then, all crystallographic parameters such as P1, m1, d1 and orientation relation-
ship are determined. The lattice invariant shear of the TiNi is the →011→M Type II twinning 
(Miyazaki and Ishida, 1999).

There are generally 6, 12, or 24 martensite variants with each shape strain P1. Each vari-
ant requires formation of other variants to minimize the net strain of the grouped variants. 
This is called self-accommodation, hence the whole specimen shows no macroscopic shape 
change except surface relief corresponding to each variant by the martensitic transforma-
tion upon cooling.

´
´

´

c [001]B2

a [100]B2
b [010]B2

(a) B2

c [111]B2
[001]R

–
a [110]B2

[100]R

[010]R
b [112]B2

– – b [010]B2

a [100]B2

c [001]B2

(b) R-phase

FIGURE 9.7
Crystal structure of R-phase, which is formed by elongation along one of →111→ directions of B2 lattice.
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Transformation Strain

The strain induced by the martensitic transformation shows strong orientation depen-
dence in TiNi alloys (Miyazaki and Wayman, 1988). It is conventionally assumed that the 
most favorable martensite variant grows to induce the maximum recoverable transforma-
tion strain εM

i  in each grain: εM
i  can be calculated by using the lattice constants of the parent 

phase and martensite phase. The lattice constants of the parent and martensite phases of a 
TiNi alloy are as follows: a0 = 0.3013 nm for the parent phase and a = 0.2889 nm, b = 0.4150 
nm, c = 0.4619 nm, and θ = 96° for the martensite phase, respectively.

Using the lattice constants of the parent phase and martensite phase, the transformation 
strain produced by lattice distortion due to the martensitic transformation can be calcu-
lated. If it is assumed that the most favorable martensite variants grow to induce the maxi-
mum transformation strain in each grain, the lattice distortion matrix T→ is expressed in 
the coordinates of the martensite as follows using the lattice constants of the parent phase 
(a0) and those of the martensite phase (a, b, c, β):
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where c→ = c sinβ and γ =1/tanβ.
Then, the lattice distortion matrix T, which is expressed in the coordinates of the parent 

phase, can be obtained as follows:

	 T = RT→Rt (9.4)

where R is the coordinate transformation matrix from the martensite to the parent phase 
and Rt is the transpose of R. R corresponding to the most favorable martensite variant is 
expressed as follows:

 

R =

−

−

−

1 0 0

0
1

2

1

2

0
1

2

1

2
 

(9.5)

Any vector x in the coordinates of the parent phase is transformed to x→ due to the martens-
itic transformation using the following equation

 x→ = Tx (9.6)
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The maximum transformation strain εi
M in each grain can be calculated as follows:

 
εM

i =
−x x

x
 

(9.7)

Figure 9.8a shows the calculated result of the transformation strain εi
M expressed by con-

tour lines for each direction in a [001] – [011] – [ ]111  standard stereographic triangle. For 
example, the transformation strains along [001], [011], [ ]111  and [ ]311  are 3.0%, 8.4%, 9.9%, 
and 10.7%, respectively. By applying the similar calculation for the R-phase transformation, 
the transformation strain εi

R at a temperature 35 K lower than TR can be shown in Figure 
9.8b. The result indicates that the strain is the maximum along [ ]111  and that along [001] is 
the minimum nearly equal to zero. The strain decreases with decreasing temperature from 
TR, because the rhombohedral angle of the R-phase lattice shows temperature dependence.

By averaging εM
i  for representative 36 orientations which locate periodically in a stereo-

graphic standard triangle, the transformation strain for a polycrystal can be estimated as 
follows if there is no specific texture and the axis density distributes uniformly (Tan and 
Miyazaki, 1997):
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If there is texture, the axis density Ii is not uniform in each inverse pole figure so that it is 
necessary to consider Ii in the calculation of the transformation strain as follows (Miyazaki 
et al., 2000):

 
ε εM M=

=

∑ i i

i

I
1

36

36
 

(9.9)

111–

Cal.(%)
10.5

10.0

9.0

011001
3.0

4.0
5.0

6.0
7.0

8.0

111

Cal. (%)
0.9

0.8

0.7
0.6

011001
T = (TR − 35) K

0.1
0.2

0.3
0.4

0.5

–(a) (b)

FIGURE 9.8
Orientation dependence of calculated strain induced by (a) martensitic transformation; (b) R-phase transfor-
mation. (From Miyazaki, S., in Miyazaki et al., eds., Thin Film Shape Memory Alloys: Fundamentals and Device 
Applications, Cambridge University Press, UK, 2009, reproduced with permission from Cambridge University 
Press.)



Medical	Applications	of	Sputter-Deposited	Shape	Memory	Alloy	Thin	Films	 393

Transformation Temperatures

The martensitic transformation temperatures are conventionally determined by the elec-
trical resistivity measurement or by the differential scanning calorimetry (DSC). Figure 
9.9a and b shows example results of such measurements applied to an equiatomic TiNi 
alloy, which was solution-treated at 1273 K for 3.6 ks. When the specimen is cooled from 
the parent B2 phase, the martensitic transformation starts at Ms (the martensitic transfor-
mation start temperature) by evolving transformation heat, that is, the change in chemical 
enthalpy ΔH is negative and the reaction is exothermic as shown in the DSC curve upon 
cooling. The electrical resistivity shows a normal decrease upon cooling in the B2 phase 
region and increase of the decreasing rate at the onset of the transformation at Ms because 
of the crystal structural change. Upon further cooling, the martensitic transformation fin-
ishes at Mf (the martensitic transformation finish temperature).

Upon heating the specimen from the martensite phase, the martensite phase starts to 
reverse transform to the B2 phase at As (the reverse martensitic transformation start tem-
perature) and finish at Af (the reverse martensitic transformation finish temperature). The 
DSC curve upon heating shows an endothermic reaction, that is, ΔH is positive and trans-
formation heat is absorbed. The Ms is shown in Figure 9.10 as a function of Ni content. In 
the composition range of the TiNi, the Ms decreases with increasing Ni content above 49.7 
at.% Ni, whereas they are constant below 49.7 at.% Ni. Af is about 30 K higher than Ms in 
all composition region. The reason for the constant Ms in the Ni-content region less than 
49.7 at.% can be ascribed to the constant Ni content in the TiNi phase, because the Ti2Ni 
appears in the Ni-content region less than 49.7 at.%, keeping the Ni content of the TiNi to 
be 49.7 at.%.

Shape Memory and SE

The mechanisms of SME and SE are explained using a two-dimensional crystal model 
shown in Figure 9.11. The crystal structure of the parent phase is shown in Figure 9.11a. 
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It perfectly transforms to the martensite upon cooling below Mf as shown in Figure 9.11b, 
where two martensite variants labeled A and B with the same crystal structure but differ-
ent orientations are shown. Thermally induced martensite should be a habit plane variant 
because it will be formed in the parent phase and is necessary to connect the parent phase 
along the habit plane. However, the lattice invariant shear is not shown in A and B variants 
for simplicity. The lattices of both martensite variants are made by distorting the parent 
phase lattice upon the transformation, creating the same shear strain with opposite senses 
to each other. Therefore, the martensite morphology in Figure 9.11b is self-accommodated 
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during shape memory and superelastic behavior.
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to minimize the macroscopic net strain. In three-dimensional real crystal structures, the 
number of the martensite variants is generally 24 with different shear systems in a three-
dimensional crystal.

By applying stress to the SMA below Mf, the A variant grows by the movement of the 
interface between A and B variants, which is usually a twinning plane. The interface 
moves easily under an extremely low stress so that the shape of the alloy changes to any 
shape. The selection of martensite variants is such that the most preferential variant which 
creates the maximum strain along the applied stress grows. In this case, the variant A 
grows: after replacing B with A, the martensite morphology consisting of a single variant 
A is obtained, generating a macroscopic shear deformation as shown in Figure 9.11c. The 
same specimen shape is maintained after unloading except for an elastic recovery. When 
the alloy is heated to the As point, the alloy starts to recover the original shape at the onset 
of the reverse martensitic transformation. Upon further heating above the Af point, the 
reverse martensitic transformation finishes, resulting in a perfect shape recovery. This is 
the process of the SME.

The martensitic transformation generally occurs by cooling the specimen. However, an 
applied stress also induces the martensitic transformation even above the Ms point. The 
reason why the applied stress assists the transformation is that the martensitic transfor-
mation is achieved by distorting the lattice of the parent phase. Therefore, the shape of 
the alloy changes from Figure 9.11a directly to Figure 9.11c by the lattice distortion associ-
ated with the stress-induced martensitic transformation. If the deformation temperature 
is below the Af point, the shape recovery is not perfect upon unloading. However, if it is 
above the Af point, the alloy recovers the original shape upon unloading without following 
heating. This is the process of the SE. Because both SME and SE are associated with the 
same martensitic transformation, they show the same amount of shape recovery. The driv-
ing forces for the shape recovery in both phenomena originate from the recovery stress 
associated with the reverse martensitic transformation.

Deformation Behavior

The deformation behavior of SMAs is strongly temperature sensitive, because the deforma-
tion is associated with the martensitic transformation: this is different from plastic defor-
mation by slip which occurs in conventional metals and alloys. Schematic stress–strain 
curves of a TiNi alloy obtained at various temperatures (T) are shown in Figure 9.12. In the 
temperature range of T < Mf, the specimen is fully transformed before applying stress so 
that the elastic deformation takes place in the martensite phase at first as shown in Figure 
9.12a, where many martensite variants self-accommodate each other before loading. Upon 
further loading, twin planes in the martensite phase move to create an apparent plastic 
deformation. Therefore, the yield stress in Figure 9.12a corresponds to the critical stress 
for twinning deformation in the martensite phase. In the temperature range Mf < T < Ms, 
the parent and martensite phases coexist so that yielding occurs due to twinning in the 
martensite phase and/or stress-induced martensitic transformation in the parent phase. 
Both the yield stresses by twinning and stress-induced transformation in Figure 9.12b are 
lowest in this temperature range, because the former decreases with increasing tempera-
ture and the latter decreases with decreasing temperature until reaching this temperature 
region. The stress–strain curves in Figure 9.12a and b are essentially the same, except the 
yield stress is a little lower in Figure 9.12b than that in Figure 9.12a. In the temperature 
range of Ms < T < As, the parent phase elastically deforms at first and yielding occurs 
due to the stress-induced martensitic transformation. Therefore, the yield stress linearly 
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increases with increasing temperature satisfying the Clausius–Clapeyron relationship. 
The stress-induced martensite phase remains after unloading, because the temperature is 
below As. The shape of the stress–strain curve of Figure 9.12c is similar to those of Figure 
9.12a and b. In the temperature range As < T < Af, the deformation induced by the stress-
induced martensitic transformation recovers partially upon unloading as shown in Figure 
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9.12d, resulting in partial SE and partial SME by following heating. In the temperature 
range Af < T < Ts, perfect SE appears as shown in Figure 9.12e, where Ts stands for the 
critical temperature above which the martensitic transformation does not take place and 
deformation occurs by slip. If T is above Ts, plastic deformation occurs as in conventional 
metals and alloys as shown in Figure 9.12f.

The stress–strain relationship of SMA is different at different temperature range. Figure 
9.13 illustrates the region SME and SE with the critical stress for slip and stress induced 
martensitic transformation. In principle, both SME and SE are observable in the same spec-
imen, depending on the testing temperature, as long as the critical stress for slip is high 
enough. SME occurs below As, followed by heating above Af, whereas SE occurs above Af, 
where the martensites are completely unstable in the absence of stress.

Film	Fabrication	and	Characterization

Film Deposition

TiNi-based films are the most frequently used thin film SMA materials and they are typi-
cally prepared using sputtering method. Laser ablation, ion beam deposition, arc plasma 
ion plating, plasma spray, and flash evaporation were also reported but with some intrinsic 
problems, such as nonuniformity in film thickness and composition, low deposition rate, 
and/or nonbatch processing, incompatibility with MEMS process, and so on. Figure 9.14 
shows a schematic drawing of a most common radio frequency (r.f.) magnetron sputtering 
apparatus (Miyazaki and Ishida, 1999). Ar ions are accelerated into the target to sputter Ti 
and Ni atoms which are deposited onto the substrate to form a TiNi film. Transformation 
temperatures, shape memory behaviors, and SE of the sputtered TiNi films are sensitive 
to metallurgical factors (alloy composition, contamination, thermomechanical treatment, 
annealing and aging process, etc.), sputtering conditions (cosputtering with multitargets, 
target power, gas pressure, target-to-substrate distance, deposition temperature, substrate 
bias, etc.), and the application conditions (loading conditions, ambient temperature and 
environment, heat dissipation, heating/cooling rate, strain rate, etc.) (Ishida et al., 1996). 
Systematic studies on the detailed effects of all the above parameters are necessary. The 
sensitivity of TiNi films to all these factors seems an intrinsic disadvantage, but at the 
same time, this sensitivity provides tremendous flexibility in engineering a combination 
of properties for intended applications.

Precise control of Ti/Ni ratio in TiNi films is of essential importance, as has been docu-
mented because TiNi film studies started more than two decades ago. The intrinsic prob-
lems associated with sputtering of TiNi films include the difference in sputtering yields 
of titanium and nickel at a given sputtering power density, geometrical composition uni-
formity over substrate and along cross-section thickness of the coating, as well as wear, 
erosion, and roughening of targets during sputtering (Shih et al., 2001). To combat these 
problems, co-sputtering of TiNi target with another Ti target, or using two separate single 
element (Ti and Ni) targets, or adding titanium plates on TiNi target are widely used (Ohta 
et al., 2000). Substrate rotation, optimal configuration of target position and precise control 
of sputtering conditions, etc., are also helpful. Varying the target temperature can produce 
the compositional modification: sputtering with a heated TiNi target can limit the loss 
of Ti, thus improving the uniformity of film properties (Ho and Carman, 2000; Ho et al., 
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2002). Good performance TiNi films can also be obtained by post-annealing of multilayer 
of Ti/Ni (Cho et al., 2006). Because contamination is a big problem for good mechanical 
properties of the sputtered TiNi films, it is important to limit the impurities, typically 
oxygen and carbon, to prevent the brittleness, deterioration, or even loss of SME. For this 
reason, the purity of Ar gas and targets is essential, and the base vacuum of the main 
chamber should be as high as possible (usually lower than 10−7 Torr). Pre-sputtering clean-
ing of targets before deposition effectively removes the surface oxides on targets, and thus 
constitutes one of the important steps in ensuring film purity. To deposit films without 
columnar structure (thus with good mechanical properties), a low processing pressure 
of Ar gas (0.5 to 5 mTorr) is essential. Application of bias voltage during sputtering could 

Anode

Substrate

Shutter

Vacuum

Shield

Ti−Ni target

Ar gas

Pure Ti chip

Magnet

r.f. generator

EarthInsulation

Pure Ti chip

Ti−50at.% Ni alloy target 

Sputtered field

Matching box

FIGURE 9.14
A schematic figure showing a radio frequency magnetron sputtering system. (From Miyazaki, S., Ishida, A., 
Mater. Sci. Eng., 273–275, 106–133, 1999, with permission from Elsevier.)
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modify the film microstructure, texture, and stress, thus is also important, but few studies 
have been reported on this topic so far. 

Important sputtering factors which will affect the quality of the films are r.f. power, Ar 
gas pressure, substrate–target distance, substrate temperature, and alloy composition of 
the target used. Figure 9.15 shows the fracture surface of as-deposited thin films. The film 
prepared at a low Ar gas pressure exhibits a flat and featureless structure, whereas films 
prepared at high Ar gas pressure exhibit a columnar structure. This columnar structure 
suggests that the films are porous. This structure seems to be caused by the restricted 
mobility of deposited atoms on the surface of the growing film. A high Ar gas pressure is 
likely to decrease the energy of the sputtered atoms by collision with Ar ions, resulting in 
a decrease in their surface diffusion. Furthermore, under a high Ar gas pressure, Ar ions 
adsorbed on the film surface can interfere with the surface diffusion of sputtered Ti and Ni 
atoms. Of the films prepared at a high Ar gas pressure, the fracture surface of the film pre-
pared at an r.f. power of 600 W seems to be less porous than the other films.

Depending on processing conditions, TiNi films can be deposited at room temperature 
or high temperatures. TiNi films sputtered at room temperature are usually amorphous, 
thus post-sputtering annealing (usually higher than 450°C) is a must because SME only 
occurs in materials of crystalline form. However, martensitic transformation and SE of TiNi 
films are sensitive to post-annealing and/or aging temperature and duration (Lehnert et 
al., 2002; Surbled et al., 2001), thus post-sputtering annealing should be handled with care. 
It is suggested that the lowest possible annealing or aging temperature be used in a bid 
to conserve thermal processing budgets and more importantly minimize the reactions 
between film and substrate (Isalgue et al., 1999). Long-term post annealing and aging pro-
cess should be avoided because it could trigger dramatic changes in film microstructure 
(i.e., precipitation), mechanical properties and SMEs. Films deposited at a relatively high 
temperature (about 400°C) is crystallized in situ, thus there is no need for post-annealing. 
Films can be deposited at relatively high temperatures (400 to 500°C) during sputtering to 
form crystallized phase, then at a relatively lower temperature (about 300°C) to maintain 
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FIGURE 9.15
Cross-section microstructure of TiNi thin films formed under various sputtering conditions. (From Miyazaki, 
S., Ishida, A., Mater. Sci. Eng., 273–275, 106–133, 1999, with permission from Elsevier.)
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a crystalline growth during the later sputtering process. Films can also be deposited at 
a low temperature (about 300°C) to get partial crystallization, then annealed at a higher 
temperature (500°C) for a short time to promote further crystallization. 

Recently a localized laser annealing method was used for TiNi films (Huang et al., 2002), 
where only certain areas of a film are annealed by laser beam to exhibit SME, and the other 
nonannealed areas remain amorphous, thus acting as a pullback spring during cooling pro-
cess. This method opens a new way for fabrication of microdevices (Bellouard et al., 1999). 
The advantages of the localized laser annealing process include: (1) precision in selection 
of the areas to be annealed, down to micron meter scale; (2) noncontact and high efficiency; 
(3) free of restrictions on design and processing; (4) ease in integration in MEMS processes; 
(4) ease in cutting of the final structure using the laser beam. However, still some prob-
lems exist that include: (1) Energy loss. TiNi film surface is usually smooth and reflection 
loss of laser beam energy is a big problem. Possible solutions include selection of excimer 
laser beam, choice of suitable parameters (e.g. wavelength of laser), and surface treatment 
or roughening of film surface to improve laser adsorption. (2) Difficulty in duration control. 
Crystallization of film structure is a thermodynamic process, and it is necessary to main-
tain sufficient treatment time for crystallization to complete. However, overexposure easily 
causes surface damage of the thin films. (3) Need of protection environment, such as Ar gas 
or vacuum condition, which adds complexity and cost to the process. 

TiNi Film Characterization

For freestanding TiNi films, conventional methods, such as DSC and tensile tests (stress–
strain curves) are quite applicable to characterize the SME. The stress–strain and strain–
temperature responses of freestanding films are commonly evaluated using tensile tests 
(Ishida et al., 1996; Ishida et al., 1999). Results show that the stress–strain–temperature rela-
tionship, elongation, fracture stress, and yield stress are at least comparable to (if not better 
than) those of bulk materials, because of the grain size effect (micron or submicron size in 
thin films as compared with tens of microns for bulk materials) (Fu et al., 2003; Matsunaga 
et al., 1999). The difficulties in tensile testing of TiNi thin films include: (1) obtaining free-
standing films without predeformation; and (2) clamping tightly the films on tester grips. 
For MEMS applications, the TiNi films are usually deposited on Si or other substrates. One 
of the important issues in characterization of the TiNi films for MEMS applications is how 
to correctly evaluate the SME and mechanical properties of the constrained thin films on 
substrates. For this purpose, curvature and electrical resistivity measurements are widely 
used (Grummon et al., 1999). Some new methods based on MEMS techniques (Espinosa 
et al., 2003), such as bulge test (Moyne et al., 1999), TiNi/Si diaphragm (Makino et al., 1999, 
2000), cantilever bending, or damping (Craciunescu and Wuttig 2000), are more appro-
priate for microactuator applications, which are compatible with small dimensions and 
high sensitivities. Nanoindentation testing with/or without changes in temperature could 
reveal the different elastic and plastic deformation behaviors of austenite and martensite, 
and is thus also promising for characterization of superelasicity, phase transformation, 
SME, and mechanical properties of the constrained thin films (Ni et al., 2002; Shaw et 
al., 2003; Ma and Komvopoulos, 2003). Indentation of TiNi-based films is strongly depen-
dent on the materials resistance to dislocation. Because the dislocation is closely related to 
fatigue properties of films, indentation for materials characterization is particularly useful 
for MEMS applications, where optimization of fatigue performance is critical.

Recently, an AFM-based in situ testing method has been applied to characterize the 
phase transformation behavior of constrained films (Fu et al., 2004). Figure 9.16 shows two 
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micrographs of AFM surface morphology of TiNi films on Si substrate at a low tempera-
ture (martensite) and a high temperature (austenite), respectively. The surface roughness 
of the martensite is much higher than that of the austenite. With the change in tempera-
ture, the surface roughness changes drastically during transformation between the mar-
tensite and austenite, thus clearly revealing the occurrence of phase transformation. The 
advantages of this method are its nondestructive nature and applicability to very small 
size films (down to nanometers). Moreover, the changes in optical reflection caused by the 
changes in the surface roughness and reflective index can also be used to characterize the 
transformation behaviors of TiNi films (Wu et al., 2006).

There are usually some discrepancies in transformation temperatures obtained from dif-
ferent characterization methods (Fu et al., 2003). The possible reasons include: (1) the phase 
transformation and mechanical behaviors of constrained TiNi films could be different from 
those of freestanding films, due to substrate effect, residual stress, strain rate effect, stress 
gradient effect, and temperature gradient effect; (2) the intrinsic nature of testing method 
(thus the changes in physical properties will not start at exactly the same temperatures); 
(3)  differences in testing conditions, for example, heating/cooling rate; (4) nonuniformity 
of film composition over whole substrate and along cross-section thickness of coating. 
Therefore, it is necessary to identify whether the application is based on the freestanding 
film or constrained film/substrate system, so that a suitable method can be chosen. 

In the following sections, we will discuss the characterization results of TiNi films as 
well as Ti-rich and Ni-rich films.

TiNi Binary Alloy Thin Films

As mentioned above, the as-sputtered TiNi thin films are amorphous if the substrate is 
not heated during deposition. As a consequence, they should be crystallized by heating at 
973 K, which is higher than the crystallization temperature, followed by aging at 773 K for 
various times. The crystalline structures of the Ti–51.9 at.% Ni alloy thin film age-treated 
for 36 ks were determined at three different temperatures, that is, 300, 270, and 200 K, by 
x-ray diffraction. The parent (B2) phase, R-phase, and martensitic (M)0-phase exist inde-
pendently at these temperatures, respectively, as shown in Figure 9.17. The crystal structure 
of the parent phase was determined to be B2, whereas those of the R-phase and M-phase 
were rhombohedral and monoclinic, respectively. The lattice parameters of each phase are 
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AFM surface morphologies of TiNiCu films (a) low temperature in martensite state and (b) high temperature in 
austenite state. (From Fu et al, Sens. Actuat. 112, 395–408, 2004, with permission from Elsevier.)



402	 Biological	and	Biomedical	Coatings	Handbook:	Applications

shown on the right side of the corresponding diffraction profile. The lattice parameters of 
the three phases are essentially the same as those measured in bulk specimens, although 
they differ only slightly depending on the alloy content. The rhombohedral angle α shows 
a unique dependence on temperature. Figure 9.18a shows the temperature dependence of 
α in the Ti–51.9 at.% Ni thin film. The angle starts to decrease at Rs, the temperature for the 
R-phase transformation to start, and gradually decreases with decreasing temperature. 
The lattice constant a of the R-phase is almost constant irrespective of temperature.

Figure 9.18b shows the transformation strains measured in the Ti–51.9 at.% Ni, which 
was crystallized at 973 K for 3.6 ks followed by aging at 773 K for 3.6 ks. The recovery 
strain εA associated with the reverse martensitic transformation increases with increasing 
the applied constant stress applied to the thin film during thermal cycling until reaching a 
strain of about 2.6%. Then, the strain becomes a constant irrespective of the applied stress 
after reaching 2.6% at a critical stress of 300 MPa. The critical stress is the minimum stress 
required for the most preferentially oriented variant to grow almost fully in each grain. 
Therefore, stresses higher than 300 MPa are not effective in increasing εA. The strain εR 
associated with the R-phase transformation is also shown in Figure 9.18b. It also increases 
with increasing applied constant stress until reaching about 0.26%, which is one-tenth of 
εA. After reaching a strain of 0.26% at a stress of about 175 MPa, εR starts to decrease with 

Ti−51.9 at.% Ni thin film
973 K 3.6 ks W.Q. − 773 K 36 ks W.Q.

(011)B2

B2
a0 = 0.3012 nm

(002)B2
(112)B2

1.
00

K 
cp

s

Rhombohedral
a = 0.3012 nm
α = 89.53˚

(101)R

(011)R

–

Monoclinic
a = 0.2883 nm
b = 0.4121 nm
c = 0.4609 nm
β = 96.54˚

(020)M

(111)M
(002)M

(110)M

(022)M (212)M
(013)M (130)M

20,000 40,000 60,000 80,000
2θ (deg)

–

–

In
te

ns
ity

(002)R
(112)R

(211)R
–

FIGURE 9.17
X-ray diffraction profiles of parent B2, R-phase, and monoclinic martensite phase in a Ti51.9 at.% Ni thin film. 
(From Miyazaki, S., Ishida, A., Mater. Sci. Eng., 273–275, 106–133, 1999, with permission from Elsevier.)



Medical	Applications	of	Sputter-Deposited	Shape	Memory	Alloy	Thin	Films	 403

further increasing applied stress. The major reason for the increase in εR before the maxi-
mum point is that the most preferential variant grows with increasing the applied stress, 
whereas the major reason for the decrease in εR after reaching the maximum point is that 
the temperature range where the R-phase can exist becomes narrower with increasing 
the applied stress, so that the lattice distortion of the R-phase becomes less as shown in 
Figure 9.18b.

Table 9.2 shows the transformation strains εA, which were calculated on the basis of the 
lattice distortion from the B2 phase to the M phase, along some specific crystal orienta-
tions and the average strain of εA. The average strain is 8.42%, which is about three times 
that of the observed strain. The reason why the observed strain is so small is not attribut-
able to the texture because the x-ray diffraction pattern of the B2 phase does not reveal a 
strong texture, although the (011) peak intensity is a little larger than that of a TiNi film 
with randomly oriented grains. The possible reason is the strong internal structure con-
sisting of fine Ti3Ni4 precipitates and fine grains of submicron size because such internal 
structure will suppress the growth of the most preferentially oriented M variant. On the 
other hand, Figure 9.19a shows the recovery strain εA in a Ti–50.5 at.% Ni thin film that was 
solution-treated at 973 K for 3.6 ks. Because the solution-treated thin film does not contain 

90.2

90.0

89.8

89.6

89.4

89.2
200 220 240 260 280 300 320 340

Temperature (K)

α 
(d

eg
)

Ti−51.9 at.% Ni thin film
973 K 3.6 ks W.Q. − 773 K 36 ks W.Q.

Rs

5
Ti−51.9 at.% Ni thin film
973 K 3.6 ks W.Q. − 773 K 36 ks W.Q.

4

3

2

1

0
0 100 200 300 400 500 600 700

Applied stress (MPa)
St

ra
in

 (%
) εA (measured)

εR (measured)

(a) (b)

FIGURE 9.18
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TABLE 9.2

Calculated Martensite Transformation Strains along Specific Orientations

Crystal	Orientation
Calculated	Martensitic	

Transformation	Strain	(%)

[0 0 1] 2.63
[0 1 1] 8.20
[ 1 1 1] 9.42
Average strain 8.42

Source: Miyazaki, S., Ishida, A., Mater. Sci. Eng. A, 273–275, 106–133, 1999, with per-–275, 106–133, 1999, with per-275, 106–133, 1999, with per-–133, 1999, with per-133, 1999, with per-
mission from Elsevier.
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fine Ti3Ni4 precipitates, the most preferentially oriented martensite variant can grow eas-
ily under low stresses. The maximum εA observed in Figure 9.19a is 5.8% under a stress of 
470 MPa, at around which macroscopic plastic strain εp appears.

To calculate the transformation strain εR, it is necessary to use the lattice constants of the 
R-phase. The length of each axis of the R-phase unit cell is almost constant irrespective of 
temperature and is the same as that of the B2 phase. Therefore, the transformation strain 
εR depends on the temperature. Figure 9.19b shows calculated strains along some specific 
orientations and also the average strain as a function of temperature, calculated average 
strain is also shown. The strain along each orientation increases with decreasing tem-
perature in the temperature region below Rs: the strain along the orientation (111) shows 
the maximum and that along the orientation (001) the minimum. The observed strain is 
about one-half of the calculated average strain. Because the observed εA is one-third of the 
calculated average strain, the suppressing effect against the growth of the preferentially 
oriented variant is less in the R-phase than that in the M-phase. This can be understood 
in such a way that the transformation strains associated with the R-phase transformation 
is only one-tenth of that associated with the M transformation. Details of the calculation 
methods for the strains associated with the M-phase and R-phase transformations are 
explained in references (Miyazaki, 1988; Miyazaki and Weyman, 1988).

Superelastic Behavior

Figure 9.20 shows stress–strain curves of a Ti–50.3 at.% Ni film at different temperatures. 
Curves (a) and (b) show the stress–strain curves obtained below As so that the shape 
change remains after unloading. The residual strain disappears upon heating to above Af, 
revealing the perfect SME. Curve (c) is obtained by deforming the film at a temperature 
between As and Af so that it shows a partial shape recovery upon unloading and further 
shape recovery upon heating. Finally, curve (d) shows a perfect SE at a temperature above 
Af. Because the SE is accompanied by a stress hysteresis, it is necessary to apply a high 
enough stress to observe such SE. In this case, the maximum stress applied to the film is 
higher than 600 MPa.
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(a) Effect of applied stress on transformation strain and permanent strain in a Ti–50.5 at.% Ni film. (b) Trans-
formation strains associated with R-phase as a function of temperature. (From Miyazaki, S., Ishida, A., Mater. 
Sci. Eng., 273–275, 106–133, 1999, with permission from Elsevier.)
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Texture and Transformation Strain Anisotropy

Specific texture developed in materials causes anisotropic characteristics to appear in 
mechanical, electrical, and magnetic behavior. Shape memory and mechanical properties 
of the TiNi films depends significantly on the orientation of the crystal grains. Deposition 
conditions, film composition, and post-deposition thermomechanical treatment could 
have important consequences on formation and evolution of the film texture. A strong 
film texture may lead to anisotropic SME because the recoverable strain and deformation 
behavior is highly dependent on the film crystallographic orientation (Shu et al., 1998; Liu 
et al., 2005; Gall et al., 1999).

Figure 9.21a and b shows pole figures obtained using diffraction from {110}, {200}, and 
{211} planes in Ti–52.2 at.% Ni and Ti–51.6 at.% Ni thin films, respectively. The Ti–52.2 at.% 
Ni thin film shows a considerably uniform orientation distribution of grains with a weak 
(302) fiber texture, the maximum axis density being only 3.9. On the other hand, the Ti–51.6 
at.% Ni thin film shows a strong (110) fiber texture with a maximum axis density of 110. 
Because the poles of the fiber textures are both normal to film planes, the in-plane crystal 
orientation distribution is uniform so that transformation strain anisotropy is weak in both 
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FIGURE 9.20
Stress–strain curves showing SME and SE in a Ti–50.3 at.% Ni thin film. (From Miyazaki, S., Ishida, A., Mater. 
Sci. Eng., 273–275, 106–133, 1999, with permission from Elsevier.)
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FIGURE 9.21
(a) {110} and {200} pole figures in a Ti–52.2 at.% Ni thin film which was crystallized at 973 K for 3.6 ks; (b) {110} 
and {200} pole figures in a Ti–51.6 at.% Ni thin films which were heat-treated at 673 K for 3.6 ks. Film was sput-
tered on substrate at 623 K. (From Miyazaki, S., Ishida, A., Mater. Sci. Eng., 273–275, 106–133, 1999, with permis-
sion from Elsevier.)
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film planes. Calculated and experimentally measured transformation strains are shown in 
Figure 9.21c and d for the Ti–52.2 at.% Ni and Ti–51.6 at.% Ni, respectively. The experimen-
tal results were obtained under various constant stresses by cooling and heating the films. 
The transformation strain increases with increasing stress. However, it is almost constant 
for each stress irrespective of direction. The calculated results were obtained by assum-
ing that only the most favorable martensite variant grows in the entire grain, so that the 
calculated result gives the maximum recoverable strain, which is always larger than the 
experimental result. This isotropic nature in the transformation strain in the film plane is 
convenient for designing microactuators of TiNi thin films.

Some studies have been done to clarify the texture and the anisotropy in the deformation 
behavior in rolled TiNi thick plates (Inoue et al., 1996). However, few studies have investi-
gated the texture and the anisotropy in shape memory behavior in sputter-deposited TiNi 
thin films with a thickness less than 10 μm. The post-annealed crystallized TiNi films nor-
mally have a strong texture along austenite A (110) (Miyazaki et al., 2000). At room temper-
ature, martensite (200) and (022) peaks become dominant. Hassdorf et al. (2002) deposited 
a TiNiCu film on a SiO2 substrate using molecular beam epitaxy (MBE) technology, and 
found the film has a distinct austenite (200) diffraction peak. The crystallites are oriented 
within ±3° along the film plane normal. The authors pointed out that an intermediate 
Ti2Ni layer is crucial for the formation of (200) texture. Under tensile load, (100) orientation 
is characterized as “hard” because it demonstrates small uniaxial transformation strain 
levels and begins transforming at a significant higher stress (Miyazaki et al., 1984). The 
film with (100) texture has the highest transformation stress compared with (111) and (110) 
texture. The (111) orientation is characterized as “soft” because it demonstrates large uni-
axial transformation strains and low critical transformation stress levels. The recoverable 
strain of TiNi film with A(111) texture is much higher than that of the commonly observed 
(110)  texture. However, so far, (111) dominant texture in TiNi-based films is difficult to 
achieve. It clearly indicates an opportunity to improve SME by targeting special textures 
using a novel processing technique.

Ni-Rich TiNi Alloy Thin Films

Microstructure of Age-Treated Thin Films

Figure 9.22 shows the microstructures of Ti–51.3 at.% Ni thin films aged at various temper-
atures between 573 and 773 K for various times of 1, 10, and 100 h (3.6, 36, and 360 ks) after 
solution treatment at 973 K for 1 h. As can be seen in this figure, the size of the precipitates 
increases with increasing aging temperature and aging time for all the age-treated thin 
films, whereas the grain size is almost constant, about 1 μm. All the precipitates in the fig-
ure are confirmed to be a Ti3Ni4 phase by electron diffraction. The bright field image and 
diffraction pattern of the precipitates in the thin film aged at 673 K for 10 h are shown in 
Figure 9.23. The diffraction pattern is consistent with a mixture of (111) B2 zone and (111) 
Ti3Ni4 zones, and the same diffraction pattern is observed for all the age-treated thin films. 
The bright field image also shows characteristic morphology of Ti3Ni4 precipitates. That is, 
the lenticular shape precipitates are observed along the three directions of [ ]110 B2, [ ]101
B2, and [ ]011 B2, which are the traces of ( )111 B2, ( )111 B2, and ( )111 B2 respectively. Another 
precipitate is located on the (111)B2 plane, which is parallel to the photograph. The sizes of 
the precipitates were measured to describe the fineness of the microstructure. Because the 
precipitates are formed on {111} planes of the B2 phase in a lenticular shape, the longitudi-
nal length was chosen to represent the size of the precipitates. The sizes of the precipitates 
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in the thin films aged at 573 and 623 K are not listed here because the precipitate contrast 
is too weak to measure the size.

Aging Effect

Figure 9.24a shows the effect of aging time on the transformation temperatures of the 
Ti–51.9 at.% Ni alloy thin films which were aged at 773 K for different durations after solu-
tion treatment at 973 K for 3.6 ks. The solid lines show the DSC curves measured upon 
cooling, whereas the dashed curves show those upon heating. Solution-treated film (X = 0) 
shows no transformation peak upon cooling in the DSC curve, indicating that the transfor-
mation temperatures are very low, hence again no reverse transformation peak upon heat-
ing. In age-treated thin films, there are two transformation peaks appearing on each solid 
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FIGURE 9.22
Transmission electron micrographs of Ti3Ni4 precipitates in Ti–51.3 at.% Ni thin films which were solution-
treated at 973 K for 3.6 ks followed by age treatment at 773 K for (a) 3.6 ks; (b) 36 ks and (c) 360 ks, at 673 K for 
(d) 3.6 ks; (e) 36 ks and (f) 360 ks, and at 573 K for (g) 3.6 ks; (h) 36 ks and (i) 360 ks. (From Miyazaki, S., Ishida, A., 
Mater. Sci. Eng., 273–275, 106–133, 1999, with permission from Elsevier.)
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FIGURE 9.23
(a) Bright-field image and (b) electron diffraction pattern of Ti3Ni4 precipitates in a Ti–51.3 at.% Ni thin film 
which was age-treated at 673 K for 36 ks.
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curve; the two peaks denoted by R* and M* correspond to the R-phase and martensitic 
transformations, respectively. Upon heating the age-treated films show only one reverse 
transformation peak A* except for the film aged for 3.6 ks which shows transformation 
peaks A* and RA*. A* points of the films aged for 36 and 360 ks represent the reverse 
transformation from M directly to B2, whereas A* and RA* of the film aged for 3.6 ks 
represent the reverse transformation from M to R and from R to B2, respectively. Both of 
the R* and M* show an aging effect which causes them to increase with increasing aging 
time. However, M* increases more sensitively to the aging time than R*. The increase in 
M* and R* can be explained by the decrease in the Ni content of the matrix of the film 
because the growth of the Ti3Ni4 precipitates will consume excess Ni in the matrix and the 
transformation temperatures increase with decreasing Ni content of the matrix.

The shape memory behavior of the thin films is shown in Figure 9.24b. Strains were mea-
sured upon cooling (solid lines) and heating (dashed lines) under 240 MPa in the Ti–51.9 
at.% Ni thin films which were aged at 773 K for 0, 3.6, 36 and 360 ks, respectively. Two-stage 
shape change appears both at Rs and Ms in the age-treated thin films, whereas a single-
stage shape change at Ms in the solution-treated thin film. All the Rs and Ms in Figure 9.24b 
are higher than those estimated by the DSC curves because the DSC curves were mea-
sured under no load, whereas the strain was measured under stress: the stress increases 
the transformation temperatures following the Clausius–Clapeyron relationship. Because 
Ms (or M*) increases more effectively by aging than Rs (or R*), the temperature differ-
ence between Rs and Ms becomes smaller with increasing aging time. The strain induced 
by the transformations increases with increasing aging time, indicating that as the Ti3Ni4 
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FIGURE 9.24
(a) Effect of aging time on transformation temperatures measured by DSC in the Ti–51.9 at.% Ni thin film. (From 
Miyazaki, S., Ishida, A., Mater. Sci. Eng., 273–275, 106–133, 1999, with permission from Elsevier.) (b) Effect of 
aging time on the shape memory behavior in the Ti–51.9 at.% Ni thin film. (From Miyazaki, S., Ishida, A., Mater. 
Sci. Eng., 273–275, 106–133, 1999, with permission from Elsevier.)
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precipitates grow by aging they lose the suppressing force against the growth of the pref-
erentially oriented martensite variants.

The aging effect was also investigated in the Ti–43.9 at.% Ni thin films. There is no aging 
effect observed in the transformation temperatures as shown by the DSC results in Figure 
9.25a. Two-stage transformation behaviors are observed both upon cooling and heating. 
The appearance of the R-phase is usually attributed to a fine internal structure consist-
ing of dislocations and/or precipitates in bulk specimens. However, the R-phase cannot 
be attributed to such internal structure in the Ti–43.9 at.% Ni thin film because there are 
neither dislocations nor Ni-rich Ti3Ni4 precipitates. The cause for the appearance of the 
R-phase is considered to be another fine internal structure consisting of Ti2Ni compounds 
and small grains. The grain size of sputter-deposited TiNi thin films generally ranges from 
0.5 μm to several microns, whereas the grain size of solution-treated bulk TiNi alloys is up 
to several tens of microns. This fine internal structure in the thin films also suppresses the 
martensitic transformation more effectively than the R-phase transformation.

Figure 9.25b shows the shape memory behavior in the thin films. Again no aging effect 
is observed in the shape memory behavior. The transformation temperatures and trans-
formation strains do not change with aging time. The reason why there is no aging effect 
in the Ti–43.9 at.% Ni thin film is that in Ni-poor TiNi alloy, the Ti3Ni4 precipitates cannot 
be created, so that there is no variation in Ni content of the matrix. The strain-versus-
temperature curves clearly show two-stage deformation behavior both upon cooling and 
heating, corresponding to the two-stage transformation behavior in Figure 9.25b.

Ms of both the Ti–51.9 at.% Ni and Ti–43.9 at.% Ni thin films are replotted against aging 
time in Figure 9.26, where Ms measured by both DSC and mechanical tests are included. 
Controlling transformation temperature is one of the important techniques to fabricate 
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(a) Effect of aging time on transformation temperatures measured by DSC in the Ti–43.9 at.% Ni thin film. 
(From Miyazaki, S., Ishida, A., Mater. Sci. Eng., 273–275, 106–133, 1999, with permission from Elsevier.) (b) Effect 
of aging time on shape memory behavior in Ti–43.9 at.% Ni thin film. (From Miyazaki, S., Ishida, A., Mater. Sci. 
Eng., 273–275, 106–133, 1999, with permission from Elsevier.)
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SMA thin film microactuators suitable for various purposes. The Ms increases with increas-
ing aging time in the Ti–51.9 at.% Ni, whereas there is no aging effect in the Ti–43.9 at.% Ni 
film. These alloys are considered to possess an advantageous characteristic for fabricating 
microactuators, that is, the Ni-rich alloy shows the aging effect so that the transformation 
temperatures are adjustable by heat treatment even if the alloy content of the thin film 
cannot be adjusted as one wishes, whereas the Ni-poor alloy does not show aging effect so 
that the transformation temperatures are less sensitive to the variation of heat treatment 
condition. Besides, the Ni content of the matrix is also constant irrespective of nominal 
composition because the formation of Ti2Ni keeps the Ni content of the matrix to be of 
equilibrium. Hence the transformation temperatures are insensitive to nominal composi-
tion of the Ni-poor thin films.

However, because as-sputtered thin films are amorphous in Ni-poor (or Ti-rich) films if 
the heat-treatment is not sufficient to achieve an equilibrium condition, nonequilibrium 
condition can exist so that transformation temperatures and shape memory behavior will 
show sensitivity to heat treatment.

Ti-Rich TiNi Alloy

Nonequilibrium Phase and Composition

Because as-sputtered TiNi thin films are amorphous if the substrate temperature is not 
raised intentionally, the Ti-rich or Ni-rich TiNi thin films can contain excess Ti or Ni atoms, 
respectively, in the amorphous phase. Although equilibrium composition of TiNi varies 
depending on temperature, generally speaking, it only ranges from 49.5 at.% Ni to 50.5 at.% 
Ni, where the B2 single phase is stable above Ms. Therefore, both Ti-rich or Ni-rich TiNi 
thin films may reveal nonequilibrium phases during a crystallization process.

Figure 9.27a shows a high-resolution electron micrograph of a Ti–48.2 at.% Ni thin film 
which was heated at 745 K for 3.6 ks. The electron diffraction pattern taken from this area 
is shown in Figure 9.27b. The same internal structure can be observed in the Ti–48.2 at.% 
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FIGURE 9.26
Effect of aging time on martensitic transformation start temperature Ms in Ti–51.9 at.% Ni and Ti–43.9 at.% 
Ni thin films. (From Miyazaki, S., Ishida, A., Mater. Sci. Eng., 273–275, 106–133, 1999, with permission from 
Elsevier.)
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Ni which was heated at 773 K for 0.3 ks (5 min) as shown in Figure 9.28a. The correspond-
ing diffraction pattern in Figure 9.28b shows a (100) zone pattern of the B2 parent phase. 
This observation indicates that the nonequilibrium Ti-rich platelets can be formed at the 
initial stage of heating even at considerably high temperatures. Figure 9.29a and b shows a 
bright-field image and the corresponding diffraction pattern of the same alloy film which 
was heated at 773 K for 3.6 ks. Figure 9.29a reveals spherical precipitates which appear as 
Moiré patterns in addition to the Ti-rich platelets. These spherical precipitates can be dis-
tinguished from the Ti-rich platelets by taking a picture in random orientation, as shown 
in Figure 9.29c. The formation of the spherical precipitates produces extra spots in the dif-
fraction pattern in addition to the streaks due to the platelets (Figure 9.29b). These extra 
spots could be indexed as a Ti2Ni phase.

Figures 9.30a and b show bright-field images of a Ti–48.2 at.% Ni thin film annealed at 
773 K for 36 ks. The corresponding electron beams are parallel to the (100) and (111) of B2, 
respectively. In both figures, the spherical precipitates are distinguished by Moiré pat-
terns. Moiré fringes are parallel to the {110} planes of B2. The Ti2Ni is an equilibrium phase. 
However, such uniform distribution of Ti2Ni precipitates in grains is not of an equilibrium 
state. In case of Ti-rich TiNi bulk materials, the Ti2Ni precipitates preferentially distribute 
along grain boundaries. Such equilibrium distribution of Ti2Ni can be formed in the film 
when it is heated for a longer time or at higher temperatures. More detailed information 
can be found in the study of Zhang et al. (2006).
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FIGURE 9.27
(a) High-resolution electron micrograph of a T-48.2 at.% Ni thin film heated at 745 K for 3.6 ks and (b) cor-
responding diffraction pattern. (c) Enlarged micrograph of a part of (a), showing details of plate precipitates. 
(From Miyazaki, S., Ishida, A., Mater. Sci. Eng., 273–275, 106–133, 1999, with permission from Elsevier.)
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FIGURE 9.28
(a) Bright-field image and (b) the corresponding diffraction pattern of a Ti–48.2 at.% Ni thin film heated at 
773 K for 0.3 ks. (From Miyazaki, S., Ishida, A., Mater. Sci. Eng., 273–275, 106–133, 1999, with permission from 
Elsevier.)
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Strengthening Mechanism

As described above, the internal structure of the Ti-rich TiNi thin film evolves by means of 
changing the type of phases and their distribution. Therefore, it is expected that there will be 
an optimum heat treatment condition for shape memory characteristics. Figure 9.31 shows a 
typical result of a mechanical test in which a Ti–48.2 at.% Ni thin film was thermally cycled 
between 140 and 550 K under various constant stresses. The specimen was heat-treated at 
745 K for 3.6 ks before the test. The test was performed in such a way that the magnitude of 
the applied stress was increased stepwise in each thermal cycle, starting from 30 MPa. One 
specimen was used throughout the whole test. It is revealed in Figure 9.31 that the recover-
able strain (εA) increases with increasing stress, up to 5.5% at 240 MPa without noticeable 
plastic strain involved. Above this stress level, the plastic strain εp in each thermal cycle 
gradually increases to nearly 1% at 570 MPa. However, it should be noted that a recoverable 
strain of about 5% can still be obtained under such a high level of stress.

The critical stress σs, below, which any appreciable amount of σp could not be detected 
in the thermal cycle test, was measured in specimens heat-treated at various temperatures 
for 3.6 ks. The results are shown in Figure 9.32a, where σs is plotted as a function of heat-
treatment temperature Th. The critical stress σs rapidly increases with decreasing Th below 
820 K. Above 820 K, σs appears to be almost constant. This critical temperature of 820 K 
coincides with the heat-treatment temperature above which subnanometric nonequilib-
rium plate precipitates are no longer observable. This indicates that the formation of the 
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FIGURE 9.29
Microstructure of a Ti–48.2 at.% Ni thin film heated at 773 K for 3.6 ks; (a) bright-field image; (b) corresponding 
diffraction pattern; and (c) bright-field image taken in random orientation. (From Miyazaki, S., Ishida, A., Mater. 
Sci. Eng., 273–275, 106–133, 1999, with permission from Elsevier.)
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FIGURE 9.30
Bright-field images of a Ti–48.2 at.% Ni thin film heated at 773 K for 36 ks. Electron beams are parallel to (a) (100) 
and (b) (111), respectively. (From Miyazaki, S., Ishida, A., Mater. Sci. Eng., 273–275, 106–133, 1999, with permission 
from Elsevier.)
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FIGURE 9.31
Strain–temperature curves under constant stresses for a Ti–48.2 at.% Ni thin film which was heated at 745 K for 
3.6 ks. (From Miyazaki, S., Ishida, A., Mater. Sci. Eng., 273–275, 106–133, 1999, with permission from Elsevier.)
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Variation in (a) critical stress for slip and (b) maximum recoverable strain as a function of heat-treatment tem-
perature. (From Miyazaki, S., Ishida, A., Mater. Sci. Eng., 273–275, 106–133, 1999, with permission from Elsevier.)
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nonequilibrium plate precipitates is an important factor for the remarkable increase in 
σs below 820 K. The maximum value of σs, 260 MPa, was obtained in the specimen heat-
treated at 687 K for 6.4 ks (open circle in Figure 9.32a).

The maximum recoverable strain εA
max for each heat treatment condition was obtained 

by the thermal cycling test and plotted as a function of Th in Figure 9.32b. As shown in the 
figure, εA

max increases with decreasing Th or increasing σs until Th reaches down to 773 K. 
Below 773 K, however, εA

max decreases with further decreasing Th. The εA
max decreases at 

687 K, because the crystallization does not complete for this heat treatment. Heating at this 
temperature for 6.4 ks caused εA

max to increase as shown in Figure 9.32b because further 
precipitation of the plate precipitates and further crystallization occur.

TiNiX Ternary Alloy Thin Films

TiNiCu Films

Applications of microactuators require high frequency and fast response (narrow transfor-
mation temperature range and hysteresis). One of the challenges for the successful applica-
tion of TiNi films is effective reduction of hysteresis and increase in operating frequency. 
The binary TiNi alloy films have a large temperature hysteresis of about 30°C, and TiNi 
films with small hysteresis are preferred for faster actuation. Addition of Cu in TiNi films 
is effective in reducing the hysteresis (Du and Fu, 2004). Compared with TiNi binary alloy, 
TiNiCu alloys also show less composition sensitivity in transformation temperatures, 
lower martensitic yield stress, and superior fatigue property, and so on, which make them 
more suitable for microactuator application (Chang and Grummon, 1997).

Figure 9.33 shows DSC curves measured in the TiNiCu thin films (Miyazaki and Ishida, 
1999). The solid lines indicate the transformation upon cooling, whereas the dashed lines 
indicate the reverse transformation upon heating. The Ti–48.7 at.% Ni binary and the 
Ti–42.6Ni–5.0Cu (at.%) ternary alloys show single peak associated with the transformation 
from B2 (parent phase) to M (monoclinic martensite) upon cooling and associated with the 
reverse transformation from M to B2 upon heating, respectively. The sharpness of these 
peaks indicates that the distribution of alloy composition is uniform. The DSC curve of 
Ti–37.0Ni–9.5Cu (at.%) film shows two peaks. The first peak is very sharp and high, but the 
second one is very diffuse and almost invisible. However, when the ordinate of the curve 
is magnified, the second peak becomes visible. Based on the x-ray diffraction results, it 
is confirmed that the former transformation is associated with the transformation from 
B2 to O (orthorhombic martensite) upon cooling and the reverse transformation from O 
to B2 upon heating. The lattice parameters of these three phases (B2, O, M) are shown 
in Table 9.3. The Ti–26.6Ni–18.0Cu (at.%) shows only single-stage transformation which 
is associated with the transformation from B2 to O upon cooling and the corresponding 
reverse transformation from O to B2 upon heating, respectively. The transformation tem-
perature from O to M is supposed to decrease significantly with an addition of Cu, so that 
it becomes unmeasurable.

Figure 9.34 shows the transformation temperatures of as a function of Cu content, M* 
and O* being the transformation peak temperatures of the B2 to M (or O to M) and B2 to O, 
respectively, while MA* and OA* the transformation peak temperatures of the correspond-
ing reverse transformations, respectively. These temperatures are as high as those of bulk 
specimens, implying that the thin films contain few impurities. The M* decreases slightly 
with increasing Cu content until 9.5 at.%. The 9.5 at.% Cu alloy shows a two-stage transfor-
mation, the first transformation temperature O* being 314 K and the second one M* being 
270 K. By adding Cu furthermore, M* decreases drastically, whereas O* increases slightly. 
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The transformation hysteresis, (MA*–M*) or (OA*–O*), shows a strong dependence on Cu 
content, as shown in Figure 9.34. A stronger Cu dependence of the hysteresis is observed 
in the single-stage transformation region than in the two-stage transformation region. The 
hysteresis decreases from 27 to 11 K with increasing Cu content from 0 to 9.5 at.%, and this 
property is comparable to that of bulk specimens.

Figure 9.35 shows the strain versus temperature (ε–T) curves for Ti–Ni–Cu alloy thin 
films measured during cooling and heating under a variety of constant stresses. The ε–T 
curves measured under the same stresses (60, 120, 180 MPa) in each specimen are shown 
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DSC curves showing transformation behavior in TiNiCu alloy thin films. (From Miyazaki, S., Ishida, A., Mater. 
Sci. Eng., 273–275, 106–133, 1999, with permission from Elsevier.)

TABLE 9.3

Lattice Parameters of Ti–37.0Ni–9.5Cu (at.%)

a	(nm) b	(nm) c	(nm) α	(°) β	(°) γ	(°)

B2 0.3032 0.3032 0.3032 90.00 90.00 90.00
Orthorhombic 0.2875 0.4198 0.4508 90.00 90.00 90.00
Monoclinic 0.3031 0.4254 0.4828 90.00 96.96 90.00

Source: Miyazaki, S., Ishida, A., Mater. Sci. Eng. A, 273–275, 106–133, 1999, with permission from Elsevier.
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to clarify the effect of the Cu content on the deformation behavior. The 0 at.% Cu (binary) 
alloy thin film shows a single-stage shape change associated with the transformation from 
B2 to M upon cooling. The deformation starts at Ms and finishes at Mf; the strain induced 
here is estimated as εM, which generally consists of recoverable transformation strain and 
unrecoverable plastic strain. The elongated specimen contracts toward its original shape 
because of the reverse martensitic transformation upon heating; the recovery strain is 
estimated as εA. The unrecoverable strain εP is the permanent strain due to slip deforma-
tion which occurs during the transformation. Both the transformation strains εM and εA 
increase with increasing stress until the stress reaches a critical value under which the 
most preferential martensite variant will occupy the most part of the specimen.

The 5.0 at.% Cu specimen also shows a single-stage deformation associated with the 
transformation from B2 to M, similar to the 0 at.% Cu specimen. The strain and the shape 
of the ε–T curve are similar to those of the 0 at.% Cu specimen except the temperature hys-
teresis. This indicates that the addition of Cu is effective in reducing the hysteresis even 
though the structural change in the transformation is the same as that of the binary alloy. 
By adding further Cu, a two-stage deformation is observed for 9.5 at.% Cu. The first shape 
change is associated with the B2–O transformation, whereas the second shape change is 
associated with the O–M transformation. The first shape change occurs in a narrow tem-
perature region, whereas the second in a broad temperature region. The temperature hys-
teresis of the first stage transformation is smaller than that of the 5 at.% Cu specimen. The 
ε–T curve of the 18.0 at.% Cu shows only a single-stage deformation again, although it is 
associated with the transformation B2–O. The strain induced by the transformation is very 
small.

The maximum of the recovery strain εA
max is shown as a function of Cu content in Figure 

9.36a. Open squares show the εA
max associated with the B2–M transformation in the speci-

mens with 0, 1.7, and 5.0 at.% Cu or the B2–O–M transformation in the 9.5 at.% Cu speci-
men. Closed triangles show the εA

max associated with the B2–O transformation in the 
Cu-rich specimens. The εA

max is almost constant regardless of Cu content if the Cu content is 
less than 9.5 at.%, whereas it decreases from 3.9% to 1.1% with increasing Cu content from 
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(a) Cu-content dependence of transformation temperatures (M*, O*, A*, OA*) in TiNiCu thin films. (b) Effect of 
Cu content on transformation temperature hysteresis in TiNiCu alloy thin films. (From Miyazaki, S., Ishida, A., 
Mater. Sci. Eng., 273–275, 106–133, 1999, with permission from Elsevier.)
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9.5 at.% to 18.0 at.% in the Cu-rich region where the transformation only occurs from B2 
to O. This Cu dependence of the εA

max in the thin films is similar to that in bulk specimens. 
However, the εA

max is a little smaller than that of the bulk specimens in the Cu-poor region. 
This is supposed to come from the grain size effect; that is, the grain size of thin films is 
smaller than that of bulk specimens. 

The permanent strain εP due to slip deformation appears when the specimen is subjected 
to thermal cycling under a constant stress which is higher than the critical stress for slip. 
The critical stress for slip σs can be estimated by extrapolating the data of σP to zero strain 
in a diagram showing the σp versus constant applied stress relationship. Values of σs esti-
mated in this way are shown in Figure 9.36b. It is found that σs increases with increasing 
Cu content. For example, σs of the 0 at.% Cu specimen is only 55 MPa and that of the 18 
at.% Cu specimen increases to 350 MPa, showing that the addition of Cu is also effective to 
increase the stress for slip.
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Elsevier.)
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Two factors are considered to be the causes for the effect of the addition of Cu on the 
critical stress for slip, that is, (1) solid-solution hardening due to the third element and 
(2) small transformation strain. Therefore, the addition of Cu is quite effective not only to 
decrease the temperature hysteresis but also to stabilize the SME.

TiNiPd Films

The working principle of TiNi microactuators renders them very sensitive to environment. 
The maximum transformation temperature of binary TiNi thin films is usually less than 
100°C. However, a lot of MEMS applications require higher temperatures. For examples, 
in automobile applications, the transformation temperature required is up to 150°C, and 
in high-temperature gas chromatography the operation temperature is up to 180°C, and 
so on. Ternary system is a solution. By adding a varying amount of a third element, such 
as Pd, Hf, Zr, Pt, Au, and so on, into the binary alloys, one can easily adjust the transfor-
mation temperatures from 100°C to 600°C. TiNiPd and TiNiHf films are also effective in 
decreasing the temperature hysteresis, thus promising for quick movement at higher tem-
peratures (Sawaguchi et al., 2002). The potential problem is that all these high temperature 
ternary thin films are high cost with poor SME and thermal stability as well as brittleness 
(Grummon, 2003). A small amount of Pd or Pt addition (less than 10 at.%) could reduce 
martensitic transformation temperatures rather than increase them (Fu and Du, 2003). 
Slight increase in Ni content in film can dramatically decrease the phase transformation 
temperatures. However, Hf increases transformation hysteresis, whereas Pd is effective 
in decreasing the transformation hysteresis apart from increasing transformation tem-
peratures. Because of this reason, Pd addition is more promising for applications. Figure 
9.37a shows the effect of Pd content on the transformation temperatures (Ms, Os, Rs) in the 
TiNiPd thin films which were annealed at 973 K for 3.6 ks, Ti content being kept between 
50.0 and 51.0 at.%. Ms decreases slightly with increasing Pd content until about 6 at.%, then 
increases up to 390 K, which is 54 K higher than that of the binary TiNi film, with further 
increasing Pd content until 22 at.%. On the other hand, it is also found that the transfor-
mation temperature hysteresis is strongly affected by Pd content, that is, it decreases with 
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(a) Cu-content dependence of maximum recovery strain in TiNiCu thin films. (Miyazaki and Ishida, 1999, with 
permission from Elsevier.) (b) Cu-content dependence of the critical stress for slip in TiNiCu thin films. (From 
Miyazaki, S., Ishida, A., Mater. Sci. Eng., 273–275, 106–133, 1999, with permission from Elsevier.)
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increasing Pd content down to about 10 K as shown in Figure 9.37b. This is an unexpected 
phenomenon, but both effects of Pd addition are useful for quick response in actuation.

Figure 9.38 shows the strain versus temperature relationships of a Ti–26.4Ni–21.8Pd (at.%) 
thin film. Upon thermal cycling, the shape changes occur in a higher temperature region 
than the binary TiNi and ternary TiNiCu alloys. TiNiPd thin films with different Pd con-
tents were investigated. The transformation temperatures during shape change decrease 
with increasing Pd content until reaching 7 at.% Pd, then start to increase and become 
higher than those of the TiNi binary alloy when the Pd content is more than 17 at.%. The 
Ti–26.4Ni–21.8Pd (at.%) alloy thin film has not only higher transformation temperatures 
but also has a higher resistance against slip because an almost perfect shape recovery 
exhibits even under a stress of 200 MPa. The maximum recoverable strain is about 2.5%, 
and it is the smallest among TiNiCu, TiNiPd ternary and TiNi binary alloy films. The small 
transformation strain is also another reason for high critical stress for slip in addition to a 
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solid-solution hardening effect by the third element of Pd. The summary of the transfor-
mation and shape memory characteristics of these three alloy thin films is shown in Table 
9.4. M*(O*) and A*(OA*) are abbreviations of the transformation peak temperatures for 
the martensitic (orthorhombic) and reverse-martensitic (reverse-orthorhombic) transfor-
mations, respectively, were measured by DSC. Hys is an abbreviation of the temperature 
hysteresis, that is, the temperature difference between M*(O*) and A*(OA*). εA

max and σs 
stand for the maximum recoverable transformation strain and the critical stress for slip, 
respectively.

Film Stress and Stress Evolution

Film stress and stress evolution in the films could pose potential problems in applications, 
as it may influence not only adhesion between film and substrate, but also deformation 
of MEMS structure, mechanics, and thermodynamics of transformation and SE effects, 
and so on (Craciunescu et al., 2003). Large residual stress could lead to either film crack-
ing or decohesion under tension, or film delamination and buckling under compression. 
Deposition conditions, post-deposition thermomechanical treatment, and composition of 
the TiNi films could have important consequences with respect to the development of 
residual stress. These have been studied in detail and reported in Fu et al. (2003). In the 
crystalline TiNi films, large tensile stress is generated during heating due to the phase 
transformation from martensite to austenite, whereas during cooling, the martensitic 
transformation occurs and the tensile stress drops significantly because of the formation 
and alignment of twins. The stress generation and relaxation behaviors upon phase trans-
formation are significantly affected by film composition, deposition, and/or annealing 
temperatures, which strongly control the formation and evolution of intrinsic stress, ther-
mal stress, and phase transformation behaviors (Fu and Du, 2003).

Using the curvature method, stress change as a function of temperature can be mea-
sured in situ with change in temperature. The martensitic transformation temperatures 
and hysteresis, multistage transformation, and magnitude of shape recovery can be eas-
ily obtained from the stress–temperature curves (Fu and Du, 2002, 2003; Fu et al., 2003). 
Figure 9.39a shows a typical curve of the measured stress of a Ti50Ni46Cu4 film as a function 
of temperature up to 100°C. The stress-versus-temperature plot shows a closed hysteresis 
loop shape. At room temperature, the stress is tensile with a low value. During heating, 
the tensile stress increases significantly because of the phase transformation from mar-
tensite to austenite. Above austenite transition start temperature (As), the stress increases 
linearly until the temperature reaches to austenite transition finish temperature (Af). With 

TABLE 9.4

Transformation and Shape Memory Characteristics of Ti–Ni, Ti–Ni–Cu, and Ti–Ni–Pd Alloy 
Thin Films

Ti–Ni	(M-Phase) Ti–Ni–Cu	(O-Phase) Ti–Ni–Pd	(O-Phase)

M*(O*) (K) 332 313 385
A*(OA*) (K) 359 324 401
Hys (K) 27 11 16
εA
max (%) 3.8 3.0 2.5

σS (MPa) 90 173 200

Source: Miyazaki, S., Ishida, A., Mater. Sci. Eng. A, 273–275, 106–133, 1999, with permission from Elsevier.
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the further increase of temperature, the transformation completes and thermal stress gen-
erates, with the stress values decreasing linearly because of the difference in coefficient of 
thermal expansion (CTE) between the TiNiCu film (αTiNiCu = 15.4 × 10−6/°C) and Si substrate 
(αSi = 3 × 10−6/°C). The theoretical slope of stress versus temperature due to pure thermal 
effect can be calculated using the following equation

 dσ/dT = (ETiNiCu/(1 − υTiNiCu))(αS − αTiNiCu) (9.10)

in which ETiNiCu is the Young’s modulus of TiNiCu film (about 78 GPa according to nano-
indentation results); υTiNiCu is the Poisson ratio of TiNiCu film (about 0.33). The calculated 
data of dσ/dT is about  1.44 MPa/°C, which matches well with the experimental data of  1.38 
MPa/°C. During cooling, tensile thermal stress develops in the TiNiCu films at a rate of 
 1.38 MPa/°C. When the temperature is just above martensitic transition start temperature 
(Ms), the residual stress reaches its maximum value. Cooling below Ms, the martensitic 
transformation occurs and the tensile stress decreases significantly because of the forma-
tion and alignment of twins (shear-induced phase transformation) (Duerig and Wayman, 
1990).

A typical stress evolution versus temperature curve of a Ti50Ni50 film on Si is shown in 
Figure 9.39b. It shows a one-stage transformation corresponding to martensite (B19→) to 
austenite (B2) transformation during heating, and a two-stage transformation during cool-
ing corresponding to transformations among martensite, R-phase, and austenite phases. 

The stress evolution of an amorphous TiNiCu film during annealing up to 650°C is 
shown in Figure 9.40a (Fu et al., 2005). In the beginning, below 150°C (from a to b), a net 
compressive stress increases linearly, indicating that thermal stress is at play: compressive 
stress results because the film expands more than 4 times that of the substrate (CTE) of 
TiNiCu film, αf, is about 15.4 × 10−6/K and that of Si substrate, αSi, is 3 × 10−6/K. However, 
above 120°C (i.e., after b), the tensile component prevails such that the net stress becomes 
less compressive as a result of densification with increasing temperature. Further heating to 
about 435°C (point c), crystallization of TiNiCu film occurs and densification ends. After c, 
heating-generated stress (compressive) prevails, resulting in an almost linear increase in 
net stress. From d to e, cooling-induced thermal stress (now tensile) increases linearly with 
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decreasing temperature. At e, martensitic transformation starts (Ms). With further decrease 
in temperature, significant decrease in stress occurs (from e to f). Figure 9.40a clearly shows 
that an appropriate annealing temperature is needed to promote the film crystallization, 
thus the phase transformation can occur above room temperature and the large thermal 
stress generated during cooling can be released significantly (Miyazaki and Ishida, 1999). 
Fu et al. (2004) studied the fatigue of the constrained TiNi films using the curvature method 
by investigating the changes in recovery stress during thermal cycling. Results show that 
the recovery stress of the TiNi films from curvature measurement decreases dramatically 
in the first tens of cycles and becomes stable after thousands of cycles (with one example 
shown in Figure 9.40b). This reduction of the recovery stress is believed to result from the 
dislocation movement, grain boundary sliding, void formation, or partial debonding at the 
film/substrate interfaces, nonrecoverable plastic deformation, changes in stress, and so on. 
Transformation temperatures also change dramatically during cycling. The repeated phase 
changes will alter the microstructure and hysteresis of the transformation and in turn lead 
to changes in transformation temperatures, recovery stresses, and strains.

The stress evolution could have significant effect on the film surface morphology evolu-
tion. Significant surface relief (or surface upheaval), caused by the martensitic transforma-
tion, is commonly observed in TiNi bulk materials and has recently also been reported in 
the sputtered TiNi thin films (He et al., 2004). During the martensitic transformation, the 
atomic displacement introduces stacking faults that lead to surface relief morphology on 
the film surface. A flat surface in austenite transforms to twinned martensite upon cooling 
and becomes rough, without a macroscopic shape change, and vice versa. Fu et al. (2006) 
reported a phenomenon of film surface morphology evolution between wrinkling and sur-
face relief during heating/cooling in a sputtered TiNiCu thin film (see Figure 9.41). In situ 
optical microscopy observation upon heating revealed that the interweaving martensite 
plate structure disappeared. However, many radial surface wrinkles formed within the 
original martensitic structure. Further heating up to 300°C did not lead to much change in 
these wrinkling patterns. On subsequent cooling to room temperature, the twinned mar-
tensite plates or bands reformed in exactly the same wrinkling patterns as those before 
thermal cycling. After post annealing, a partially crystallized TiNiCu films at 650°C, 
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optical microscopy (at room temperature) revealed an interconnected network structure 
of trenches on the film surface (see Figure 9.42) (Wu et al., 2006). In situ observation using 
optical microscopy, interferometry, and AFM during heating/cooling showed that these 
trenches gradually disappear upon heating, and the film surface becomes smooth and 
featureless. On subsequent cooling the trenches reappeared, with almost the identical sur-
face morphology as present before heating, and the surface became slightly opaque and 
cloudy.

The formation of the shape memory trenches and wrinkling are due to the significant 
stress changes upon thermal cycling. It is well known that a TiO2 and oxygen diffusion 
layer of tens of nanometers thick can easily form on the surface of the TiNi-based thin 
films, and this surface oxide layer could act as a rigid elastic layer on top of ductile marten-
site. During cooling, the difference between the thermal expansion coefficient of the oxide 
layer and TiNiCu thin film causes the oxide layer in compression, and theoretical calcula-
tion also verifies this conclusion. During cooling, the austenite transforms into martensite, 
along with the significant release of tensile stress. The relaxation of the in-plane compres-
sive stress in the oxide layer on the martensite layer causes the out-of-plane wrinkling 
phenomenon by minimizing the total elastic energy in the film and the substrate.

Substrate effect is also significant in the stress generation and evolution because the dif-
ference in thermal expansion coefficients between substrate and TiNi films significantly 
affects the thermal stress. The film intrinsic stress is also critically dependent on the mis-
match between film and substrate. So far, most studies have been focused on Si-based 
substrates for MEMS applications. TiNi deposited on other substrates (with different CTE) 
could result in different stress state (compress or tensile) and stress–temperature evolution 
behaviors, thus detailed studies of substrate effect on stress state, SME, phase transforma-
tion, and mechanical properties of TiNi films deserve more systematic effort (Winzek et 
al., 1999).

To minimize the residual stress in TiNi films, it is necessary to: (1) precisely control the 
Ti/Ni ratio; (2) deposit films at a possible lower pressure; (3) select a suitable deposition 
temperature or annealing temperature, with a compromise between thermal stress and 
intrinsic stress; (4) use interlayers (with possible compressive stress) to reduce large tensile 
stress in TiNi films; (5) perform post-annealing, ion beam post-modification, or in situ ion 
beam modification during sputtering to reduce intrinsic stress; (6) select suitable substrate 
to reduce thermal stress.

10 µm

(a) (b)

FIGURE 9.41
Surface morphology evolution with temperature for TiNiCu film (a) surface relief morphology, (b) surface wrin-
kles at 100°C. (From Fu et al., J. Micromech. Microeng., 18, 035026, 2008, with permission to use from American 
Scientific Publisher, USA.)
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Frequency Response

Applications of microactuators require not only large recovery stress and large transfor-
mation deformation, but also high frequency and fast response (narrow transformation 
hysteresis). One of the challenges for the successful application of TiNi films is effective 
reduction of hysteresis to increase operating frequency. External heat is necessary for gen-
erating phase transformation and actuation, and the response speed of TiNi microactua-
tors is mainly limited by their cooling capacities. The binary TiNi alloy films have a large 
temperature hysteresis of about 30°C. TiNi films with smaller hysteresis are preferred for 
faster actuation. The hysteresis could be slightly reduced by decreasing the cyclic tempera-
ture amplitude and/or increasing working stress. R-phase transformation usually has a 
much smaller temperature hysteresis, which is useful for MEMS applications (Tomozawa, 
2006). However, the problem in R-phase transformation is that the strain and stress (or 
force) generated are too small to be of many practical uses. Addition of Cu in TiNi films is 
effective in reducing the hysteresis. Compared with TiNi binary alloy, TiNiCu alloys also 
show less composition sensitivity in transformation temperatures, lower martensitic yield 
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stress, and superior fatigue property, and so on, which make them more suitable for micro-
actuator application. However, the transformation temperatures of TiNiCu films decrease 
slightly, and the transformation becomes weaker with the increase in Cu contents, in terms 
of recovery stress, maximum recovery strain and heat generation, and so on. Also, the film 
becomes brittle when Cu content is more than 10 at.%.

Generally speaking, the constrained films have smaller hysteresis as compared with 
freestanding films, and the films with larger compressive stress could have much smaller 
(even almost zero) hysteresis compared with films with large tensile stress. Therefore, 
selection of a suitable substrate (with larger thermal expansion coefficient than TiNi film) 
could help generate large compressive stress, thus a smaller hysteresis. An alternative is to 
use an external heat sink. TiNi-based films can be deposited on a suitable substrate with 
good thermal conductivity, such as Cu plate, thus significantly improving thermal dissipa-
tion and working frequency. However, this brings in more critical issues, such as integra-
tion and compatibility with MEMS batch process, residual stress, and adhesion.

Adhesion and Interfacial Analysis

When TiNi films are deposited on Si substrate, there exist interfacial diffusion and chemi-
cal interactions at the interface, whereby titanium and nickel silicides may form during high-
 temperature deposition or post-deposition annealing. These interfacial reaction products could 
be complex, heterogeneous, and metastable (Stemmer et al., 1997; Wu et al., 2001). Because the 
thickness of TiNi film required in MEMS applications is usually less than a few microns, a rela-
tively thin reaction layer could have significant adverse effect on adhesion and shape memory 
properties. TiNi film adheres well to silicon substrate provided it is clean and prechemically 
etched. TiNi films deposited on a glass substrate can be easily peeled off, which is quite use-
ful to obtain freestanding films. In MEMS processes, there is a need for an electrically and 
thermally insulating or sacrificial layer. Thermally grown SiO2 is often used as this sacrificial 
layer. However, the adhesion of TiNi films on SiO2 layer (or on glass and polymer substrate) 
is poor owing to the formation of a thin intermixing layer and a fragile and brittle TiO2 layer 
(Fu et al., 2003). Upon a significant deformation or during a complex interaction involving 
scratch, this layer is easy to be broken, thus peels off. Wolf et al. (1995) proposed a two-step 
deposition method to solve this problem: predeposition of 0.1 μm TiNi film on SiO2 at 700°C to 
promote interdiffusion of elements, followed by bulk film deposition at room temperature. Fu 
et al. (2004) reported that the addition of Si3N4 interlayer between film and Si substrate did not 
cause much change in phase transformation behavior as well as adhesion properties. There is 
significant interdiffusion of elements and formation of Ti–N bond at the Si3N4/TiNi interlayer. 
If compared with poor adhesion of TiNi films on SiO2 interlayer, Si3N4 interlayer seems to be 
a good choice for an electrically insulating and diffusion barrier layer in respect of adhesion 
properties. Adhesion of TiNi films on polysilicon and amorphous silicon layers is also quite 
good.

Stability, Degradation, and Fatigue

Stability and fatigue have always been concerns in development of TiNi thin films for 
applications. Fatigue of TiNi films is referred to as the nondurability and deterioration of 
the SME after many cycles. The repeated phase changes will alter the microstructure and 
hysteresis of the transformation and in turn will lead to changes in transformation tem-
peratures, transformation stresses, and strains. The performance degradation and fatigue 
of thin films are influenced by a complex combination of internal (alloy composition, lattice 
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structure, precipitation, defects, film/substrate interface) and external parameters (ther-
momechanical treatment, applied maximum stress, stress and strain rate, the amplitude of 
temperature cycling frequency) after long-term thermomechanical cycles.

Figure 9.43 shows the strain versus temperature curves as a function of the number of 
cyclic deformation associated with the R-phase transformation under 50 MPa in a Ti–43.9 
at.% Ni solution-treated thin film. In the cooling process of the initial cycle (N = 1), the 
R-phase transformation starts at 333 K and finishes at 316 K, resulting in a shape change of 
0.13% strain. In the heating process, the reverse R-phase transformation starts at 323 K and 
finishes at 336 K, resulting in a perfect shape recovery and small temperature hysteresis 
(HR) of 4 K. Because of the small hysteresis, a quick response is expected in microactua-
tors using such R-phase transformation. After cycling for 100 times, no significant change 
appears in the shape of the curves. The reason for the stability can be explained by the fact 
that the R-phase transformation strain is so small that slip deformation hardly occurs.

Figure 9.44 shows the effect of thermally induced cyclic deformation on the strain– 
temperature curve under a stress of 250 MPa in a solution-treated Ti–43.9 at.% Ni thin film. 
The curves of the cyclic deformation show a two-stage deformation; upon cooling, a shape 
change appears at Rs due to the R-phase transformation, and upon further cooling, a sec-
ond shape change occurs at Ms because of the martensitic transformation as shown in the 
initial cyclic deformation curve. The strains εR and εM are 0.28% and 1.12%, respectively. 
Upon heating, the original shape of the specimen is almost recovered due to a two-stage 
deformation associated with the reverse-transformations occurring at As for the first stage 
and at RAs for the second stage. The first stage is associated with the reverse martensitic 
transformation from the martensitic phase to the R-phase, whereas the second with the 
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FIGURE 9.43
Effect of thermal cyclic deformation on strain vs. temperature curves associated with R-phase transformation 
for a solution-treated TiNi thin film; N indicates number of cycle. (From Miyazaki, S., Ishida, A., Mater. Sci. Eng., 
273–275, 106–133, 1999, with permission from Elsevier.)
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reverse R-phase transformation from the R-phase to the parent phase. Although there is an 
unrecoverable strain which is caused by slip deformation, it is only 0.03%.

With increasing the number of cycles, the R-phase transformation characteristics such 
as Rs, εR, and HR are kept almost constant, whereas the martensitic transformation char-
acteristics change apparently. For example, Ms rises and hence the temperature difference 
between Rs and Ms decreases. Besides, temperature hysteresis (HM) decreases and mar-
tensitic transformation strain increases gradually. Such changes in the martensitic trans-
formation can be considered to be caused by the internal stress field which is formed by 
the introduction of dislocations during cyclic deformation. The internal stress field over-
laps with the external applied stress so that the martensitic transformation temperatures 
increase. However, the R-phase transformation characteristics show few changes during 
cyclic deformation because the R-phase transformation involving a small strain is not so 
sensitive to applied stress.

Fu et al. (2002) studied the fatigue of the constrained TiNi films using the changes of 
recovery stress during cycling and showed that the recovery stress of TiNi films from cur-
vature measurement decreased dramatically in the first tens of cycles and became stable 
after thousands of cycles. This reduction of the recovery stress is believed to be resulted 
from the dislocation movement, grain boundary sliding, void formation, or partial debond-
ing at the film/substrate interfaces, nonrecoverable plastic deformation, changes in stress, 
and so on. Transformation temperatures also changed dramatically during cycling. The 
repeated phase changes will alter the microstructure and hysteresis of the transformation 
and in turn lead to changes in transformation temperatures, stresses, and strains. All these 
changes in the martensitic transformation behavior become insensitive to thermal cycling 
after the number of cycles exceeds 50, indicating that training is effective in stabilizing 
the shape memory behavior. Such a steady state has been achieved by the work harden-
ing during cyclic deformation. Therefore, it is concluded that the stabilization of the shape 
memory characteristics against thermal cycles under stress can be improved by training.
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FIGURE 9.44
Effect of thermal cyclic deformation on strain vs. temperature curves associated with martensitic trans-
formation for a solution-treated TiNi thin film; N indicates number of cycle; ks after solution-treatment at 
973 K for 3.6 ks. (From Miyazaki, S., Ishida, A., Mater. Sci. Eng., 273–275, 106–133, 1999, with permission from 
Elsevier.)
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Film Thickness Effect

Effects of film thickness on crystallization and SME have been investigated by several 
groups recently (Ishida and Sato, 2003; Wan and Komvopoulos, 2005; Wang et al., 2008). 
TiNi films usually undergo a high temperature (between 400°C and 650°C) during depo-
sition or post-annealing. At such a temperature, the surface oxidation and interfacial dif-
fusion between the film and substrate could significantly affect the phase transformation 
behavior if the film is too thin. It is important to know how thin the TiNi based film can 
go or how small the TiNi structure can be without losing the SME. In the study of Fu et 
al. (2006), the stress–temperature evolution in the TiNi films with different thickness was 
measured using the curvature method (see Figure 9.45). The stress–temperature response 
of a 50-nm film is linear, that is, this film experiences only thermal effect (due to the dif-
ference in thermal expansion between film and substrate) with no apparent phase trans-
formation. Thicker films (up to 4 μm thick) produce stress/temperature hysteresis loops 
upon thermal cycling, demonstrating the SME. With the increase in film thickness, the 
residual stress decreases sharply and then remains at low value, whereas the recovery 
stress increases significantly, and reaches a maximum at a film thickness of 820 nm before 
it gradually decreases with a further increase in film thickness.

Results revealed that a minimum thickness (about 100 nm) is necessary to guarantee 
an apparent SME in the TiNi films. Surface oxide and oxygen diffusion layer as well as 
interfacial diffusion layer are dominant in the films with a thickness of tens of nanome-
ters. The combined constraining effects from both surface oxide and interfacial diffusion 
layers in a very thin film will be detrimental to the phase transformation. As the film 
thickness increases to above a few hundred nanometers, the effects of the surface oxide, 
oxygen diffusion layer, and interdiffusion layer become relatively insignificant. Therefore, 
phase transformation becomes significant and the recovery stress increases as thickness 
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increases. Because of the significant phase transformation effect, thermal and intrinsic 
stresses in the films are drastically relieved, resulting in a significant decrease in residual 
stress. With the further increase in film thickness, more and more grain boundaries form 
in the films. The grain boundaries are the weak points for generation of large distortion 
and twinning processes. Therefore, as the film thickness increases, the constraining effect 
from the neighboring grains becomes more and more significant, causing decreases in 
recovery stress.

Temperature Memory Effect

A new phenomenon, temperature memory effect (TME), has also been reported in the 
TiNi-based films (Wang et al., 2005). An incomplete thermal cycle upon heating in a SMA 
(arrested at a temperature between austenite transformation start and finish temperatures, 
As and Af) induced a kinetic stop in the next complete thermal cycle (Zeng et al., 2004), 
and the kinetic stop temperature is a “memory” of the previous arrested temperature (see 
Figure 9.46) (Wang and Zu, 2005). If a number N of incomplete heating processes with 
different arrested temperatures are performed in a decreasing order, N temperatures can 
be memorized. TME can be fully eliminated by following a complete transformation heat 
cycle to above Af. During the partial reverse transformation, only part of the martensite 
transforms into the parent phase, with the rest of the martensite, M1, remaining. With a 
further decrease in the temperature to below martensitic transformation finish tempera-
ture, the parent phase transforms back to martensite, and the newly formed martensite 
is called M2. M1 and M2 are different martensite variants with different elastic energies, 
which cause different transformation temperatures of M1 and M2 during the next heating 
process. On the contrary, if a partial austenite to martensite transformation is performed 
by an incomplete cycle on cooling, the next complete austenite to martensite transforma-
tion does not show any evidence of kinetic interruptions. TME can be found in both ther-
mally and external stress–induced transformations. 
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FIGURE 9.46
DSC results of (a) TiNiCu4 film and (b) temperature memory effect of same sample with a single incomplete 
cycle on heating at 75.2°C. (Fu, 2009, with permission from Interscience Publisher.)
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Nanoscale Mechanical Evaluation

Nanoindentation test is a promising method for characterization of nanoscale psudoelas-
ticity (PE) (Ma and Komvopoulos, 2003). The psudoelasticity behavior in TiNi-based thin 
films demonstrates their intrinsic capacity to undergo large deformations without perma-
nent surface damage, or known as self-healing behavior. Nanoindentation testing with or 
without changes in temperature could reveal the different elastic and plastic deformation 
behaviors of austenite and martensite, thus is promising for characterization of SME and 
thermomechanical properties of the constrained thin films (Shaw et al., 2003; Cole et al., 
2008). During loading and unloading in nanoindentation, there is a large force hysteresis, 
that is, large energy dissipation during loading/unloading in the TiNi-based thin films. 
During the reverse phase transformation, the martensite variants must overcome the inter-
nal stress generated during phase change to reverse back to the parent austenite matrix. 
Therefore, energy is dissipated as friction heat due to the existence of defects in austen-
ite matrix and the martensite. The energy dissipation associated with the pseudoelastic 
behavior contributes to the high vibration damping capacity of the TiNi films.

Using a sharp tip, it is difficult to obtain pseudoelastic behavior because the plastic defor-
mation due to dislocation movement is more dominant than the phase transformation 
(Zhang et al., 2005). Therefore, spherical-shape tips have been widely used recently to char-
acterize the nanorange SE behavior of TiNi and thin films (Wood et al., 2008). Indentation 
using a spherical indenter could avoid large plastic deformation if the indentation force is 
not too high. During nanoindentation on SMA thin films using a spherical indenter, Yan 
et al. (2006) found that there exist two characteristic points, the bifurcating point and the 
returning point in one indentation loading/unloading curve, which are associated with 
the forward transformation stress and the reverse transformation stress. They proposed 
a method to determine the transformation stresses of SMA films-based on the measured 
bifurcating and returning forces.

The SME of those materials at the indented area has been quantitatively studied by AFM 
(Zhang et al., 2006a, 2006b; Cinchetti et al., 2005). The two-way shape recovery nature in 
indents and indent arrays on SMAs and their thin films explored an alternative approach 
for high-density data storage (Figure 9.47) and controllable reversible surface protrusions 
(Shaw et al., 2005).

Nanometer scale indentations in TiNi thin films (for example) less than 100 nm in depth 
can be fully recovered upon further heating because of thermally induced reverse martens-
itic transformation. Using a spherical indentation method, surface protrusions can be made 
on the surfaces, which will disappear upon heating. Reversible circular surface protrusions 
can be produced due to two-way SME (Zhang et al., 2006a). SMAs with shape relief ability 
can find more optical and mechanical applications in their greater load bearing capacity 
and/or better durability than normally used polymers. For example, information storage 
technology has undergone a revolution in past years, and magnetic storage is reaching fun-
damental limits of about 100 Gbit/in2 (or 6500 nm2 bit−1) (Chikazume, 1997). This is because 
with the shrinkage of the size of magnetic domains, the fluctuation in temperature could 
easily cause the random changing of the moments of the magnetic domains, thus the loss 
of the stored data. Recently, the nanoindentation method has been proposed to be used 
for high-density mechanical storage applications (Shaw et al., 2005). The storage devices 
with capacity 1 Tbit/in2 are achievable. The write–read or erase–rewrite operations can be 
performed with a nanoindenter or atomic force microscope. Information is written into 
the martensite TiNi thin film by nanoindentation with probe tips. The indents are then 
scanned, and the nanoindentation tip is heated for SME, thus erasing the data recorded. 
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Subsequent rewriting can be again performed by the indentation. For this application, 
the use of sharper probes than the relatively blunt or spherical diamond indenter could 
increase storage density. There are some drawbacks in this mechanical storage method: 
slow speed, strong dependence on film planarity (and roughness), and tip wear.

Functionally Graded and Composite-Based Films

To further improve the properties of TiNi films, multilayer, composite, or functionally 
graded TiNi-based films can be designed. So far, there are different design models for the 
functionally graded TiNi thin films. The first type is through the gradual change in com-
position (Ti/Ni ratio), crystalline structures, transformation temperatures, and/or residual 
stress through film thickness (Takabayashi et al., 1996). As the Ti or Ni content changes in 

Austenite
(heated)

(a)

5.0 mm 5.0 mm

Martensite
(cooled)

Martensite
(cooled)

Austenite
(heated)

(b)

600 µm 460 µm

Austenite
(heated)

Martensite
(cooled)

(c)

37 µm
37 µm

µm
16.0

13.5

11.5

9.5

7.5

5.5

3.5

1.5
0

µm
1.95
1.55
1.15

0.75

0.35
0.0

nm
44.2
40.0

30.0

20.0

10.0

0.0

−10.0
−17.7

FIGURE 9.47
Three-dimensional profiles of reversible surface protrusions. (a) A 3 × 3 matrix of circular protrusions on sur-
face of austenite phase of TiNi at high temperature which disappears when sample is cooled to martensite 
phase. (b) A protruding line on surface of austenite phase that nearly disappears in martensite phase. (c) A 
nanoscale reversible protrusion on surface a TiNi film. (From Zhang et al., Acta Mater., 54, 1185–1198, 2006; 
Shaw et al., Appl. Phys. Lett., 83, 257–259, 2003; Adv. Mater., 17, 1123–1127, 2005, Reproduced with permission from 
Elsevier, AIP and Wiley-VCH GmbH & Co.)



432	 Biological	and	Biomedical	Coatings	Handbook:	Applications

the micron-thick film, the material properties could change from pseudo-elastic (similar to 
rubber) to shape memory. The seamless integration of pseudo-elastic with shape memory 
characteristics produces a two-way reversible actuation, because variations in the residual 
stress in thickness direction will enable biasing force to be built inside the thin films. 
These functionally graded TiNi films can be easily prepared by slightly changing the tar-
get powers during deposition. Another novel way is to vary the target temperature during 
sputtering, and the films produced by hot targets have compositions similar to that of the 
target, whereas films produced from cold target are Ti deficient. To successfully develop 
functionally graded TiNi thin films for MEMS application, it is necessary to character-
ize, model, and control the variations in composition, thermomechanical properties, and 
residual stress in these films.

The second type of functionally graded films involves new materials and functions 
other than TiNi films. Recently there are some reports (Fu et al., 2003) on the deposition of 
a functionally graded TiN/TiNi layer to fulfill this purpose. The presence of an adherent 
and hard TiN layer (300 nm) on TiNi film (3.5 μm) forms a good passivation layer (to elimi-
nate the potential Ni release), and improves the overall hardness, load bearing capacity, 
and tribological properties without sacrificing the SME of the TiNi films. Also TiN layer is 
able to restore elastic strain energy during heating and to provide a driving force for mar-
tensitic transformation on subsequent cooling, forming a two-way SMA effect. To improve 
biocompatibility and adhesion of TiNi films, a functionally graded Ti/TiNi/Ti/Si graded 
layer could be used. A thin cover layer of Ti can improve biocompatibility (prevent poten-
tial Ni allergic reactions), whereas the Ti interlayer can be used to improve film adhesion. 
Using cosputtering with multitargets, or controlling the gases during sputtering, these 
graded film designs can be easily realized.

Some surface modification methods, such as irradiation of TiNi films by electrons, ions 
(Ar, N, He, Ni, or O ions), laser beams, or neutrals can be used (1) to modify the surface 
physical, mechanical, metallurgical, wear, corrosion, and biological properties for applica-
tion in hostile and wear environment; and (2) to cause lattice damage and/or alter the phase 
transformation behaviors along thickness of film, forming novel two-way shape memory 
actuation (Goldberg et al., 1999, Grummon and Gotthardt 2000, Lagrange and Gotthard 
2003). The problems of these surface treatments are high cost, possible ion induced surface 
damage, amorphous phase formation, or degradation of SMEs. Surface oxidation in TiNi 
bulk materials has often been reported to prevent the Ni ion releasing and improve the 
biocompatibility (Firstov et al., 2002; Tan and Crone, 2002). It is possible to have the same 
process for TiNi films with slight sacrificing in the SME.

Other functionally graded or composite designs include the combination of TiNi films 
with piezoelectric, ferromagnetic, or magnetostrictive thin films (Craciunescu and Wuttig, 
2003; Zhu et al., 2006). Response time of the piezoelectricity mechanisms (PZT films) is 
fast, but the displacement is relatively small. TiNi film, on the other hand, has a larger 
force and displacement, but with slower response frequency. By coupling TiNi and PZT 
films to fabricate a new hybrid heterostructure composite or functionally graded film, it is 
possible to tune or tailor the static and dynamic properties of TiNi thin films, which may 
generate a larger displacement than conventional piezoelectric or magnetostrictive thin 
films and have an improved dynamic response compared with that of single layer TiNi 
films. Both PZT and TiNi films can be prepared by sputtering methods, or PZT film by 
sol–gel method and TiNi film by sputtering. Either TiNi or PZT films can be the bottom 
layer. However, the complexity of the fabrication processing, the interfacial diffusion and 
adhesion, and dynamic coupling of dissimilar components remain tough issues for these 
types of composite thin films.
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Modeling

Numerical modeling and computational simulation of the behaviors of TiNi films and their 
microactuators, together with experimental characterization efforts, will lead to the opti-
mization of technical factors, such as structural configuration, geometry, and processing 
procedures and further improvement in the overall performance of TiNi thin film-based 
microactuators (Auricchio et al., 1997). There are two levels of simulations. The first level is 
the simulation and modeling of thermomechanical behaviors of TiNi films, and the second 
is the design of geometry and structures as well as performance of TiNi microactuators. 
There are many models describing the constitutive behaviors based on thermodynamics 
and continuum mechanics (Bhattacharyya et al., 2000), but only a few have been used in 
engineering practice. It is difficult to obtain an accurate constitutive relationship for a par-
ticular TiNi film. The intrinsic hysteresis, nonlinearity, and history-dependent behaviors 
make it more difficult to accurately predict the response of a TiNi thin film microactuator. 
At present, only phenomenological models appear to be realistic for engineers (Ishida et 
al., 2007), and the transformation can be assumed as either a linear or a sine/cosine func-
tion (Huang, 1999; Gao and Huang, 2002; Huang and Zhu, 2002). As compared with bulk 
TiNi materials, there are several special issues in simulation of TiNi films: (1) smaller grain 
size in TiNi films and constraint effect on substrates; (2) large film biaxial stress after depo-
sition and stress evolution during phase transformation process; and (3) possible textured 
structure in the thin films. Gabry et al. (2000), Lexcellent et al. (1998), and Bhattacharya and 
James (1999) reported different thermodynamic simulations for TiNi thin films. Jin and 
Weng (2000) developed a relaxed self-consistent model to simulate the thermomechanical 
behavior of TiNi films, and it is confirmed that thermally induced phase transformation 
has a narrower range of transformation temperatures in the films, and the work hardening 
characteristics are lower than the bulk material because of geometrical relaxation. For TiNi 
thin film–based microdevices, the nonuniform stress and temperature distribution could 
affect the precision of deformation and lead to inaccurate position control.

Biocompatibility of Thin Films

When the TiNi-based films are applied in biomedical fields, they must be capable of fulfill-
ing functional requirements relating not only to mechanical reliability but also to chem-
ical reliability (in vivo degradation, decomposition and dissolution and corrosion) and 
biological reliability (toxicity, antigenicity, etc.). Although TiNi has been recognized as a 
good material for biological applications, it is still not clear if release of small amounts of 
nickel and copper could cause allergy and inflammation of human organs (Es-Souni and 
Brandies, 2001).

Nickel is among the metals considered toxic and therefore not acceptable for medical 
implants. However, nitinol, the atoms of which are half nickel, has been demonstrated to 
be noncytotoxic along with stainless steel and titanium and is accepted by the medical 
community as biocompatible for intravascular uses. TiNi thin film, with a much larger 
exposed surface than bulk nitinol, might be more prone to toxicity, but experiments have 
demonstrated that thin film is also biocompatible. The presence of TiO2 oxide layer on the 
TiNi film is beneficial to its corrosion resistance and biocompatibility. The sputtered TiNi 
thin films are easily contaminated with carbon and oxygen in air. With exposure to atmo-
sphere, carbon and oxygen increase drastically at the surface, and at the same time diffuse 
deep into the film. The increase is very fast at the beginning but slows down with time 
after long-time exposure. This is beneficial for the compatibility of the TiNi films.
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Comparison of Microactuation Mechanisms

Many types of materials and methods have been proposed for fabricating microactuators. 
Their actuation capacity can be characterized by the work per unit volume and cycling 
frequency. These characteristics are summarized in Table 9.5 (Miyazaki and Ishida, 1999). 
Figure 9.48 shows the work per volume as a function of cycling frequency for various actu-
ators: that is, (1) TiNi SMA, (2) solid–liquid phase change (SL), (3) thermopneumatic (TP), 
(4) thermal expansion (TE), (5) electromagnetic (EM), (6) electrostatic (ES), (7) piezoelectric 
(PE), (8) muscle (M), and (9) microbubble (MB), which are also shown in Table 9.4. Among 
these actuators, only the first three can generate large forces over long displacements.

The work output per unit volume W can be defined as W = Fu/v, where F, u, and v are 
force, displacement, and volume, respectively. If an actuator material is deformed in the 
course of performing the work, the work output per unit volume equals the elastic strain 
energy, that is, W = σε/2, where σ and ε are stress and strain, respectively. However, for 
SMA, W = σε, which generate a constant force over the actuation. According to Figure 9.48, 
SMA films can generate the greatest work per volume up to a reasonably high cycling 
frequency.

Freestanding Microactuators Based on Two-Way Shape Memory Effect

Freestanding films usually show intrinsic “two-way” SME, with large displacement, but 
relatively small force in actuation. This is applicable in microsensors, microswitches, or 
micropositioners. The origin of the two-way SME observed in the TiNiCu films can be 
attributed to the difference in sputtering yields of titanium and nickel, which produces 
a compositional gradient through the film thickness (Gyobu et al., 2001; Gill et al., 2002). 
The film layer near the substrate is normally nickel rich, and no SME is observed, but the 
material may possess SE. As the Ti/Ni content changes through the film thickness, the 
material properties change from being superelastic to having a shape memory. A stress 
gradient is generated because of the changing microstructure and composition as a func-
tion of thickness, thus causing freestanding structures to bend upward. When heated, the 
film layer returns to a flat position because of the SME. Figure 9.49 shows some examples 
of simple structures which can be actuated by heating/cooling through the two-way SME 
(Fu et al., 2008).

TiNi alloys with Ni-rich content can show a two-way SME if aged under elastic con-
straint (Nishida and Honma, 1984). Because this effect enables a TiNi thin film to deform 
spontaneously upon thermal cycling without any bias force, it is ideal for miniaturizing 
and simplifying actuators. Because the two-way SME is related to the precipitation pro-
cess and distribution of fine Ti3Ni4 plate precipitates in the matrix, this effect is sensitive to 
aging treatment conditions, such as temperature and time.

Ti–51.3 at.% Ni alloy thin films with a thickness of 8.5 μm were made on glass sub-
strates by sputter deposition. They were peeled off from the glass substrates mechanically. 
Samples of 20 mm length and 1 mm width were cut out of the thin films. They were first 
solution-treated at 973 K for 3.6 ks followed by aging treatment at various temperatures 
between 573 and 773 K for three different times, that is, 3.6, 36, and 360 ks, under elastic 
constraint and without constraint, respectively. These heat treatments form a single parent 
phase of TiNi with a surplus of Ni atoms (solution treatment) and fine Ti3Ni4 precipitates 
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in the TiNi parent phase in the following age treatment. The constraint during the aging 
treatment produced preferentially oriented precipitates which have an intrinsic stress field 
around them, causing the two-way SME to appear. The constraint was given by winding 
the thin films on to a stainless steel pipe with an outer diameter of 7.5 mm. The two-way 
SME was evaluated by measuring the curvature radii of the thin film in both boiling and 
iced water.

TABLE 9.5

Work per Unit Volume for Various Microactuators

Actuator	Type W/v	(J	m–3) Equation Comments

1. Ni–Ti SMA (SMA) 2.5 × 107 σ · ε Maximum one time output: σ	= 
500 MPa, ε = 5%

6.0 × 106 σ · ε Thousands of cycles: σ = 300 MPa, 
ε = 2%

2.  Solid–liquid phase 
change (SL)

4.7 × 106
1
3

2
∆v
v

k
k = bulk modulus = 2.2 GPa (H2O) 

8% volume change (acetamide)

3. Thermo-pneumatic (TP) 1.2 × 106 F
v
⋅δ Measured values: F = 20N, δ = 

50 μm, v = 4mm × 4mm × 50 μm3

4. Thermal expansion (TE) 4.6 × 105 1
2

2( )
( )

E E
Ts f

2
+

⋅∆ ∆α
Ideal, nickel on silicon, 
s = substrate, f = film, ΔT = 200 K

5. Electro-magnetic (EM) 4.0 × 105 F
v

F
M A⋅

=
−δ s

2

2

Ideal, variable reluctance: v = total 
gap volume, Ms = 1 V s m–2

2.8 × 104 F
v
⋅δ Measured values, variable 

reluctance: F = 0.28 mN, 
δ = 250 μm, v = 100 × 100 × 
250 μm3

1.6 × 103 T
v

Measured values, external field: 
Torque = 0.185 nN m–1, v = 400 × 
40 × 7 μm3

6. Electrostatic (ES) 1.8 × 105 F
A

F
V A⋅

⋅
=

δ ε

δgap

2

22

Ideal: V = 100 volts, δ = gap = 
0.5 μm

3.4 × 103 F
v
⋅δ Measured values, comb drive: F = 

0.2 mN (60 volts), v = 2 × 2 × 
3000 μm3 (total gap) δ = 2 μm

7.0 × 102 F
v
⋅δ Measured values, integrated force 

array: v = device volume, 120 V

7. Piezoelectric (PE) 1.2 × 105 1
2 33

2( )d E Ef
Calculated, PZT: Ef = 60 GPa 
(bulk), d33 = 500 (bulk), E = 
40 kv cm–1

1.8 × 102 1
2 33

2( )d E Ef

Calculated, ZnO: Ef = 160 GPa 
(bulk), d33 = 12 (bulk), E = 
40 kv cm–1

8. Muscle (M) 1.8 × 104 1
2
( )σ ε⋅

Measured values: σ = 350 kPa, ε = 
10%

9. Microbubble (MB) 3.4 × 102 F
v
⋅δ

b

Measured values: bubble 
diameter = 71 μm, F = 0.9 μN, δ = 
71 μm

Sources: Krulevitch et al., J. MEMS, 5, 270–282, 1996; Miyazaki, S., Ishida, A., Mater. Sci. Eng. A, 273–275, 106–133, 
1999, with permission from Elsevier.
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Work per volume versus cycling frequency for various microactuators. Ideal values (2) represent energy avail-
able for actuation. Other values (“) are based on actual microactuator data. (From Miyazaki, S., Ishida, A., Mater. 
Sci. Eng., 273–275, 106–133, 1999, with permission from Elsevier.)

(a)

0039    20 kV              ×65   100 µm WD 21
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(c)

0021      10 kV            ×130   100 µm WD 23

(d)

0000      15 kV            ×70   100 µm WD 23

(e)

0035      15 kV            ×65   100 µm WD 22

(f )

0039      20 kV            ×100  100 µm WD 27

FIGURE 9.49
Free standing TiNi-based film structures: (a) a microtweezer structure which has both horizontal and vertical 
movement due to both shape memory and thermal effects; (b) microstent which can be opened by heating; (c) a 
micromirror structure which can be actuated by four arms when electrically heated; (d) microfinger which can 
operate both horizontally and laterally, and can be designed and integrated into a walking robotics; (e) micro-
cage structure with fingers opening/closing by two-way effect; (f) microspring structures.
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All the aging-treated thin films exhibited two-stage transformation behavior both upon 
cooling and heating, that is, the R-phase transformation in a higher temperature region and 
the martensitic transformation in a lower temperature region. The major part of the two-
way SME was associated with the R-phase transformation. The two-way shape memory 
behavior is sensitive to aging conditions. For example, the film aged at 573 K for 3.6 ks and 
the film aged at 723 K for 3.6 ks bend in the same direction as the constrained direction in 
boiling water. However, in iced water, they show different behavior; the film aged at 573 K 
bends forward, but the film aged at 723 K bends backward and shows an opposite curva-
ture. As described earlier, Ti3Ni4 plate precipitates are formed in the TiNi matrix during 
age-treatment. These precipitates form in a disk shape on {111} planes of the TiNi matrix 
and reduce the volume by 2.3% along →111→ directions. When a film is aged under con-
straint, the precipitates form on one of the {111} planes selectively, relaxing the constraint 
stress by the volume change. If the film is aged at a low temperature for a short time, 
the precipitation of Ti3Ni4 is not sufficient for relaxing the constraint stress. In this case, 
when the constraint is removed, the film tends to go back to the original shape before the 
constraint-aging. However, even after the removal of the constraint, internal stress seems 
to remain locally between relaxed and unrelaxed regions in this film. This internal stress 
may determine a specific R-phase variant upon the transformation, so that the film shape 
approaches the constrained shape. However, if the constraint stress is fully relaxed after 
aging at a high temperature for a long time, such internal stress becomes small. Instead, 
the coherent strain around the precipitates becomes large. This stress field determines the 
specific R-phase variant so that the film shape returns to the original shape. This effect 
has been also found in bulk specimens by Nishida et al. (1984). They called it “all round 
shape memory effect” because this effect is so prominent that the film curvature reverses. 
However, “two-way shape memory effect” is more appropriate to reflect the nature of the 
phenomenon.

TiNi Diaphragms, Micropump, and Microvalves

MEMS-based micropumps and microvalves are attractive for many applications such as 
implantable drug delivery, chemical analysis, and analytical instruments, and so on. TiNi 
thin films are suitable for building microvalves and pumps (Shih et al., 2006). Control of 
fluid flow is essential to operation of all pneumatic and hydraulic systems from implantable 
insulin pumps to heating, ventilating, and air conditioning systems. The trend to miniatur-
ization is driven by the needs for portability and improved performance. Miniaturization 
of fluidics systems requires miniaturization of all the components including microvalves 
and pumps. Microvalves are potentially useful in microfluidics, pumps, thermal switches, 
and a wide range of other applications. The main purpose of microvalves is to open and 
allow fluid to flow or close and prevent fluid to flow. Both shape memory microvalves (i.e., 
active valves) and superelastic microvalves (i.e., passive check valves) have been fabricated. 
The microvalve manufactured by the TiNi Alloy Company (Figure 9.50; Johnson, 2009) 
was the first miniature SMA-actuated pneumatic control device to be offered commer-
cially. It consists of an actuator die with a poppet controlled by the 8 TiNi thin film strips, 
3.5 μm thick and 250 μm wide, a silicon orifice die, a spacer, and a bias spring. All elements 
are assembled in a plastic package. The bias spring forces the poppet toward the orifice. 
Resistive heating of the SMA thin films supporting the poppet causes it to transform from 
the martensite phase to the parent phase. By this transformation, TiNi strips recover the 
original length, lifting the poppet against the bias force and opening the valve. This device 
has a poppet displacement of ~100 μm and bias force of 0.5 N. It is operated with an electric 
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current of 50–100 mA. The response time when operating in air is about 20 ms, and maxi-
mum flow is up to 2000 standard cm3/min at 1.3 atm (Johnson, 2009).

There are different designs for TiNi film-based micropumps or microvalves, and most 
of them use TiNi membrane (or diaphragm, microbubble, etc.) for actuation with one 
example shown in Figure 9.51 (Reynaerts, 1997; Benard et al., 1998). Both freestanding TiNi 
films and constrained TiNi films are used. Although freestanding TiNi film has intrin-
sic two-way SME, to maximize this effect, extra process, such as 3-D hot-shaping of TiNi 
film (membrane) and externally biased structure (such as a polyimide layer, or a bonded 
Si cap or glass cap) are often applied. All of these extra processes could result in compli-
cated structure and difficulty in MEMS processing (Kohl et al., 1999; Makino et al., 2001). 
Another concern is the effective thermal isolation between the heated TiNi films and the 
fluid being pumped. TiNi/Si bimorph membrane-based micropumps and valves are more 
commonly reported. The advantages of using TiNi/Si membrane as the driving diaphragm 
include (Xu et al., 2001): (1) large actuation force; (2) simplicity in process and no special 
bias structure needed because the silicon substrate can provide bias force; and (3) no iso-
lating structure is needed because silicon structure can separate the working liquid from 
SMA film completely.

Two types of diaphragm-type microactuators were fabricated by Miyazaki et al. (2009), 
that is, a multilayer diaphragm comprising a SMA film and a SiO2 layer and a single layer 
diaphragm comprising a SMA film as shown in Figure 9.52. The multilayer diaphragm 
microactuators were operated by the martensitic transformation induced in the Ti–Ni, 
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FIGURE 9.50
(a, b, d) Pictures of a TiNi pump; (c) schematic diagram of the pump’s cross section. (Johnson, A.D., in Miyazaki 
et al., eds., Thin Film Shape Memory Alloys: Fundamentals and Device Applications, Cambridge University Press, UK, 
2009, with permission to use from Cambridge University Press.)
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Ti–Ni–Cu, and Ti–Ni–Pd films, whereas the single layer diaphragm microactuators were 
operated by the R-phase transformation induced in the Ti–Ni films. Figure 9.52 illustrates 
the cross sections of the microactuator at room temperature and high temperature, respec-
tively (Miyazaki et al., 2009). Because the diaphragm consists of two layers with differ-
ent thermal expansion coefficients, an internal stress is generated in the diaphragm after 
heat treatment, that is, compression in the SiO2 layer and tension in the SMA film layer. 
At room temperature, the Ti–Ni film layer is of martensite and can be easily deformed. 
The crystal lattice of the martensite (low temperature phase) is an orthorhombic structure, 
whereas that of the parent phase (high temperature phase) is a B2 structure (Miyazaki, 
1990). Therefore, the diaphragm becomes convex as shown in Figure 9.52a to relax the 
internal stress. By heating to a temperature above the reverse transformation temperature 
of the SMA film layer, the diaphragm reverts to the initially memorized flat shape due to 
the SME. By cooling to a temperature below the martensitic transformation temperature, 
the diaphragm shape becomes convex again (Miyazaki et al., 2009).

As shown in Figure 9.52, the microactuator operates because of temperature variation. 
Therefore, the temperature dependence of the height at the center of the diaphragm is 
measured to investigate actuation process (Miyazaki et al., 2009). The height at the center 
of the diaphragm is abbreviated to h. The parameter h is measured at each fixed tem-
perature during cooling and heating in a step-by-step way to characterize a quasi-static 
actuation. Dynamic actuation is investigated by using a three-dimensional shape analyzer 
equipped with a laser scanner. The microactuator is dynamically operated by thermal 

(a)

SE ×25 2 mm SE ×25 2 mm

(b)

FIGURE 9.51
TiNi microvalve fabricated with TiNi electrode on silicon membrane structure (a) top view of membrane and 
TiNi electrode; (b) bottom view.
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SMA (1.5–2.5 µm)
SiO2 (1.0 µm)
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FIGURE 9.52
Schematic figures showing the cross section of a microactuator utilizing a SMA thin film deposited on a SiO2/
Si substrate at room temperature and a high temperature. (From Miyazaki, S., in Miyazaki et al., eds., Thin Film 
Shape Memory Alloys: Fundamentals and Device Applications, Cambridge University Press, UK, 2009, reproduced 
with permission from Cambridge University Press.)
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cycling. The thermal cycling was conducted by applying a pulse current to the Ti–Ni film 
layer in the microactuator, that is, by means of joule heating and natural cooling. Height h 
was continuously measured during dynamic actuation. The displacement was estimated 
by measuring the difference between the maximum and minimum values of h, and it was 
used as one of the measures of dynamic actuation characteristics. The temperature of the 
microactuator was measured by a thermocouple microwelded to a part of the SMA film 
attached to the SiO2/Si substrate. The working frequency and temperature of the micro-
actuator were adjusted by changing the frequency and amplitude of the pulse current, 
respectively. The ratio of heating time to cooling time, that is, a duty ratio, was fixed at 5:95 
for each working frequency. The measurement was conducted at an ambient atmosphere 
(23 to 25°C).

As for the second type of microactuator with a single layer diaphragm, Ti–Ni films were 
deposited on Si substrates by r.f. magnetron sputtering. The thicknesses of the Ti–Ni films 
were 2.0 μm. The Ti–Ni films on the substrates were heat-treated at 873 and 823 K for 0.6 ks, 
respectively, to memorize the initial flat shape. Diaphragm-type microactuators were fabri-
cated again by using the conventional Si micromachining technique. Figure 9.53 illustrates 
the cross sections of a microactuator at low and high temperatures (Miyazaki et al., 2009). 
The shape of the diaphragm is square with a width of 500 μm. N2 gas pressure of 40 kPa is 
used as a bias force for the microactuator. The microactuator is convex at room tempera-
ture because the Ti–Ni film is deformed by the N2 gas pressure in a low-temperature phase 
such as M-phase or R-phase.

To investigate the displacement and the transformation temperatures of the microactua-
tor, the height at the center of the diaphragm is measured as a function of temperature 
during heating and cooling at each fixed temperature in a step-by-step way. Figure 9.54 
reveals the temperature dependence of the height at the center of the diaphragm. Upon 
cooling, the height starts to increase at Ms(Rs) due to the start of the M-phase (R-phase) 
transformation and the increase in height finishes at Mf(Rf) because the M-phase (R-phase) 
transformation finishes. Upon heating, the height decreases with increasing temperature 
between As(RAs) and Af(RAf) because of the progress of the reverse M-phase (R-phase) 
transformation. Displacement is defined as the difference between the maximum height 
and the minimum height (h hmax min

s s− ), where the superscript “s” stands for “static” because 
each height is measured at fixed temperature. ΔHM and ΔHR represent the transforma-

Low temperature
(martensite phase
or R-phase)

High temperature
(parent phase)

Ti–Ni
Si
SiO2N2 gas N2 gas

Bias force of N2 gas pressure Recovery force of Ti–Ni

FIGURE 9.53
Schematic figures showing cross section of a microactuator consisting of a SMA thin film deposited on a Si 
substrate at room temperature and a high temperature. (From Miyazaki, S., in Miyazaki et al., eds., Thin Film 
Shape Memory Alloys: Fundamentals and Device Applications, Cambridge University Press, UK, 2009, reproduced 
with permission from Cambridge University Press.)
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tion temperature hysteresis associated with the M-phase and R-phase transformations, 
respectively.

Microdiaphragm Using R-Phase of Ti–Ni

Figure 9.55 shows the change in height at the center of the diaphragm during heating 
and cooling in the microactuator using the M-phase transformation of the Ti–48.2Ni thin 
film or in that using the R-phase transformation of the Ti–47.3Ni under a N2 gas pres-
sure of 40 kPa (Tomozawa, 2005). The microactuator using R-phase transformation of the 
Ti–47.3Ni thin film is abbreviated to “Ti–Ni R-phase microactuator.” The microactuator 
using the M-phase transformation of the Ti–48.2Ni thin film is abbreviated to “Ti–Ni 
M-phase microactuator.” Open squares and circles, respectively, denote the results of the 
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A schematic figure showing temperature dependence of height at the center of diaphragm. (From Miyazaki, 
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Temperature dependence of height at the center of diaphragm in Ti–Ni M-phase microactuator and TiNi 
R-phase microactuator under N2 gas pressure of 40 kPa. (From Miyazaki, S., in Miyazaki et al., eds., Thin Film 
Shape Memory Alloys: Fundamentals and Device Applications, Cambridge University Press, UK, 2009, reproduced 
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cooling and heating processes in the Ti–Ni M-phase microactuator, whereas closed squares 
and circles, respectively, denote the cooling and heating processes in the Ti–Ni R-phase 
microactuator. Arrows indicate the M-phase and R-phase transformation start tempera-
tures (Ms and Rs). The heights of the Ti–Ni M-phase and Ti–Ni R-phase microactuators 
reach almost the minimum values at the Af temperature of 360 and 355 K, respectively. The 
minimum heights of these microactuators do not reach zero because of the elastic defor-
mation of the parent phase by applied gas pressure. It can be seen that the displacement of 
the Ti–Ni R-phase microactuator is smaller than that of the Ti–Ni M-phase microactuator. 
However, the transformation temperature hysteresis of the Ti–Ni R-phase microactuator is 
only 3.2 K. This is significantly small when compared with the Ti–Ni M-phase microactua-
tor (Miyazaki et al., 2009).

Microdiaphragm Using M-Phase of Ti–Ni–Pd

High transformation temperature is also effective in increasing actuation speed same as 
a narrow transformation hysteresis. Figure 9.56a shows the effect of Pd content on Ms in 
Ti–Ni–Pd thin films heat-treated at 973 K for 3.6 ks. As shown in Figure 9.56a, Ms decreases 
slightly with increasing Pd content up to 9 at.%. Then, Ms increases up to 560 K with fur-
ther increasing Pd content to 36 at.% (Miyazaki et al., 2009).

Ti–48.2Ni and Ti–26.5Ni–22.7Pd SMA thin films were deposited on SiO2/Si substrates by 
r.f. magnetron sputtering. The thicknesses of these thin films were 2.5 and 2.0 μm, respec-
tively. The Ti–48.2Ni and Ti–26.5Ni–22.7Pd thin films on the substrates were heat-treated 
at 873 K for 0.6 ks to memorize the initial flat shape. Diaphragm-type microactuators were 
fabricated by using the Si micromachining technique.

Figure 9.56b shows the change in height at the center of the diaphragm during heat-
ing and cooling in the Ti–Ni M-phase microactuator and the Ti–Ni–Pd microactuator 
(Tomozawa, 2005). The height at the center of the diaphragm decreases with increasing 
temperature because the progress of the reverse transformation. The height reached almost 
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FIGURE 9.56
(a) Pd content dependence of Ms in Ti–Ni–Pd thin films heat-treated at 973 K for 3.6 ks; (b) temperature depen-
dence of height at the center of diaphragm in TiNi M-phase microactuator and Ti–Ni–Pd microactuator deposited 
on SiO2/Si substrates. (From Miyazaki, S., in Miyazaki et al., eds., Thin Film Shape Memory Alloys: Fundamentals 
and Device Applications, Cambridge University Press, UK, 2009, reproduced with permission from Cambridge 
University Press.)
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zero at the Af temperature of 370 K and 430 K for the Ti–Ni M-phase microactuator and 
the Ti–Ni–Pd microactuator, respectively. The Ti–Ni–Pd microactuator exhibits almost the 
same displacement as the Ti–Ni M-phase microactuator. Ms of the Ti–Ni–Pd microactuator 
is about 70 K higher than that of the Ti–Ni M-phase microactuator. Also, it is noted that the 
transformation temperature hysteresis of the Ti–Ni–Pd microactuator is smaller than that 
of the Ti–Ni M-phase microactuator (Miyazaki et al., 2009).

Microdiaphragm Using M-Phase of Ti–Ni–Cu

Figure 9.57a shows temperature dependence of h (height at the center of the diaphragm) 
during cooling and heating in the microactuator employing a Ti–38.0Ni–10.0Cu thin film 
that was heat-treated at 973 K for 0.6 ks (Miyazaki et al., 2009). Data obtained during the 
cooling and heating processes are denoted by open and closed circles, respectively. Upon 
cooling, h starts to increase at Ms and finishes at Mf, whereas h starts to decrease at As and 
finishes at Af upon heating. The increase and decrease in h are due to the forward and 
reverse transformations, respectively, in the Ti–Ni–Cu layer of the microactuator. Therefore, 
the microactuator utilizing the Ti–Ni–Cu thin film is expected to exhibit a higher actuation 
speed than that utilizing the Ti–Ni binary thin film.

Figure 9.57b shows current amplitude dependence of the displacement at each working 
frequency (Miyazaki et al., 2009). As shown in the displacement–current curve for the 
working frequency of 10 Hz, the displacement increases with increasing current ampli-
tude reaching a maximum, then becomes almost constant. When the current amplitude is 
small, the temperature of the Ti–Ni–Cu layer does not increase up to Af, resulting in small 
displacement due to incomplete reverse transformation. By increasing the current ampli-
tude, the temperature approaches Af, leading to increase in displacement. The current 
amplitude necessary for generating a maximum displacement increases with increasing 
working frequency. This is because each heating time decreases with increasing working 
frequency under a fixed duty ratio condition.
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The maximum displacement at each working frequency is plotted in Figure 9.58 
(Miyazaki et al., 2009). For comparison, the result of the microactuator utilizing the Ti–Ni 
thin film is also included. The microactuator utilizing the Ti–Ni and Ti–Ni–Cu thin films 
are abbreviated to Ti–Ni microactuator and Ti–Ni–Cu microactuator, respectively. The dis-
placement of the Ti–Ni microactuator is almost the same as that of the Ti–Ni–Cu micro-
actuator at working frequency below 20 Hz. However, it decreases by increasing working 
frequency up to 50 Hz. The displacement of the Ti–Ni–Cu microactuator does not decrease 
until the working frequency reaches 60 Hz. Above 60 Hz of working frequency, it gradu-
ally decreases. However, the microactuator operates even at 100 Hz. As shown in Figure 
9.58, the displacement of the Ti–Ni–Cu microactuator is even larger than that of the micro-
actuator using the M-phase transformation within the working frequency range from 1 Hz 
to 100 Hz. Thus, a high-speed microactuator with large displacement was successfully fab-
ricated by utilizing the Ti–Ni–Cu thin film.

The working frequency of the microactuators utilizing the Ti–Ni–Pd and Ti–Ni–Cu 
thin films reached 100 Hz and that of the microactuator using the R-phase transformation 
reached 125 Hz. Because the Ti–Ni–Pd and Ti–Ni–Cu show the shape memory behavior 
associated with the martensitic transformation, the displacements of the microactuators 
utilizing these two alloy films are almost equal to that of the Ti–Ni M-phase microactuator. 
However, the displacement of the Ti–Ni R-phase microactuator is one-third of that of the 
Ti–Ni M-phase microactuator. We can choose either of the microactuators depending on 
the requirements of response speed and magnitude of displacement.

Microgrippers

Wireless capsule endoscope (WCE) is a new diagnostic tool in searching for the cause 
of obscure gastrointestinal bleeding. A WCE contains video imaging, self-illumination, 
image transmission modules, and a battery (Iddan et al., 2000; Waye, 2003). The indwell-
ing camera takes images and uses wireless radio transmission to send the images to a 
receiving recorder device that the patient wears around the waist. However, there are two 
drawbacks in the current WCE: (1) lack of ability for biopsy; and (2) difficulty in identifying 
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the precise location of pathology. Without tissue diagnosis, it is often difficult to differenti-
ate inflammatory lesions from tumor infiltration. The former may require only medical 
treatment, whereas the latter may need surgical solution. Therefore, there are two poten-
tial microactuator applications in capsule endoscopy: (1) microgripper for biopsy or tissue 
sampling (Sugawara et al., 2006); (2) microclipper or pin tagging device, to firmly attach to 
the tissue. SMA thin film-based microactuators are promising for these applications.

Grasping and manipulating small or micro-objects with high accuracy is required for a 
wide range of important applications, such as the assembly in microsystems, endoscopes 
for microsurgery, and drug injection micromanipulators for cells. There are some basic 
requirements for microgrippers, for example, large gripping force, sufficient opening dis-
tance for assembling works, and so on. TiNi films are promising in these applications. So 
far, two types of TiNi film-based microgripper designs are available.

The popular design is out-of-plane bending mode, mostly with two integrated TiNi/
Si cantilever (or other substrate, such as SU-8 or polyimide, etc.) with opposite actuation 
directions (see Figure 9.59) (Seidemann et al., 2002; Lee et al., 1996). This SMA cantilever 
structure was heated to different temperatures (from room temperature to 423 K), results 
show that there is actually the SME and the tip displacement is quite large (up to 60 μm). 
This type of cantilever structure can be further fabricated as a microgripper, as shown in 
Figure 9.60, which can be actuated at relatively low temperatures with internal integrated 
heaters forming by polysilicon patterns. These grippers can be used as the end- manipulator 
for microassembly for industry, minimally invasive surgery for medical application, and 
handling of small particles in hazardous environment for military application.

Takeuchi and Shimoyama (2000) reported a novel microelectrode with TiNi clipping 
structure, which can be used for minimally invasive microelectrodes to clip a nerve cord 
or other living organisms. The TiNi film is actuated when a current is applied to the elec-
trode. The clipping force of the electrode to the nerve is enhanced by a hook structure and 
two C-shaped probes as shown in Figure 9.61a and b. Another gripper design is in-plane 
mode, in which the deformation of two arms (using freestanding TiNi films or TiNi/Si 
beams) is within a plane realized by compliant structure design (Fu and Du, 2003). Wang 
et al. (2002) reported a microtweezer structure, in which residual stress in TiNi film is 
used as a bias force load. This can eliminate the need for providing bias force for device 
operation. However, the force from the deformation of the freestanding films is not large 
enough to grasp large objects. The other problem in this type of design is how to prevent 

SE ×70 500 µm

FIGURE 9.59
Cantilever structure with a thickness of 15 μm fabricated by conventional MEMS process. (From Fu et al., Surf. 
Coat. Technol., 145, 107–112, 2001, with permission from Elsevier.)
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out-of-plane bending, beam deformation, and fracture during operation caused by intrin-
sic film stress.

Pulsation Sensor

Free tissue transfer operations have been improved as the result of advances in microsur-
gery technique. The microsurgery technique has also been applied to important organ graft 
operations such as liver transplantation. However, there is a serious problem of thrombus 
formation near an anastomotic site of a blood vessel. Tissue failure occurs in 5–10% after 
the free tissue transfer operations. The failures are caused by poor blood circulation due 
to thrombosis occurred mainly within the first 24 h after operation. Adequate and reli-
able monitoring techniques of thrombus formation are required (Machens et al., 1994). 
Micromechanism for attaching a miniaturized blood stream sensor to a blood vessel is 
required. After the use for blood stream monitoring, it is desirable to be detached from the 
blood vessel easily. Because of large deformation stroke and large generated force, SMA 
film actuator is suitable to use as a holding actuator. The function of two-step actuation of 
holding and releasing with integrated microheaters which can heat up the SMA locally has 
been designed as shown in Figure 9.62 (Sugawara et al., 2006). The detailed design of the 
pulsation sensor for monitoring of bloodstream obstruction caused by thrombus forma-

SE ×60 500 µm

FIGURE 9.60
Bending of cantilever structure deposited with TiNi films during heating. (From Fu et al., Surf. Coat. Technol., 
145, 107–112, 2001, with permission from Elsevier.)
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for recording

Hook structure
only for clipping

φ 100 µm wire

FIGURE 9.61
(a) A TiNi electrode with hook structure is returned to its memorized shape when it is heated, whereas two 
C-shape probes for recording are not heated; (b) microelectrode clipping a wire (100 μm) after hook structure is 
heated. (From Takeuchi, S., Shimoyama, I., J. MEMS, 9, 24–31, 2000, with permission from IEEE.)
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tion is shown in Figure 9.63. The arms and a base part are made from a TiNiCu SMA film 
which is flash-evaporated on a flat substrate.

Two pairs of microheater circuit pattern of platinum film are formed on the root (heater A) 
and the halfway point (heater B) on the outer arm. Platinum strain gauge circuits are also 
formed on the cantilever in a same platinum film layer. Minimum line and space width 
of the strain gauge were 50 and 50 μm, respectively. The outer arm is bent at the root and 
the halfway point before setting. A blood vessel can be caught between the outer arm and 
inner cantilever, when heater A is turned on so that the outer arm deforms and closes. The 
strain gauges on the cantilever transduce the periodical diameter variation of the blood 
vessel by arterial pulsation into a voltage waveform. The measured waveform is displayed 
on a monitor through an external computer system. After use for pulsation monitoring, 

(a)
Blood vessel

Heaters A

Strain gauge

(b)

(c)

(d)

(e)

Heaters B

FIGURE 9.62
Concept of actuation: (a) setting; (b) hold actuation; (c) pulse monitoring; (d) release actuation; and (e) pull out. 
(From Mineta et al., Sens. Actuators A Phys., 143, 14–19, 2008, with permission from Elsevier.)
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FIGURE 9.63
Structure of micropulsation sensor. (From Mineta et al., Sens. Actuators A Phys., 143, 14–19, 2008, with permission 
from Elsevier.) 



448	 Biological	and	Biomedical	Coatings	Handbook:	Applications

heater B is turned on and the outer arm opens to be a flat shape so that it can release the 
blood vessel safely. The temperature of the heaters exceeds 65°C, which is equal to the 
deformation temperature of the SMA film, within several seconds by the electric heating. It 
seems a short time enough for actual use in the body without serious biological damage.

A laboratory rat is chosen for the evaluation of pulsation monitoring. A femoral artery 
of a laboratory rat was held between the outer arm and the cantilever of the sensor to 
evaluate real-time blood pulsation waveform. The outer diameter of the examined artery 
was about 1 mm. Change in blood pulsation waveform was measured when bloodstream 
was obstructed by clamping of the artery from outside intermittently as shown in Figure 
9.64 (Mineta et al., 2008). The result of the waveform measurement is shown in Figure 
9.65. When the blood flowed normally, periodical output voltage with amplitude of about 
3.5 mV was obtained. Not only swelling but also shrinking of the artery was observed 
during each pulse cycle. Frequency of the waveform well agreed with a pulse period of a 
rate of 180 pulses/min. On the other hand, amplitude of the output voltage decreased to 
1 mV when the bloodstream was obstructed by a mechanical clamping from outside the 
artery. As the results of the examination, it is confirmed that the developed sensor is sen-
sitive enough to distinguish the bloodstream obstruction from the normal arterial blood 
pulsation.

The sensor could detect static deflections with a sensitivity of 0.1 mV/μm or larger with 
the sensing cantilever of the SMA film. The sensor could also detect the waveform of the 
pulsation when the dynamic diameter change of the held tube was 15 μm or larger. In 
addition, the sensor was successfully applied to an in vivo examination using a femoral 
artery of a laboratory rat. When the bloodstream of the artery of the rat was obstructed, 
decrease in amplitude of pulsation waveform was detected clearly. The sensor was fabri-
cated based on simple photofabrication processes, which provide a possibility of inexpen-
sive disposable devices.

Signal recording
OP amp.
(Gain: × 10)

Femoral artery

Microvascular
clamp

Femoral veinSensor

FPC

FIGURE 9.64
Scheme of laboratory rat examination. (From Mineta et al., Sens. Actuators A Phys., 143, 14–19, 2008, with permis-
sion from Elsevier.)
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TiNi-Based Microcage

A biopsy is the removal of tissues or cells from the body and determination of any abnor-
mality, such as cancer, infection, inflammation, or swelling. Microgrippers are such impor-
tant microtools for the applications in biopsy, tissue sampling, cell manipulation, nerve 
repair, and minimally invasive surgery (Pan et al., 2007; Cecil et al., 2007; Volland et al., 
2002; Wierzbicki et al., 2006; Luo et al., 2005). The requirements for the microgrippers for 
such applications include easy operation, low actuation temperature, low operation voltage, 
and low power consumption. A microgripper actuated by high temperature or high volt-
age will damage or even kill living cells or tissues. To manipulate the tissue, cells, or other 
biological objects, there are different types of microactuation mechanisms. Optical mecha-
nism is mainly for cell manipulation application. A highly collimated light source, such as 
laser, can exert a focused radiation pressure that is substantial enough to manipulate large 
particles. Because the optical micromanipulation requires no physical contact, cells or tis-
sues can be manipulated within enclosed glass chambers under sterile conditions. Optical 
scissors or optical tweezers are two examples of the optical micromanipulation (Reichle 
et al., 2000; Ericsson et al., 2000). However, photodamage incurred during manipulation 
could cause cell injury and death (Neuman et al., 1999). Microgrippers based on electro-
static, piezoelectric, electrophoresis, or dielectrophoretic manipulation have widely been 
studied (Volland, 2002; Kim et al., 1992; Millet et al., 2004). For example, dielectrophoresis 
can be used to trap, move, separate, or concentrate cells/particles based on the interac-
tion between a polarized cell and nonuniform electric field (Gascoyn and Vykoukal, 2002). 
However, interaction with sample electrically is needed for electrokinetic micromanipula-
tion, which may bring negative influence on the cell or tissue. Deriving the gripping ability 
of a microgripper by way of thermal expansion is one of the most common technologies 
for micromanipulation. The principle is based on that thermal expansion (upon heating) 
and contraction (upon cooling) of a material could provide actuation functions. However, 
the problems with this type of actuation include relatively small displacement and high 
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tions. (From Mineta et al., Sens. Actuators A Phys., 143, 14–19, 2008, with permission from Elsevier.)



450	 Biological	and	Biomedical	Coatings	Handbook:	Applications

working temperature. Some compliant mechanisms are normally designed and applied to 
amplify the displacement in thermal actuators (Chronis and Lee, 2005; Luo et al., 2005). In 
this section, the design, analysis, fabrication, and characterization of freestanding TiNiCu 
microcage and TiNi/DLC bimorph microcage are discussed.

Freestanding TiNi-Based Microcage

Films of Ti50Ni47Cu3 alloy were deposited on 100 mm diameter Si(100) wafers by magnetron 
sputtering in an argon gas environment at a pressure of 0.8 mTorr from a Ti55Ni45 target 
(using a 400-W r.f. electric field) and a 99.99% pure Cu target (using a 2 W dc electric field). 
Film thickness is 3.5 μm. After the deposition, the films were annealed at a temperature 
of 550°C in a vacuum at 1 × 10−7 Torr. Microactuators were fabricated by photolithographi-
cally patterning 4.8 μm thick layers of AZ4562 photoresist on top of the TiNiCu films. HF/
HNO3/H2O (1:1:20) solution was employed to etch the TiNiCu films and form the microac-
tuator patterns. With the remaining photoresist as the mask, the silicon substrate beneath 
the TiNiCu/SiN patterns was isotropically etched by SF6 plasma using an r.f. reactive ion 
etch (rf-RIE) system with an SF6 plasma (power of 100 W, 80 sccm, 100 mTorr) until the 
freestanding TiNiCu structures were released (Fu et al., 2007).

The freestanding TiNi films possess an intrinsic two-way SME with large displacements: 
the film curls up at room temperature, but becomes flat when heated and curls up once 
more when cooled back to room temperature (Fu et al., 2007). Microactuators made from 
these freestanding TiNi films can provide large deflections from simple structures and 
MEMS processes.

The actuation performance of the released freestanding microcages was evaluated by 
either heating the structure on a hot plate up to a maximum temperature of 100°C or by 
passing a current through the patterns and resistively heating the film in air. In the latter 
case, the current was provided by a Keithley 224A voltage/current power supply generat-
ing a square-wave voltage signal and this allowed actuation as a function of frequency 
to be analyzed (Fu et al., 2007). The displacement of the microgrppers was recorded on a 
video camera attached to a metallurgical microscope.

A microcage design consisting of thin TiNiCu beams patterned into microfingers is 
shown in Figure 9.66 (Fu et al., 2007). After release from the Si substrate, the fingers of 
the microcage curl up to form a cage structure due to the gradient stress that can be used 
to confine an object at room temperature. The microfingers uncurl when heated above 
55°C and become flat at a temperature above 80°C. Upon cooling, the structure returns to 
its original curled shape. Figure 9.66b plots the experimentally measured changes in the 
horizontal and vertical displacement of the microcage fingertips as a function of substrate 
temperature when heating with a hot plate (Fu et al., 2007). Horizontal and vertical dis-
placements of hundreds of micrometers are achievable at temperatures less than 100°C. 
It should be noted that negative values of vertical displacement indicate that the cage fin-
gers bend downward upon actuation. The fabricated microcage has been thermally cycled 
between 20°C and 100°C for more than 100 cycles, and optical microscopy observation did 
not reveal apparent degradation.

The microcage can be actuated by passing a current through the TiNi microfingers. 
Figure 9.67a shows the horizontal displacement of the fingers achieved by varying 
applied power (Fu et al., 2007). Significant displacements are observed for input powers 
between 1.5 and 5 mW as the SMA is heated up through the transition temperature. Above 
5 mW, the increase rate of tip displacement gradually decreases until up to a power of 
7 mW, above which the displacement slightly decreases. Excessive heating through the 
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application of very high powers (>20 mW) resulted in visible changes in the color of the 
TiNiCu—an indication of overheating and surface oxidation. The microcage can be used 
to capture microscale objects (Fu et al., 2007). Figure 9.67b shows the measured tip dis-
placement produced by passing a current through the metallic layers as a function of the 
voltage amplitude and frequency of the square wave signal applied (Fu et al., 2007). For 
frequencies below ~100 Hz, the tip displacement increases with applied voltage. However, 
above ~100 Hz, the displacement decreases with increasing frequency for all applied volt-
ages, indicating that about 10 ms is required to cool the microstructure due to the thermal 
capacity of the system. This places a maximum operating frequency of about 100 Hz for this 
microcage design. The realization of high-frequency microactuators utilizing TiNi-based 
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(a) Horizontal displacement of fingers of microcage as a function of input power applied; (b) horizontal dis-
placement of fingers of microcage as a function of voltage and frequency of the applied actuation square wave. 
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thin films has been a challenge. The frequency reported in thin film TiNi-based devices, 
such as microactuators and micropumps (Seguin et al., 1999; Benard et al., 1998; Markino 
et al., 2000) generally have maximum operating frequencies in the range from 1 to 100 Hz. 
It should also be noted that the frequency is strongly dependent on the medium in which 
the device is placed, as well as mass and dimension of the structure. Actuation in liquid, or 
thinner beams, and smaller structure dimension may permit higher operating frequencies 
to be achieved due to easier thermal dissipation into the liquid.

The microcage structure has been tested up to 18,000 cycles (with a fixed frequency of 
20 Hz). With a low applied power less than 5 mW, upon up to a few thousands cycles, there 
are slight decreases in the horizontal displacement, as well as the original positions, but does 
not change much afterward even up to 18,000 cycles (Fu et al., 2007). The initial changes can 
be attributed to the training process, a common phenomenon for SMA. For the TiNi-based 
films, at the initial actuation stage, the repeated phase changes will alter the microstructure 
and hysteresis of the transformation and in turn lead to changes in transformation tem-
peratures, transformation stresses and strains. Recovery stress of TiNi films was found to 
decrease dramatically in the first tens of cycles, and became stable after hundreds of cycles. 
However, at a power above 5 mW, the maximum displacement of cantilever tip gradually 
decreases. There is a gradual shift in the room temperature position of the microfingers, and 
the tips of microfingers do not return to their original position after 18,000 cycles. The reason 
is attributed to the fatigue and degradation problem, which may be attributed to the defects 
in the film. With the power increased to above 8 mW, there is a significant shift of finger tip, 
especially at the beginning of working cycles. This is attributed to the thermal degradation 
due to the excessive heating effect. It is apparent that the current or power applied on these 
microcages has a dramatic effect on the stability of fatigue properties. This issue should be 
addressed before application of the freestanding TiNiCu microactuators.

TiNi/DLC Microcage

A schematic bimorph microfinger TiNi/DLC structure is shown in Figure 9.68. The DLC 
film has a large compressive stress, and the TiNi film at room temperature (i.e., in martens-
ite state) normally shows small tensile stress. When the DLC is used as the bottom layer 
and TiNi as the top layer of the bimorph structure, significant up-bending of the fingers 
of the microcage could occur when it is released from the Si substrate. The radius of cur-
vature, R, of the bimorph TiNi/DLC structure (shown in Figure 9.68a and b) after release 
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FIGURE 9.68
Schematic drawing of bimorph TiNi/DLC microfinger structures: (a) top view; (b) cross-section view after 
bending up; (c) illustration of bending angular and displacement. (From Fu et al., J. Micromech. Microeng., 18, 
035026, 2008, Reproduced with permission from IOP Publisher, UK.)
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from Si substrate can be controlled by changing the thickness ratio of the two layers, or by 
changing the stress state in both the TiNi and DLC layers (Tsui et al., 1997; Fu et al., 2008):
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where M is a dimension-related parameter and εeq is the equivalent strain. Because the 
as-deposited TiNi film has a very low tensile stress, it is assumed that strain change in the 
bimorph structure is dominated by the DLC layer. Assuming that stress is uniaxial (due to 
the bimorph is slender), the equivalent strain εeq in the DLC layer can be simply calculated 
using the as-deposited stress σd and the Young’s modulus Ed of the DLC layer, that is, εeq = 
σd/Ed. In Equation 9.11, d = d1 + d2, in which d1 and d2 are the thicknesses of the DLC and 
TiNi layer, respectively, and n (= E1/E2) and m (= d1/d2) are the ratios of the Young’s modu-
lus and the layer thickness of the two layers. M is a constant for the fixed materials and 
structural configuration. Equation 9.11 implies that once the materials and the layer thick-
ness are fixed, the radius of curvature can be adjusted by varying the stress and strain of 
both the top TiNi layer and bottom DLC layer.

During thermal cycling, the opening/closing performance of the microcage is mainly 
determined by: (1) thermal effect: temperature change and the difference in the CTEs of 
the two materials, and (2) SME. First, the curvature changes due to pure thermal effect are 
analyzed. If the temperature of the bimorph finger increases from T1 to T2 because of the 
difference of the CTE between the TiNi and DLC, the thermal expansion mismatch leads 
to the TiNi layer expanding more than the DLC layer, thus opening the microcage and 
changing the radius of curvature from R1 to R2. The thermal strain, εth, generated through 
resistive Joule heating of the bimorph layer is expressed as: εeq = (αd – αTiNi) · ΔT, where αd 

and αTiNi are the CTEs of the DLC and TiNi, respectively. The radius of the curvature R, 
bending angle θ (in degree) and the length of the finger, L, have the following relationship 
(see Figure 9.68c):
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Combining Equations 9.11 and 9.12, the angle change from θ1 (which refers to the initial 
degree of bending at room temperature) to θ2 (a new position) due to the pure thermal 
effect from a temperature T1 to a temperature T2 (ΔT = T2 − T1) can be expressed by
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According to the design, the finger lengths are 50, 100, and 150 μm. The thickness of the 
DLC layer is 100 nm, and the thickness of the TiNi layer is 800 nm. The stress of the as-
deposited DLC film was determined to be 5 GPa. In calculation, the elastic modulus and 
thermal expansion coefficient of the TiNi film is a variable as a function of temperature, 
based on the rule of mixtures depending on the percentage of martensite/austenite at a 
given temperature. The bending angle decreases slightly with the increase in temperature 
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during heating, indicating the microfingers slightly open owing to bimorph thermal effect. 
A hysteresis is observed during the thermal cycle due to differences in forward and mar-
tensitic transformations upon heating/cooling (i.e., different contents of martensite and 
austenite at a certain temperature during thermal cycling).

A rough estimation according to Equation 9.13 indicates that if the thickness ratio of TiNi/
DLC is 1, there will be a maximum bending effect. However, the thickness of TiNi should be 
larger than a few hundred nanometers, below which the SME will be too weak for an efficient 
actuation (Fu et al., 2006). When the film is too thin, surface oxide and film/substrate interfacial 
diffusion layers exert dominant constraining effect that renders high residual stress and low 
recovery capabilities (Ishida et al., 2003). The surface oxide and interdiffusion layer restricts 
the phase transformation, alters the chemical stoichiometry of the remaining TiNi film, which 
effectively reduces the volume of the material available for phase transformation. On the other 
hand, there is also a limit to the DLC thickness. When the thickness of DLC is above 100 nm, 
the DLC layer may peel off from the Si substrate because of intrinsic stress. This has severely 
restricted the usage of DLC of a few hundred nanometers thick.

Microcages of five, six, and seven fingers were designed. The width of the fingers and the 
gap between the beams were 4 μm. The fingers were connected to each other with bond pads. 
The central part of the microcage was large enough so that it remained attached to the sub-
strate after the fingers were released from the substrate. A DLC film of 100 nm was deposited 
on Si substrate using a filtered cathodic vacuum arc (FCVA) method with a graphite source. 
The compressive stress of the film was 5 GPa as determined via curvature measurement. A 
TiNi film of 800 nm thick was deposited on top of the DLC layer by magnetron sputtering in 
an argon gas environment at a pressure of 0.8 mTorr from a Ti50Ni50 target (using a 400-W r.f. 
power) and a 99.99% pure Ti target (using a 70-W dc power). Post-annealing of the TiNi/DLC 
bimorph layer was performed at 480°C for 30 min in a high vacuum condition for crystalliza-
tion. The DLC/TiNi microcage was fabricated by photolithographically patterning of 4.8 μm 
thick AZ4562 photoresist on top of the TiNi films. An HF/HNO3/H2O (1:1:20) solution was 
employed to etch the TiNi films to form the microcage patterns. The exposed DLC underlayer 
was etched off in oxygen plasma at a flow rate of 80 sccm and a power of 100 W. A deep reac-
tive ion etching machine was used to isotropically etch the silicon substrate with SF6 plasma at 
a flow rate of 70 sccm and pressure of 72 mTorr. The coil and platen powers were set at 50 and 
100 W, respectively. A time-controlled etching was performed to release the fingers leaving 
the middle parts of the microcage remained attached to the Si substrate. The actuation perfor-
mance of the released microgrippers was evaluated using a peltier device (with a temperature 
range from 5°C to 100°C). The displacements of the TiNi pattern were measured using a video 
camera from the top view.

An SEM morphology of the fabricated TiNi/DLC microcages on a 4-inch silicon wafer is 
shown in Figure 9.69a (Fu et al., 2008). The microcages have different finger numbers and 
beam lengths. After released from the Si substrate, the microcages show significant curl-
ing up of the microfingers, depending on the beam lengths. The fabricated seven- finger 
microcages with different beam lengths. As designed, with increase in beam length, the 
microfinger patterns of the microcages change from fully open, under-closed to over-
closed (Fu et al., 2008).

Figure 9.70 shows the top-view optical images of the deformation behavior of a five-finger 
microcage upon heating (Fu et al., 2008). Actuation of the microcage is mainly determined 
by SME. With temperature increased above martensitic start transformation temperature 
(about 50 to 60°C), martensite (loose structure) changes to austenite (a dense structure), 
causing the closing of microcages, and capturing an object. Further increase in tempera-
ture above 100°C causes the slight opening of the microfingers due to thermal effects. 
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Upon cooling, the microcage fingers quickly open due to the martensitic transformation. 
As one example for the real application, Figure 9.69 shows an SEM picture of the microcage 
capturing a micropolymer ball with a diameter of 50 μm (Fu et al., 2008).

Based on the calculation results of curvature angular change for the beams with differ-
ent lengths shown in Figure 9.71b, the microfinger displacement in the horizontal direc-
tion can be estimated from the simplified relationship: sin(180 – θ) = x/R = (x · θ)/L, and 
the results are shown in Figure 9.71a (Fu et al., 2008). Beam length has a dramatic influ-
ence on the opening displacement in the x-direction. Figure 9.15b plots the experimentally 
measured changes in the horizontal displacement of a microcage fingertip (beam length 
of 150 μm) as a function of substrate temperature. Horizontal displacements of 50 to 60 μm 
can be achieved at temperatures lower than 80°C. The theoretical calculated results are 
comparable with the results as shown in Figure 9.71b. However, there is a discrepancy 
between the estimated and the measured results. Several reasons are possible for this dis-
crepancy: (1) In theoretical calculation, the stress–temperature results measured from a 
film on a 4-in. Si wafer was used. However, the real stress–temperature relationship could 
be different from that on TiNi/DLC bimorph structure. (2) In measurement, the tempera-
ture of the fingers of the microcage should be lower than those measured on the surface 
of the peltier device. (3) During the fabrication of DLC/TiNi microcages, a post-annealing 
crystallization process was used which could have relaxed some of the DLC stress. Also, 
the plasma releasing of microfinger from silicon substrate could deteriorate the SME of 
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FIGURE 9.69
SEM picture of microcage capturing a micropolymer ball. (From Fu et al., J. Micromech. Microeng., 18, 035026, 
2008. Reproduced with permission from IOP Publisher, UK.)

(a) (b)

50 µm

FIGURE 9.70
Optical microscopy images showing the closing of a five-finger microcage during heating (during cooling, pro-
cess is reversed, beam length of 100 μm): (a) 20°C, (b) 100°C. (From Fu et al., J. Micromech. Microeng., 18, 035026, 
2008. Reproduced with permission from IOP Publisher, UK.)



456	 Biological	and	Biomedical	Coatings	Handbook:	Applications

TiNi film due to the plasma damage on the surface of the material. These effects should be 
considered when designing the microcages for practical usages.

Intravascular Medical Stent and Tube Devices

Today’s TiNi stents are normally made using bulk nitinol tubes, even though these drawn 
tubes are relatively large and not flexible to be delivered by intravascular microcatheters 
to brain lesions (Johnson, 2009). TiNi stents are collapsed into small diameter catheters 
(e.g., as small as 1 mm) and guided along the vascular system to the appropriate location 
using imaging hardware. Once at the site such as an occluded artery, the stent is forced out 
of the catheter with a push rod and exposed to the surrounding body temperature. The 
surrounding temperature causes the stent to fully deploy and open the occluded artery. 
Nitinol tubes with wall thickness as small as 50 μm have been achieved by etching and 
electropolishing techniques. However, such techniques are unsuitable to achieve wall 
thickness much smaller than 50 μm. Sputter deposition techniques can produce TiNi film 
as thin as 1 μm. The medical industry represents a growing demand for smaller and thin-
ner stents that can be surgically implanted or delivered via catheter into small diameter, 
highly tortuous blood vessels (Johnson, 2009).

Covered Stent

Although traditional stents consist of nonocclusive metal scaffolds, the treatment of many 
disease processes requires the use of a “covered stent.” These stents are able to open ves-
sels and provide a circumferentially occlusive boundary between the stent and vessel. 
Thus, covered stents are ideal for reestablishing the integrity of aneurysmal vessels or for 
minimizing the risk of in-stent stenosis (Cambria, 2004). The potential applications of such 
covered stents include the treatment of coronary artery disease, aortic and central nervous 
system vascular aneurysms, carotid artery or pulmonary artery stenoses, and even treat-
ment of ruptured vessels (Cambria, 2004). In the palliation of congenital heart disease, 
specifically, the appropriate covered stent would be of tremendous value in stenting the 
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FIGURE 9.71
Horizontal displacement as a function of temperature for microfinger (a) with different finger lengths; and 
(b) experimental results and calculated results with a finger length of 150 μm. (From Fu et al., J. Micromech. 
Microeng., 18, 035026, 2008. Reproduced with permission from IOP Publisher, UK.)
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ductus arteriosus, coarctation of the aorta, or in the stenting of pulmonary veins, an inter-
vention often plagued by in-stent stenosis (Mohanchandra and Carman, 2009).

In both in vivo and in vitro testing of the TiNi, thin film-covered stents were conducted 
by Mohanchandra and Carman (2009). The in vitro tests demonstrate the feasibility of 
successful stent deployment and the stent immobility under pulsatile flow of 1.5 L/min. 
For in vivo testing of the covered stent a swine animal model was used. All arterial planta-
tions were performed in the descending aorta. Venous implants were performed in either 
the superior vena cava or inferior vena cava and evaluated at different time intervals. 
After animal euthanization, stent-containing vessels were harvested, as well as speci-
mens from major organs (heart, lungs, liver, stomach, kidney, pancreas, and spleen). No 
significant in-stent neointimal hyperplasia was found on thin film TiNi covered stents 
placed in the arterial circulation. Moderate-to-severe neointimal proliferation was seen 
in all venous stent implants after 3 weeks. Notably, several of the stent covers were found 
to have defects that were likely caused during deployment (Mohanchandra and Carman, 
2009). In the arterial circulation, the thin film nitinol cover did prevent in-growth of 
neointima and supported growth of endothelial cells over the first month after implanta-
tion. In the venous system, there was angiographic evidence of less in-stent stenosis in the 
first 3 weeks after implantation (when compared with an uncovered stent). However, by 
4 and 6 weeks, all venous stents (covered and uncovered) had significant in-stent stenosis 
from neointimal growth (Mohanchandra and Carman, 2009). The vastly different thermo-
dynamic environments encountered in the arterial versus the venous circulation likely 
contributed significantly to this differential result. The pulsatile arterial circulation, reach-
ing peak flow velocities of approximately 1 m/s, is likely to have had a significant influence 
on the type and extent of neointimal proliferation when compared with the continuous 
low flow state present in the venous circulation. It is likely that the covered stents placed 
in the venous circulation prevented direct growth of the vessel wall through the stent but 
not onto and around the device (Mohanchandra and Carman, 2009). It may be possible 
to obtain improved results by covering both the outside and inside of the stent with thin 
film nitinol. Because thin film nitinol seems to promote a very thin layer of endothelializa-
tion, an inner covering may improve our results by shielding the lumen of the vessel from 
exposure to the bulk nitinol or stainless steel present in the stent scaffolding. As thin film 
nitinol is much smoother and contains many less contaminants than bulk nitinol, this 
inner covering could allow for a more favorable biological response when compared with 
bulk nitinol (Mohanchandra and Carman, 2009).

Heart Valve

One medical device recently proposed for thin film TiNi is a heart valve (Stepan et al., 
2005). The TiNi film in the valve is used as the heart leaflets for a surgically placed heart 
valve replacing the mechanical or bioprosthetic heart valves currently on the market. First, 
the TiNi film may provide increased longevity compared to current bioprosthetic valves 
(i.e., average 10-year lifespan). Second, the TiNi thin film valve may not require anticoagu-
lation therapy necessary in mechanical valves (Mohanchandra and Carman, 2009). For 
percutaneously placed heart valves, the TiNi leaflets could be substantially thinner than 
bioprosthetic allowing the heart valve to be collapsed into a substantially smaller cath-
eter for delivery. This is extremely important in pediatric patients. The surgically placed 
TiNi prosthetic heart valve (see Figure 9.72) was designed and constructed by inserting 
an elliptically shaped piece of shape memory TiNi thin film into a Teflon scaffold made 
of two Teflon tubes with different diameters (Mohanchandra and Carman, 2009). After 
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deposition and fabrication of a TiNi leaflet, the leaflet was wrapped around the anchoring 
bar, made of TiNi wire, and fixed in place by the insertion of the smaller tube into the infe-
rior portion of the large tube. Figure 9.72 shows the closed and open positions of the heart 
valve (Mohanchandra and Carman, 2009).

Fabrication of Superelastic Thin Film Tubes

Figure 9.73 shows a schematic of the deposition system used to fabricate Ti–Ni microtubes 
(Buenconsejo et al., 2008). A rotating jig is placed inside a sputter-deposition chamber and 
a Cu wire is fixed such that its length is parallel to the surface of the alloy target. The rota-
tion of the wire is controlled by a motor. Cu wire was rotated at constant rotation speeds 
during the deposition process. The composition of the alloy target is Ti–50 at.% Ni and 
pure Ti chips were placed on the surface to control the composition. The composition of 
deposited Ti–Ni was determined by electron probe microanalysis to be Ti–52 at.% Ni. After 
deposition, the Cu wire was completely dissolved in a Nitric acid solution thus producing 
a tube hole. The microtubes were sealed in an Ar-filled quartz tube and then crystallized 

Closed

�in film nitinol
Outer teflon tube

Open

Inner teflon scaffold

(a) (b)

FIGURE 9.72
Closed (a) and open (b) positions of a TiNi thin film heart valve. (From Stepan et al., J. Biomech. Eng. ASME Trans., 
127, 915–918, 2005, with permission to use from ASME.)

Sputter-deposition chamber
Rotating jig

Motor

Cu wire Ti–Ni alloy target

FIGURE 9.73
A schematic of rotating jig placed inside sputter-deposition chamber. (From Buenconsejo et al., Acta Mater., 56, 
2063–2072, 2008, with permission from Elsevier.)
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by heat treatment at 873 K for 3.6 ks followed by water-quenching without breaking the 
quartz tube (Buenconsejo et al., 2008).

Figure 9.74 shows the fracture surfaces observed by SEM for Ti–Ni microtubes fabricated 
by deposition on a rotating wire at different rotation speeds, followed by crystallization 
at 873 K for 3.6 ks (Buenconsejo et al., 2008). The wall thickness for all the microtubes 
was uniform, with a thickness of about 6 μm. It was established that the deposition rate 
decreases with increasing β angle. The effect of rotating the Cu wire was to create a simi-
lar deposition condition and thus a uniform deposition rate around the substrate surface. 
Examination of the enlarged images of microtube cross sections (Figure 9.74) revealed 
that the morphologies are different with respect to the rotation speed (Buenconsejo et al., 
2008). For example in the microtube deposited at 0.6 rpm, columnar grains were observed. 
Although the microtubes deposited at 15 rpm and 30 rpm did not contain any colum-
nar grains, the deposition time on the oblique surface area in one cycle decreases with 
increasing rotation speed, causing the columnar grains not to be formed for the micro-
tubes deposited at 15 and 30 rpm. The microtube fabricated at 0.6 rpm has a low fracture 
stress of 450 MPa. Whereas the microtubes fabricated at higher rotation speeds of 15 and 
30 rpm exhibited high fracture stress above 800 MPa because no columnar grains were 
formed (Buenconsejo et al., 2008). The martensitic transformation temperatures and the 
recovery strains were not significantly affected with the rotation speed. The Ms and Af 
slightly varied from 160 to 170 K and 250 to 260 K, respectively. Similarly εa

max was about 
3.0% for all the specimens. The stress–strain curves revealed superelastic behavior at test 
temperatures between 223 K and 303 K. A high σM and a high fracture stress are suitable 
for practical applications as biomedical devices, such as microstents and microcatheters.

Figure 9.75a shows the strain–temperature curves of Ti–Ni microtubes fabricated by 
the rotating wire method at 0.6, 15, and 30 rpm (Buenconsejo et al., 2008). The strain– 
temperature curves were obtained during thermal cycling between 160 and 390 K, under 
various constant stresses. The martensitic transformation temperatures (Ms, Mf, As, and 
Af) shape recovery strain (εa) and plastic strain (εp) were obtained as shown in Figure 9.75a. 
The tensile elongation during cooling and its recovery during heating confirm that the 
Ti–Ni microtubes exhibit the SME. The Ms and Af extrapolated at zero applied stress for 
each specimen are plotted as a function of rotation speed in Figure 9.75a. The Ms and Af 
slightly varied from 160 to 170 K and from 250 to 260 K, respectively, indicating that Ms and 
Af are insensitive to the rotation speed. Similarly, the maximum recoverable strain (εa

max) is 
plotted as a function of rotation speed in Figure 9.75b. It is seen that the εa

max of microtubes 
exhibits a similar value about 3% (Buenconsejo et al., 2008). These results suggest that 
the martensitic transformation temperatures and the maximum recoverable strain of the 
Ti–Ni microtubes deposited by the rotating wire at various rotation speeds are not signifi-
cantly affected by the rotation speed.

(a) (b)

20 µm 20 µm

FIGURE 9.74
Fabricated TiNi microtube. (a) Ration speed of 0.6 rpm; (b) rotation speed of 15 rpm. (From Buenconsejo et al., 
Acta Mater., 56, 2063–2072, 2008, with permission from Elsevier.)
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Summary	and	Future

Sputter-deposited TiNi and TiNiX (X=Cu, Pd) thin films have been successfully produced 
and show stable SME and thermomechanical properties which are equivalent to those 
of bulk materials. Worldwide research programs in universities and industry have pro-
duced many publications, prototypes, and patents on SMA thin film. TiNi thin film is a 
high-quality material with excellent physical properties. It has been shown to be highly 
biocompatible and has a long fatigue life. Intrinsic properties are equivalent or better than 
bulk nitinol. Development of TiNi-based SMA thin films and microactuators witnessed a 
considerable progress in recent years. Some important issues pertaining to the preparation 
of high-performance shape memory TiNi films using sputtering methods and their MEMS 
applications were reviewed in this chapter. Successful application of TiNi thin films in 
MEMS requires consideration of the following issues: preparation and characterization, 
residual stress and adhesion, frequency improvement, fatigue and stability, and pattern-
ing and modeling of behavior. Development of a variety of characterization methods is 
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FIGURE 9.75
Stress–strain curves measured at various test temperatures for a TiNi microtube deposited on a rotating wire at 
15 rpm. (From Buenconsejo et al., Acta Mater., 56, 2063–2072, 2008, with permission from Elsevier.)
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needed to evaluate the actuator characteristics of the TiNi thin films in service in micro-
mechanical systems. Systematic investigation on the interaction between TiNi films and 
substrates is also demanded to achieve tight bonding of the films onto the substrates with-
out much chemical reaction between them. With further development of fabrication and 
characterization techniques, it is clear that a variety of micromechanical systems utiliz-
ing microactuators of TiNi thin films will be developed and present important technical 
impacts in the quite near future. At microscale, TiNi actuators out-perform other actuation 
mechanisms in work/volume (or power/weight) ratio, large deflection and force, but with 
a relatively low frequency (less than 100 Hz) and efficiency, as well as nonlinear behavior. 
More functional and complex designs based on TiNi film devices are needed with multi 
degree-of-freedom and compact structure. TiNi film–based microactuators will find poten-
tial applications in medicine, aerospace, automotive, and consumer products. Miniature 
TiNi-actuated devices based on sputtered TiNi films are ready for the huge commercial 
market, especially for medical microdevices and implantable applications.

References

Auricchio F, Taylor RL, Lubliner J. 1997. Shape-memory alloys: macromodelling and numerical sim-Shape-memory alloys: macromodelling and numerical sim-
ulations of the superelastic behavior. Comput. Methods Appl. Mech. Eng. 146: 281–312.

Baldwin E, Thomas B, Lee JW, Rabiei A. 2005. Processing TiPdNi base thin-film shape memory alloys 
using ion beam assisted deposition, Surf. Coat. Technol. 200: 2571–2579.

Bellouard Y, Lehnert T, Bidaux JE, Sidler T, Clavel R, Gottardt R, Bellouard Y. 1999. Local annealing of 
complex mechanical devices: a new approach for developing monolithic micro-devices. Mater. 
Sci. Eng. A 273–275: 795–798.

Benard WL, Kahn H, Heuer AH and Huff MA. 1998. Thin-film shape-memory alloy actuated micro-
pumps, J. MEMS 7: 245–251.

Bhattacharya K and James RD. 1999. A theory of thin films of martensitic materials with applications 
to microactuators, J. Mech. Phys. Solids 47: 531–576.

Bhattacharyya A, Faulkner MG, Amalraj JJ. 2000. Finite element modeling of cyclic thermal response 
of shape memory alloy wires with variable material properties. Comput. Mater. Sci. 17: 93–104.

Buehler W, Gilfrich J, Riley R. 1963. Effect of low-temperature phase changes on the mechanical prop-1963. Effect of low-temperature phase changes on the mechanical prop-
erties of alloys near composition Ti–Nil J. Appl. Phys. 34: 1475–1477.

Buenconsejo PJ, Kanau I, Kim HY and Miyazaki S. 2008. High-strength superelastic Ti–Ni microtubes 
fabricated by sputter deposition. Acta Mater. 56: 2063–2072.

Busch JD, Johnson AD, Lee CH, and Stevenson DA. 1990. Shape-memory properties in Ni-Ti sputter-
deposited film. J. Appl. Phys. 68: 6224–6228.

Cambria RP. 2004. Stenting for carotid-artery stenosis. New Engl J Med. 351: 1565–1567.
Cecil J, Powell D, Vasquez D. 2007. Assembly and manipulation of micro devices—a state of the art 

survey. Robot. Comput. Integr. Manuf. 23: 580–588.
Chang L and Grummon DS. 1997. Structure evolution in sputtered thin films of Ti–x(Ni,Cu)(1 − x): 1. 

Diffusive transformations. Philos. Mag. A 76: 163–191.
Chikazume S. 1997. Physics of Ferromagnetism. Oxford University Press, Oxford, UK. 
Cho H, Kim HY, Miyazaki S. 2006. Alloying process of sputter-deposited Ti/Ni multilayer thin films. 

Mater. Sci. Eng. A 438: 699–702. 
Chonan S, Jiang ZW, Tani J, Orikasa S, Tanahashi Y, Takagi T, Tanaka M, Tanikawa J. 1997. Development 

of an Artificial Urethral Valve using SMA Actuators, Smart Mater. Struct. 6: 410–414.
Chronis N and Lee LP. 2005. Electrothermally activated SU-8 microgripper for single cell manipula-Electrothermally activated SU-8 microgripper for single cell manipula-

tion in solution. J. MEMS 14: 857–863.



462	 Biological	and	Biomedical	Coatings	Handbook:	Applications

Cinchetti M, Gloskovskii A, Nepjiko S, Schonhense G, Rochholz H, Kreiter M. 2005. Photoemission 
electron microscopy as a tool for the investigation of optical near fields, Phys. Rev. Lett. 95: 
047601.

Cole DP, Bruck HA, Roytburd AL. 2008. Nanoindentation studies of graded shape memory alloy thin 
films processed using diffusion modification, J. Appl. Phys. 103: 064315.

Craciunescu CM and Wuttig M. 2003. New ferromagnetic and functionally graded shape memory 
alloys. J. Optoelectr. Adv. Mater. 5: 139–146.

Craciunescu C, Li J, Wuttig M. 2003. Thermoelastic stress-induced thin film martensites. Scr. Mater. 
48: 65–70.

Craciunescu C and Wuttig M. 2000. Extraordinary damping of Ni–Ti double layer films. Thin Solid 
Films 378: 173–175.

Cuschieri A. 1991. Variable curvature shape-memory spatula for laparoscopic surgery. Surg. Endosc. 
5: 179.

Dai K and Chu Y. 1996. Studies and applications of NiTi shape memory alloys in the medical field in 
China. Biomed. Mater. Eng. 6: 233–240.

Dotter CT, Buschmann RW, McKinney MK, Rosch J. 1983. Transluminal expandable nitinol coil stent 
grafting: preliminary report. Radiology 147: 259–260.

Du HJ and Fu YQ. 2004. Deposition and characterization of Ti1-x(Ni,Cu)x shape memory alloy thin 
films. Surf. Coat. Technol. 176: 182–187.

Duerig TW and Wayman CM. 1990. Engineering Aspects of Shape-Memory Alloys. In Durerig TW, 
Melton KN, Stockel D, Wayman CM (eds.). Butterworth-Heinemann, London, 3.

Ericsson M, Hanstorp D, Hagberg P, Enger J, Nystrom T. 2000. Sorting out bacterial viability with 
optical tweezers. J. Bacteriol. 182: 5551–5555.

Espinosa HD, Prorok BC, Fischer M. 2003. A methodology for determining mechanical properties of 
freestanding thin films and MEMS materials. J. Mech. Phys. Solids 51: 46–67.

Es-Souni M and Brandies HF. 2001. On the transformation behaviour, mechanical properties and bio-
compatibility of two TiNi-based shape memory alloys: NiTi42 and NiTi42Cu7. Biomaterials 22: 2153.

Firstov GS, Vitchev RG, Kumar H, Blanpain B, Van Humbeeck J. 2002. Surface oxidation of TiNi 
shape memory alloy. Biomaterials 23: 4863–4871.

Frank T, Willets G, Cuschieri A. 1995. Detachable clamps for minimal access surgery. Proc. Inst. Mech. 
Eng. Part H 209: 117–120.

Frank TW, Xu A, Cuschieri A. 2000. Instruments based on shape memory alloy properties for mini-
mal access surgery, interventional radiology and flexible endoscopy. Minim. Invasive Ther. Allied 
Technol. 9: 89–98.

Fu YQ and Du HJ. 2002. Relaxation and recovery of stress during martensite transformation for sput-
tered shape memory TiNi film. Surf. Coat. Technol. 153: 100–105. 

Fu YQ and Du HJ. 2003. Effects of film composition and annealing on residual stress evolution for 
shape memory TiNi film. Mater. Sci. Eng. A 342: 236–244.

Fu YQ and Du HJ. 2003. Fabrication of micromachined TiNi-based microgripper with complaint 
structure, SPIE Vol. 5116, 2003, pp 38–47. Smart Sensors, Actuators, and MEMS, 19–21 May, 2003, 
Gran Canaria, Spain. SPIE-Int. Soc. Opt. Eng, USA.

Fu YQ and Du HJ. 2003. RF magnetron sputtered TiNiCu shape memory alloy thin film. Mater. Sci. 
Eng. A, 339: 10.

Fu YQ, Du HJ, Zhang S. 2002. Curvature method as a tool for shape memory effect. In Surface 
Engineer ing: Science and Technology II symposium at TMS 2002 Annual Meeting, Kumar A, 
Chung YW, Moore  JJ, Doll GL, Yahi K, Misra DS (eds.), TMS, pp 293–303, Feb. 17–21, 2002, 
Seattle, WA, USA.

Fu YQ, Du HJ, Zhang S. 2003. Adhesion and interfacial structure of magnetron sputtered TiNi films 
on Si/SiO2 substrate. Thin Solid Films 444: 85–90.

Fu YQ, Du HJ, Zhang S. 2003. Deposition of TiN layer on TiNi thin fi lms to improve surface proper- HJ, Zhang S. 2003. Deposition of TiN layer on TiNi thin fi lms to improve surface proper-, Zhang S. 2003. Deposition of TiN layer on TiNi thin fi lms to improve surface proper-Deposition of TiN layer on TiNi thin films to improve surface proper-
ties. Surf. Coat. Technol. 167: 129–136.

Fu YQ, Du HJ, Zhang S. 2003. Functionally graded TiN/TiNi shape memory alloy films. Mater. Lett. 
57: 2995–2999. 



Medical	Applications	of	Sputter-Deposited	Shape	Memory	Alloy	Thin	Films	 463

Fu YQ, Du HJ, Zhang S, Ong SE. 2004. Effects of silicon nitride interlayer on phase transformation 
and adhesion of TiNi films. Thin Solid Films 476: 352–357.

Fu YQ, Du HJ, Zhang S, Gu YW. 2005. Stress and surface morphology of TiNiCu thin films: effect of 
annealing temperature. Surf. Coat. Technol. 198: 389–394.

Fu YQ and Du HJ. 2003. Magnetron sputtered Ti50Ni40Pt10 shape memory alloy thin films. J. Mater. 
Sci. Lett. 22: 531–533.

Fu YQ, Du HJ, Gao S, Yi S. 2003. Mechanical properties of sputtered TiNiCu shape memory alloy thin 
films. Mater. Sci. Forum 437: 37–40.

Fu YQ, Du HJ, Huang W, Zhang S, Hu M. 2004. TiNi-based thin films in MEMS applications: a 
review. Sens. Actuators: A. Physical 112: 395–408.

Fu YQ, Luo JK, Flewitt AJ, Ong SE, Zhang S, Du HJ, Milne WI. 2008. Shape memory microcage of 
TiNi/DLC films for biological applications. J. Micromech. Microeng. 18: 035026.

Fu YQ, Luo JK, Ong SE, Zhang S, Flewitt AJ, Milne WI. 2008. TiNi/DLC shape memory microcage 
for biological applications. J. Micromech. Microeng. 18: 035026.

Fu YQ, Zhang S, Wu MJ, Huang WM, Du HJ, Luo JK, Flewitt AJ, Milne WI. 2006. On the lower thick-
ness boundary of sputtered TiNi films for shape memory application. Thin Solid Films 515: 
80–86.

Fu YQ, Sanjabi S, Barber ZH, Clyne TW, Huang WM, Cai MD, Luo, JK, Flewitt AJ, Milne WI. 2006. 
Evolution of surface morphology in TiNiCu shape memory thin films. Appl. Phys. Lett. 89: 
171922.

Fu YQ, Huang WM, Du HJ, Huang X, Tan JP, Gao XY. 2001. Characterization of TiNi shape-memory 
alloy thin films for MEMS applications. Surf. Coat. Technol. 145: 107–112.

Fu YQ, Luo JK, Flewitt  AJ, Ong SE, Zhang S, Du HJ, Milne WI. 2007. Microactuators of free-standing 
TiNiCu Films, Smart. Mater. Struct. 16, 2651–2657.

Gabry B, Lexcellent C, No VH, Miyazaki S. 2000. Thermodynamic modeling of the recovery strains 
of sputter-deposited shape memory alloys Ti–Ni and Ti–Ni–Cu thin films. Thin Solid Films 372: 
118–133.

Gall K and Sehitoglu H. 1999. The role of texture in tension-compression asymmetry in polycrystal-
line NiTi. Int. J. Plast. 15: 69–92.

Gao XY and Huang WM. 2002. Transformation start stress in non-textured shape memory alloys. 
Smart Mater. Struct. 11: 256–268.

Gascoyne PRC and Vykoukal J. 2002. Particle separation by dielectrophoresis. Electrophoresis 23: 
1973–1983.

Gill JJ, Chang DT, Momoda LA, Carman GP. 2001. Manufacturing issues of thin fi lm TiNi microwrap-Manufacturing issues of thin film TiNi microwrap-
per. Sens. Actuators A 93: 148–156.

Gill JJ, Ho K, Carman GP. 2002. Three-dimensional thin-film shape memory alloy microactuator with 
two-way effect. J. MEMS. 11: 68–77.

Goldberg F and Knystautas EJ. 1999. The effects of ion irradiation on TiNi shape memory alloy thin 
films. Thin Solid Films 342: 67–73.

Grummon DS and Gotthardt R. 2000. Latent strain in titanium-nickel thin films modified by irradia-
tion of the plastically-deformed martensite phase with 5 MeV Ni2+. Acta Mater. 48: 635–646.

Grummon DS. 2003. Thin-film shape-memory materials for high-temperature applications. JOM 55: 
24–32.

Grummon DS, Zhang JP, Pence TJ. 1999. Relaxation and recovery of extrinsic stress in sputtered 
titanium-nickel thin films on (100)-Si. Mater. Sci. Eng. A 273–275: 722–726.

Gupta V, Johnson AD, Martynov V. 2001. Sputtered shape memory alloy thin film for medical appli-
cations—planar and 3D structures, 4th Pacific Rim International Conference on Advanced 
Materials and Processing (PRICM4), Honolulu, Hawaii, PRICM 4, Vols. I and II, pp 2347–2349. 
Dec. 11–15.

Gyobu A, Kawamura Y, Horikawa H, Saburi T. 1999. Two-way shape memory effect of sputter-
 deposited Ti-rich Ti–Ni alloy films. Mater. Sci. Eng. A 273–275: 749–753.

Gyobu A, Kawamura Y, Saburi T, Asai M. 2001. Two-way shape memory effect of sputter-deposited 
Ti-rich Ti–Ni alloy films. Mater. Sci. Eng. A 312: 227–231.



464	 Biological	and	Biomedical	Coatings	Handbook:	Applications

Hassdorf R, Feydt J, Pascal P, Thienhaus S, Boese M, Sterzl T, Winzek B, Noske M. 2002. Phase forma-
tion and structural sequence of highly-oriented MBE-grown NiTiCu shape memory thin films. 
Mater. Trans. 43: 933–938.

He Q, Huang WM, Hong MH, Wu MJ, Fu YQ, Chong TC, Chellet F, Du HJ. 2004. Characterization 
of sputtering deposited NiTi shape memory thin films using a temperature controllable atomic 
force microscope. Smart Mater. Struct. 13: 977.

Himpens JM. 1993. Laparoscopic inguinal hernioplasty repair with a conventional vs. a new self-
expandable mesh. Surg. Endosc. 7: 315–318.

Ho KK and Carman GP. 2000. Sputter deposition of TiNi thin film shape memory alloy using a 
heated target. Thin Solid Films. 370: 18–29. 

Ho KK, Mohanchandra KP, Carman GP. 2002. Examination of the sputtering profile of TiNi under 
target heating conditions. Thin Solid Films 413: 1–7. 

Huang WM. 1999. Modified Shape Memory Alloy (SMA) model for SMA wire based actuator design. 
J. Intell. Mater. Sys. Struct. 10: 221–231.

Huang WM and Zhu JJ. 2002. To predict the behavior of shape memory alloys under proportional 
load. Mech. Mater. 34: 547–561. 

Huang WM, He Q, Hong MH, Xie Q, Fu YQ, Du HJ. 2002. On the fabrication of TiNi shape memory 
alloy micro devices using laser. Photonics Asia 2002, 14–18 October 2002, Shanghai, China, SPIE 
Vol. 4915, 234–240.

Huang WM, Liu QY, He LM. 2004. Micro NiTi–Si cantilever with three stable positions. Sens. Actuators 
A 114: 118–122. 

Humbeeck JV. 1999. Non-medical applications of shape-memory alloys. Mater. Sci. Eng. A 273–275: 
134–148.

Iddan G, Meron G, Glukhovsky A, Swain P. 2000. Wireless capsule endoscopy. Nature 405: 417.
Inoue H, Miwa N, Inakazu N. 1996. Texture and shape memory strain in TiNi alloy sheets. Acta 

Mater. 44: 4825.
Isalgue A, Torra V, Seguin J-L, Bendahan M, Amigo JM, Esteve-Cano V. 1999. Shape memory TiNi 

thin films deposited at low temperature. Mater. Sci. Eng. A 273–275: 717–721. 
Ishida A, Takei A, Sato M, Miyazaki S. 1996. Stress–strain curves of sputtered thin films of Ti–Ni. Thin 

Solid Films 281–282: 337–339. 
Ishida A, Sato M and Miyazaki S, Ishida A. 1999. Mechanical properties of Ti–Ni shape memory thin 

films formed by sputtering. Mater. Sci. Eng. A 273–275: 754–757.
Ishida A and Sato M. 2003. Thickness effect on shape memory behavior of Ti–50.0at.%Ni thin film. 

Acta Mater. 51: 5571–5578. 
Ishida A, Sato M, Takei A, Miyazaki S. 1995. Effect of heat treatment on shape memory behavior of 

Ti-rich Ti–Ni thin films. Mater. Trans., JIM 36: 1349.
Ishida A, Sato M, Takei A, Nomura K, Miyazaki S. 1996. Effect of aging on shape memory behavior 

of Ti–51.3 at pct Ni thin films. Metall. Mater. Trans. A 27: 3753–3759.
Ishida A, Sato M, Ogawa K. 2008. Microstructure and shape memory behavior of annealed Ti–36.8 

at.% Ni–11.6 at.% Cu thin film. Mater. Sci. Eng. A 481: 91–94.
Ishida A, Sato M, Yoshikawa W, et al. 2007. Graphical design for thin-film SMA microactuators. Smart 

Mater. Struct. 16: 1672–1677.
James RD and Hane KF. 2000. Martensitic transformations and shape-memory materials. Acta Mater. 

48: 197–222.
Jin YM and Weng GJ. 2000. Micromechanics study of thermo mechanical characteristics of polycrys-Micromechanics study of thermo mechanical characteristics of polycrys-

tal shape-memory alloy films. Thin Solid Films 376: 198–207. 
Johnson AD. 1991. Vacuum-deposited TiNi shape memory film: characterization and applications in 

microdevices. J. Micromechan. Microeng. 1: 34–41.
Johnson AD. 1999. Thin film shape-memory technology: a tool for MEMS. Micromach. Devices 

4: 12.
Johnson AD. 2009. Chapters 3 and 10: applications of TiNi thin film shape memory alloys. In Thin 

Film Shape Memory Alloys: Fundamentals and Device Applications, Miyazaki S, Fu YQ, Huang WM 
(eds.). Cambridge University Press, UK.



Medical	Applications	of	Sputter-Deposited	Shape	Memory	Alloy	Thin	Films	 465

Kahn H, Huff MA, Heuer AH. 1998. The TiNi shape-memory alloy and its applications for MEMS, J. 
Micromech. Microeng. 8: 213–221.

Kajiwara S, Kikuchi T, Ogawa K, Matsunaga T, Miyazaki S. 1996. Strengthening of Ti–Ni shape-
memory films by coherent subnanometric plate precipitates. Philos. Mag. Lett. 74: 137.

Kim CJ, Pisano AP, Muller RS. 1992. Silicon-processed overhanging microgripper. J. Microelectromech. 
Syst. 1: 31–36.

Kirschniak A, Kratt T, Stuker D, Braun A, Schurr MO, Kronigsrainer A. 2007. A new endoscopic over-
the-scope clip system for treatment of lesions and bleeding in the GI tract: first clinical experi-
ence. Gastrointest. Endosc. 66: 162–167.

Ko ST, Airan M, Frank T, Cuschieri A. 1996. Percutaneous endoscopic external ring (PEER) hernio-1996. Percutaneous endoscopic external ring (PEER) hernio-
plasty. Surg. Endosc. 10: 690–693.

Kohl M, Dittmann D, Quandt E, Winzek B, Miyazaki S and Allen DM. 1999. Shape memory micro-
valves based on thin films or rolled sheets. Mater. Sci. Eng. A 273–275: 784–788. 

Kohl M, Skrobanek KD, Miyazaki S and Ishida A. 1999. Development of stress-optimised shape 
memory microvalves. Sensors and Actuators A 72: 243–250.

Krulevitch P, Lee AP, Ramsey PB, Trevino JC, Hamilton J, Northrup MA. 1996. Mixed-sputter deposi-
tion of Ni–Ti–Cu shape memory films. J. MEMS 5: 270–282.

Kulkarni RP, Bellamy EA. 1999. A new thermo-expandable shape-memory nickel-titanium alloy stent 
for the management of ureteric strictures. BIU International 83:755–759. 

Lagrange TB and Gotthard R. 2003. Microstructrual evolution and thermo-mechanical response of Ni 
ion irradiated TiNiSMA thin films. J. Optoelectr. Adv. Mater. 5: 313–318.

Lee AP, Ciarlo DR, Krulevitch PA, Lehew S, TrevinoJ, Northrup MA. 1996. A practical microgripper 
by fine alignment, eutectic bonding and SMA actuation. Sens. Actuators A 54: 755–759.

Lee JW, Thomas B, Rabiei A. 2006. Microstructural study of titanium–palladium–nickel base thin film 
shape memory alloys. Thin Solid Film 500: 309–315. 

Lehnert T, Crevoiserat S, Gotthardt R. 2002. Transformation properties and microstructure of sputter-
deposited Ni–Ti shape memory alloy thin films. J. Mater. Sci. 37: 1523–1533.

Lexcellent C, Moyne S, Ishida A, Miyazaki S. 1998. Deformation behaviour associated with the stress-
induced martensitic transformation in Ti–Ni thin films and their thermodynamical modeling. 
Thin Solid Films 324: 184–189.

Liu YS, Xu D, Jiang BH, Yuang ZY, Van Houtte P. 2005. The effect of crystallizing procedure on micro-The effect of crystallizing procedure on micro-
structure and characteristics of sputter-deposited TiNi shape memory thin films. J. Micromech. 
Microeng. 15: 575–579.

Luo JK, Flewitt AJ, Spearing SM, Fleck NA, Milne WI. 2005. Comparison of microtweezers based on 
three lateral thermal actuator configurations. J. Micromech. Microeng. 15: 1294–1302.

Ma XG and Komvopoulos K. 2003. Nanoscale pseudoelastic behavior of indented titanium–nickel 
films. Appl. Phys. Lett. 83: 3773–3775.

Machens H, Mailaender P, Rieck B, Berger A. 1994. Techniques of postoperative blood fl ow monitor-Techniques of postoperative blood flow monitor-
ing after free tissue transfer: an overview. Microsurgery 15: 778–786.

Makino E, Mitsuya T, Shibata T. 2000. Micromachining of NiTi shape memory thin film for fabrica-
tion of micropump. Sens. Actuators 79: 128–135.

Makino E, Mitsuya T, Shibata T. 2001. Fabrication of TiNi shape memory micropump. Sens. Actuators 
A 88: 256–262.

Makino E, Shibata T, Kato K. 1999. Dynamic thermo-mechanical properties of evaporated TiNi shape 
memory thin film. Sens. Actuators A 78: 163–167.

Matsunaga T, Kajiwara S, Ogawa K, Kikuchi T and Miyazaki S, Ishida A. 1999. High strength Ti–Ni-
based shape memory thin films. Mater. Sci. Eng. A 273–275: 745–748.

Melzer A, Michitsch S, Konak S. 2004. Nitinol in magnetic resonance imaging. Minim. Invasive Ther. 
Allied Technol. 13: 261–271.

Meng XL, Sato M, Ishida A. 2008. Structure of martensite in Ti-rich Ti–Ni–Cu thin films annealed at 
different temperatures. Acta Mater. 56: 3394–3402. 

Meng XL, Sato M, Ishida A. 2008. Transmission electron microscopy study of the microstructure of 
B19 martensite in sputter-deposited Ti50.2Ni30Cu19.8 thin films. Scr. Mater. 59: 451–454. 



466	 Biological	and	Biomedical	Coatings	Handbook:	Applications

Millet O, Bernardoni P, Regnier S, Bidaud P, Tsitsiris E, Collard D, Buchaillot L. 2004. Electrostatic 
actuated micro gripper using an amplification mechanism. Sens. Actuators A 114: 371–378.

Mineta T, Kida N, Nomura S, Makino E, Sugawara T, Toh S, Shibata T. 2008. Pulsation sensor inte-
grated with microvascular holding actuator for thrombosis monitoring. Sens. Actuators A Phys. 
143: 14–19.

Miyazaki S and Wayman CM. 1988. The R-phase transition and associated shape memory mecha-
nism in TiNi single crystals. Acta Metall. 36: 181.

Miyazaki S. 1990. Engineering Aspects of Shape Memory Alloys, Duerig TW, et al. (eds.). Butterworth-
Heinemann Ltd., London UK 394.

Miyazaki S and Ishida A. 1999. Martensitic transformation and shape memory behavior in sputter-
deposited TiNi-base thin films. Mater. Sci. Eng. A 273–275: 106–133.

Miyazaki S, Kimura S, Otsuka K. 1988. Shape memory effect and pseudoelectricity associated with 
the R-phase transition in Ti-50.5 at in single crystals. Philos. Mag. A 57: 467.

Miyazaki S, Kimura S, Otsuka K, Suzuki Y. 1984. Shape memory effect and pseudoelectricity in a 
TiNi single crystals. Scr. Metall. 18: 883.

Miyazaki S, Hashinaga T, Ishida A. 1996. Martensitic transformations in sputter-deposited Ti–Ni–Cu 
shape memory alloy thin films. Thin Solid Films 281–282: 364.

Miyazaki S, No VH, Kitamura K, Khantachawwana A, Hosoda H. 2000. Texture of Ti–Ni rolled thin 
plates and sputter-deposited thin films. Int. J. Plast. 16: 1135–1154.

Miyazaki S. 1998. Medical and dental applications of shape memory alloys, Chapter 12. In Shape 
Memory Materials, Otsuka K and Wayman C (eds.). Cambridge University Press, Cambridge, 
UK.

Miyazaki S and Otsuka K. 1989. Development of Shape Memory Alloys. ISIJ Int. 29: 353–377.
Miyazaki S. 2009, Chapter 2: Martensitic transformation in shape memory alloys. In Thin Film Shape 

Memory Alloys: Fundamentals and Device Applications, Miyazaki S, Fu YQ, Huang WM (eds.). 
Cambridge University Press, UK.

Miyazaki S, Tomozawa M, Kim HY. 2009. Binary and ternary alloy film diaphragm microactuators, 
Chapter 12. In Thin Film Shape Memory Alloys: Fundamentals and Device Applications, Miyazaki S, 
Fu YQ, Huang WM (eds.). Cambridge University Press, UK.

Moyne S, Poilane C, Kitamura K, Miyazaki S, Delobelle P, Lexcellent C. 1999. Analysis of the thermo 
mechanical behavior of Ti–Ni shape memory alloy thin films by bulging and nanoindentation 
procedures. Mater. Sci. Eng. A 273–275: 727–732.

Mohanchandra KP and Carman GP. 2009. TiNi thin films devices, Chapter 13. In Thin Film Shape 
Memory Alloys: Fundamentals and Device Applications, Miyazaki S, Fu YQ, Huang WM (eds.). 
Cambridge University Press, UK.

Musialek J, Filip P, Nieslanik J. 1998. Titanium–nickel shape memory clamps in small bone surgery. 
Arch. Orthop. Trauma Surg. 117: 341–344.

Murray JL. 1987. Phase Diagrams of Binary Titanium Alloys, Monograph Series on Alloy Phase Diagrams. 
ASM International. Metals Park, OH, USA.

Nakamura T, Fukui H, Ishii Y. 2000. Shape memory alloy loop snare for endoscopic photodynamic 
therapy of early gastric cancer. Endoscopy 32: 609–613.

Neuman KC, Hadd EH, Liou GF, Bergman K, Block SM. 1999. Characterization of photodamage to 
Escherichia coli in optical traps. Biophys. J. 77: 2856–2863.

Ng Y, Song C, McLean D, Shimi SM, et al. 2003. Optimized deployment of heat-activated surgical 
staples using thermography. Appl. Phys. Lett. 83: 1884–1886. 

Ni W, ChengYT, Grummon DS. 2002. Recovery of microindents in a nickel–titanium shape-memory 
alloy: a “self-healing” effect. Appl. Phys. Lett. 80: 3310–3312. 

Nishida M and Honma T. 1984. All round shape memory effect in Ni rich TiNi alloys generated by 
constrained aging. Scr. Metall. 18: 1293.

Nishiyama Z. 1978. Martensitic Transformation. Academic Press Inc., USA.
Ohta A, Bhansali S, Kishimoto I, Umeda A. 2000. Novel fabrication technique of TiNi shape memory 

alloy film using separate Ti and Ni targets. Sens. Actuators A 86: 165–170.



Medical	Applications	of	Sputter-Deposited	Shape	Memory	Alloy	Thin	Films	 467

Otsuka K and Ren X. 2005. Physical metallurgy of Ti–Ni-based shape memory alloys. Prog. Mater. 
Sci. 50: 511–678.

Otsuka K and Wayman C. 1989. Shape Memory Materials. Cambridge University Press, Cambridge, UK.
Pan CS and Hsu WY. 1997. An electro-thermally and laterally driven polysilicon microactuator. J. 

Micromech. Microeng. 7: 7–13.
Quandt E, Halene C, Holleck H, Feit K, Kohl M, Schloßmacher P, Skokan A, Skrobanek KD. 1996. 

Sputter deposition of NiTi, NiTiPd and TiPd films displaying the two-way shape-memory 
effect. Sens. Actuators A 53: 434–439.

Raju GS and Gajula L. 2004. Endoclips for GI endoscopy. Gastrointest. Endosc. 59: 267–279.
Reichle C, Schnelle T, Müller T, Leya T, Fuhr G. 2000. A new microsystem for automated electrorota-A new microsystem for automated electrorota-

tion measurements using laser tweezers. Biochim. Biophys. Acta 1459: 218–229.
Reynaerts D, Peirs J, Van Brussel H. 1997. An implantable drug-delivery system based on shape 

memory alloy micro-actuation. Sens. Actuators A 61: 455–462. 
Rhalmi S, Odin M, Assad M, et al. 1999. Hard, soft tissue and in vitro cell response to porous nickel-

titanium: a biocompatibility evaluation. Biomed. Mater. Eng. 9: 151–162. 
Sawaguchi T, Sato M, Ishida A. 2002. Microstructure and shape memory behavior of Ti–51.2 

(Pd27.0Ni21.8) and Ti–49.5(Pd28.5Ni22.0) thin films. Mater. Sci. Eng. A 332: 47–55. 
Seguin JL, Bendahan M, Isalgue A, Esteve-Cano V, Carchano H, Torra V. 1999. Low temperature crys-1999. Low temperature crys-

tallised Ti-rich NiTi shape memory alloy films for microactuators. Sens. Actuators 74: 65–69.
Seidemann V, Butefisch S, Buttgenbach S. 2002. Fabrication and investigation of in-plane compli-Fabrication and investigation of in-plane compli-

ant SU8 structures for MEMS and their application to micro valves and micro grippers. Sens. 
Actuators A 97–98: 457–461.

Shaw GA, Stone DD, Johnson AD, Ellis AB, Crone WC. 2003. Shape memory effect in nanoindenta-
tion of nickel–titanium thin films. Appl. Phys. Lett. 83: 257–259. 

Shaw GA, Trethewey JS, Johnson AD, Drugan WJ, Crone WC. 2005. Thermomechanical high-density 
data storage in a metallic material via the shape-memory effect. Adv. Mater. 17: 1123–1127.

Shih CL, Lai BK, Kahn H, Philips SM, Heuer AH. 2001. A robust co-sputtering fabrication procedure 
for TiNi shape memory alloys for MEMS. J. MEMS 10: 69–79.

Shin DD, Lee DG, Mohanchandra KP, et al. 2006. Thin film NiTi microthermostat array. Sens. Actuators 
A 130: 37–41.

Shu YC and Bhattacharya K. 1998. The influence of texture on the shape-memory effect in polycrys-
tals. Acta Mater. 46: 5457–5473.

Simon M, Kaplan R, Salzman E, Freiman DA. 1977. Vena cava filter using thermal shape memory 
alloy. Radiology. 125: 87–94.

Small W, Wilson TS, Buckley PR, Benett WJ, Loge JA, Hartman J, Maitland DJ. 2007. Prototype fabri-
cation and preliminary in vitro testing of a shape memory endovascular thrombectomy device. 
IEEE Trans. Biomed. Eng. 54: 1657–1666.

Snow S and Jacobsen SC. 2006. Microfabrication processes on cylindrical substrates—Part I: Material 
deposition and removal. Microelectron. Eng. 83: 2534–2542.

Snow S and Jacobsen SC. 2007. Microfabrication processes on cylindrical substrates—Part II: Lithog-
raphy and connections. Microelectron. Eng. 84: 11–20.

Song C, Campbell P, Frank T, Cuschieri A. 2002. Thermal modelling of shape memory alloy fixator 
for medical application. Smart Mater. Struct. 11: 1–5.

Song C, Frank T, Cuschieri A. 2005. Shape memory alloy clip for compression colonic anastomosis. J. 
Biomech. Eng. Trans. ASME 127: 351–354.

Sousa JE, Costa MA, Abizaid A. 2001. Lack of neointimal proliferation after implantation of sirolimus-
 coated stents in human coronary arteries: a quantitative coronary angiography and three-
dimensional intravascular ultrasound study. Circulation 103: 192–195.

Stemmer S, Duscher G, Scheu C, Heuer AH, Ruhle M. 1997. The reaction between a TiNi shape 
memory thin film and silicon. J. Mater. Res. 12: 1734–1740.

Stepan LL, Levi DS, Carman GP. 2005. A thin film Nitinol heart valve. J. Biomech. Eng. ASME Trans. 
127: 915–918.



468	 Biological	and	Biomedical	Coatings	Handbook:	Applications

Sugawara T, Hirota K, Watanabe M, Mineta T, Makino E, Toh S, Shibata T. 2006. Shape memory thin 
film actuator for holding a fine blood vessel. Sens. Actuators A 130/131: 461–467.

Surbled P, Clerc C, Pioufle BL, Afaka M, Fujita H. 2001. Effect of the composition and thermal anneal-
ing on the transformation temperatures of sputtered TiNi shape memory alloy thin films. Thin 
Solid Films 401: 52–59.

Takabayashi S, Tanino E, Fukumoto S, Mimatsu Y, Yamashita S, Ichikawa Y. 1996. Functionally gradi-
ent TiNi films fabricated by sputtering. Jpn. J. Appl. Phys. 35: 200–204.

Takeuchi S and Shimoyama I. 2000. A three-dimensional shape memory alloy microelectrode with 
clipping structure for insect neural recording. J. MEMS 9: 24–31.

Tan L and Crone WC. 2002. Surface characterization of TiNi modifi ed by plasma source ion implanta-Surface characterization of TiNi modified by plasma source ion implanta-
tion. Acta Mater. 50: 4449–4460.

Tan SM and Miyazaki S. 1997. Ti-content and annealing temperature dependence of deformation 
characteristics of TiXNi(92-X)Cu-8 shape memory alloys. Acta Mater. 46: 2729.

Terzo G. 2008. Capital market crusaders; activist investors strike out, and corporate America strikes 
back. The Investments Dealers’ Digest: IDD, 74(48), 10.

Tomozawa M, Kim HY, Miyazaki S. 2006. Microactuators using R-phase transformation of sputter-
deposited Ti–47.3Ni shape memory alloy thin films. J. Intel. Mater. Syst. Struct. 17: 1049–1058.

Tomozawa M, Okutsu K, Kim HY, Miyazaki S. 2005. Characterization of high-speed microactuator 
utilizing shape memory alloy thin films. Mater. Sci. Forum 475–479: 2037–2042.

Tsui YC and Clyne TW. 1997. An analytical model for predicting residual stresses in progressively 
deposited coatings: 1. Planar geometry. Thin Solid Films 306: 23.

Volland BE. 2002. Electrostatically driven microgripper. Microelectron. Eng. 61: 1015.
Volland BE, Heerlein H, Rangelow IW. 2002. Electrostatically driven microgripper, Microelectron. Eng. 

61–62: 1015–1023.
Walker JA, Gabriel KJ, Mehregany M. 1990. Thin film processing of shape memory alloy. Sens. 

Actuators A 21–23: 243.
Wan D and Komvopoulos K. 2005. Thickness effect on thermally induced phase transformations in 

sputtered titanium–nickel shape-memory films. J. Mater Res. 20: 1606.
Wang RX, Zohar Y, Wong M. 2002. Residual stress-loaded titanium–nickel shape-memory alloy thin-

film micro-actuators. J. Micromech. Microeng. 12: 323–327.
Wang X, Rein M, Vlassak JJ. 2008. Crystallization kinetics of amorphous equiatomic NiTi thin films: 

effect of film thickness. J. Appl. Phys. 103: 023501.
Wang ZG and Zu XT. 2005. Incomplete transformation induced multiple-step transformation in TiNi 

shape memory alloys. Scr. Mater. 53: 335.
Wang ZG, Zu XT, Fu YQ, Wang LM. 2005. Temperature memory effect in TiNi-based shape memory 

alloys. Thermochim. Acta 428: 199.
Waye JD. 2003. Small-bowel endoscopy. Endoscopy 35: 15.
Wierzbicki R, Houston K, Heerlein H, Barth W, Debski T, Eisinberg A, Menciassi A, Carrozza MC, 

Dario P. 2006. Design and fabrication of an electrostatically driven microgripper for blood ves-
sel manipulation. Microelectron. Eng. 83: 1651–1654.

Winzek B and Quandt E. 1999. Shape-memory Ti–Ni–X-films (X = Cu, Pd) under constraint. Z 
Metallkd. 90: 796–802.

Winzek B, Schmitz S, Rumpf H, Sterzl T, Hassdorf R, Thienhaus S, Feydt J, Moske M, Quandt E. 2004. 
Recent developments in shape memory thin film technology. Mater. Sci. Eng. A 378: 40–46. 

Wolf RH and Heuer AH. 1995. TiNi shape-memory alloy and its applications for MEMS. J. MEMS 4: 
206–212.

Wood AJM, Sanjabi S, Fu YQ. 2008. Nanoindentation of binary and ternary Ni–Ti-based shape mem-
ory alloy thin films. Surf. Coat. Technol. 202: 3115–3120.

Wu MJ and Huang WM. 2006. In situ characterization of NiTi based shape memory thin films by 
optical measurement. Smart Mater. Struct. 15: N29–N35. 

Wu SK, Chen JZ, Wu YJ, Wang JY, Yu MN, Chen FR, Kai JJ. 2001. Interfacial microstructures of rf-
sputtered TiNi shape memory alloy thin films on (100) silicon, Philos. Mag. A 81: 1939–1949. 



Medical	Applications	of	Sputter-Deposited	Shape	Memory	Alloy	Thin	Films	 469

Xu D, Wang L, Ding GF, Zhou Y, Yu AB, Cai BC. 2001. Characteristics and fabrication of TiNi/Si dia-
phragm micropump. Sens. Actuators A 93: 87–92. 

Xu W, Frank TG, Stockham G, Cuschieri A. 1999. Shape memory alloy fixator for suturing tissue in 
minimal access surgery. Ann. Biomed. Eng. 27: 663–669.

Yan W, Sun Q, Feng XQ, Qian L. 2006. Determination of transformation stresses of shape memory 
alloy thin films: a method based on spherical indentation. Appl. Phys. Lett. 88: 241912. 

Zamponi C, Rumpf H, Schmutz C, Quandt E. 2008. Structuring of sputtered superelastic NiTi thin 
films by photolithography and etching. Mater. Sci. Eng. A 481–482: 623–625.

Zeng YJ, Cui LS, Schrooten J. 2004. Temperature memory effect of a nickel-titanium shape memory 
alloy. Appl. Phys. Lett. 84: 31.

Zhang JX, Sato M, Ishida A. 2006. Deformation mechanism of martensite in Ti-rich Ti–Ni shape mem-
ory alloy thin films. Acta Mater. 54: 1185–1198.

Zhang YJ, Cheng YT, Grummon DS. 2005. Finite element modeling of indentation-induced super-
elastic effect using a three-dimensional constitutive model for shape memory materials with 
plasticity. J. Appl. Phys. 98: 033505.

Zhang Y, Cheng Y-T, Grummon DS. 2006a. Shape memory surfaces. Appl. Phys. Lett. 89: 041912. 
Zhang Y, Cheng Y-T, Grummon DS. 2006b. Two-way indent depth recovery in a NiTi shape memory 

alloy. Appl. Phys. Lett. 88: 131904.
Zhu TJ, Zhao XB, Lu L. 2006. Pb(Zr0.52Ti0.48)O-3/TiNi multilayered heterostructures on Si sub-Pb(Zr0.52Ti0.48)O-3/TiNi multilayered heterostructures on Si sub-

strates for smart systems. Thin Solid Films 515: 1445–1449.





471

10
Bioactive	Coatings	for	Implanted	Devices

Subbu	Venkatraman,	Xia	Yun,	Huang	Yingying,	Debasish	Mondal,	and	Liu	Kerh	Lin

Introduction	and	Brief	Historic	Survey

One of the earliest successful bioactive coatings was that of a heparin-modified surface of a 
polymer blood oxygenator component trademarked as Carmeda Affinity Blood Oxygenator 
Trillium Affinity NT Blood Oxygenator, which received FDA approval in 1997. This bioac-
tive surface was based on a poly(ethylene oxide)-coupled heparin immobilization on a hol-
low porous membrane used as part of an oxygenator used in bypass surgery, for instance. 
Since then, several types of heparin-modified surfaces have been introduced in various 
devices, including chronic dialysis catheter (Bridges, 2007), stent coatings (Michael et al., 
2003), blood oxygenators (Okkema et al., 1991) as well as other components of the adult 
perfusion circuit. The FDA Web site lists an extensive array of such devices. In our opin-
ion, heparin modification of surfaces is the most successful coating technology so far for 
indwelling or implanted medical devices.

The other area of bioactive coating research involves hard-tissue implants, such as 
an artificial hip or knee joint. Here, the issue is acceleration of healing to reduce immo-
bilization time for surgery patients. Thus, the role of the coating is to induce bone cell 
attachment and proliferation on the implant surface. The first commercialization was a 
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calcium phosphate coating for titanium-based hip joints (Epinette et al., 2004), whereas 
cervical disks have also been coated (Helmut et al., 2004). Other coatings have been used 
to minimize frictional resistance and wear debris; such coatings are not considered strictly 
bioactive.

Coatings that elute bioactive compounds locally to enhance efficacy have also been the 
focus of research for several decades. Stemming from the unprecedented success of drug-
eluting stents (DES), research has intensified in this area (Venkatraman and Boey, 2007). 
Other applications include coatings that elute bone morphogenic protein (BMP) in osteo 
implants (Sohier et al., 2010), antifouling or antibiotic coatings, and coated micro- and 
nanoparticles that have controlled the release of a bioactive. In this chapter, we discuss 
both types of bioactive surfaces, the ones that involve elution of a bioactive compound and 
the ones that involve immobilization of bioactive molecules.

Bioactive	Coatings	Type	1:	Controlled	Bioactive	Elution

These coatings may be on metallic devices (osteo implants, stents) or part of a fully poly-
meric device (biodegradable stents).

Applications

Invariably, the major objective of a drug-eluting coating on an implant is to localize and 
sustain the release of a bioactive, thereby enhancing its bioavailability and minimizing 
systemic side effects. The idea is simple, yet surprisingly this concept did not enjoy com-
mercial success until the advent of the drug-eluting coronary stents in 2002. Attempts to 
improve the performance of osteo implants using BMP have not enjoyed a similar level of 
success, however. Also, although incorporation of antibiotics into bone cement has been 
successful, coating of the device (such as an artificial hip joint shaft) to release an antibi-
otic has not yet been clinically successful (Pioletti et al., 2008). Similarly, bisphosphonate 
(BP)-releasing coatings are the subject of intensive investigation at present (Roussiere et al., 
2005), but clinically not yet proven to be effective. Therefore, in what follows, we will focus 
on drug- and bioactive-eluting stents.

Cardiovascular Coating

The use of the so-called bare metal stents results in an unacceptable rate of restenosis 
in coronary arteries. To overcome this problem, stents that elute antiproliferative drugs 
were first approved in the US in April 2003. The first such stent was a sirolimus-eluting 
stent (SES, Cypher®) developed by the Cordis division of Johnson and Johnson; the sec-
ond one to win approval was a paclitaxel-eluting stent (PES, Taxus®) developed by Boston 
Scientific and approved in March 2004. The market acceptance of these stents was spec-
tacular, with the DES displacing about 90% of the implantations previously done with 
BMS in 2006 (Venkatraman and Boey, 2007). Such successes led to several other com-
panies developing DES. Approved stents include Endeavor®, developed by Medtronic/
Abbott Labs and approved in February 2008 and Xience™ developed by Guidant/Abbott 
Vascular and approved in July 2008. Other DES approved ex-US includes the Infinnium® 

stent (Sahajanand Medical Technologies) as well as the Axxion® (Biosensors Int) stainless 
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steel stent. Clearly, in spite of potential problems associated with the use of DES, such 
stents continue to be implanted in coronary disease patients, although their share of the 
market vis-à-vis the bare metals tent has dwindled somewhat.

Cardiovascular Stent Coatings

The Cypher stent is a 316 stainless steel, with a three-layer coating as shown schematically 
in Figure 10.1.

The PEVAC (Poly (ethylene-co-vinyl acetate)) is a biostable copolymer of ethylene and 
vinyl acetate, whereas the PBMA (Poly (butyl methacrylate)) is the biostable poly butyl 
methacrylate polymer. The layer in contact with the stainless steel is a parylene primer 
layer that is applied to enhance the adhesion of the top two layers. The total thickness is 
12.6 μm (2 μm Parylene C base coat; 10 μm main coat of PEVAC, PBMA, and sirolimus; and 
a 0.6 μm top coat of PBMA). The drug is sirolimus and is dispersed in the middle layer at 
a loading of about 111 μg/stent for a 3-mm-diameter, 13-mm-long stent, data published in 
the FDA Web site. The approved product used relatively slow-release kinetics, with the 
entire drug content being delivered in about 90 days in vitro (Venkatraman and Boey, 
2007). Although the reservoir/membrane structure should enable the so-called zero-order 
kinetics of release of drug, this is not observed in practice, most likely because of the drug 
redistribution into the top layer, effectively making this a matrix system.

Clinically, this stent performed well, as reported in several studies (Sousa et al., 2001, 
2003; Fröbert et al., 2009). In larger studies (19,004 patients in Sweden), the overall resteno-
sis rate appears to be about 5% for Cypher.

The Taxus stent has a biostable coating as well, made of a rubbery polymer, styrene-b-
isobutylene-b-styrene (SIBS) terpolymer (Ranade et al., 2004). Paclitaxel is dispersed in this 
coating (thickness about 16 μm) at a loading of about 79 μg for a 3-mm-diameter, 12-mm-
long stainless steel stent, as shown in the FDA Web site. There is no primer coating and 
no top coat of drug-free polymer. Although diffusion of the paclitaxel drug through the 
rubbery matrix should be relatively fast, this coating retains the drug for up to 180 days 
(Venkatraman and Boey, 2007) because of the compatibility (solubility) of the drug in this 
particular polymer.

Clinical studies on a large scale show restenosis rates comparable to the Cypher stent at 
2 years.

The Endeavor stent is based on a cobalt–chromium alloy and presents a lower profile. The 
coating is made of phosphorylcholine (PC) head group, which is a phospholipid, that is co-
polymerized with some acrylate monomers. The PC head group forms are present in most 
of the phospholipids in the cell membrane of a red blood cell, as shown in Figure 10.2.

This PC head group is polymerized with a mixture of lauryl methacrylate, hydroxy-
propyl methacrylate and trimethoxysilylpropyl methacrylate (crosslinker) to yield the PC 
polymer. It is not clear whether the polymer is in fact crosslinked because the FDA docu-
ment indicates that the polymer is applied via coating from ethanol solutions.

Metal stent

PEVAC + PBMA, no drug

Parylene coating, no drug
PEVAC and PBMA, with drug

FIGURE 10.1
Schematic representation of the cross-section of the coating on the Cypher stent.
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There is a base layer of PC polymer, then a drug-containing layer of the PC polymer, and 
a third layer of drug-free PC polymer. The total thickness is about 4.3 μm, with a base coat 
of 1 μm. The drug is a sirolimus derivative, known as zotarolimus, and is dispersed in the 
PC coating at a loading of about 150 μg in a 3-mm-diameter, 15-mm-long stent. Although 
not much information is available regarding the release kinetics, it is expected to be simi-
lar to that of sirolimus release from the Cypher stent.

In clinical studies, as reported by Medtronic, a comparative study involving approxi-
mately 500–600 patients per cohort, it was found that the target lesion revascularization 
rate (TLR, related to restenosis) was about 7.5% for Endeavor at 5 years, compared with 
11.9% (Cypher) and 9.1% (Taxus). However, the large Swedish study mentioned above 
reported that Endeavor had a statistically higher restenosis rate compared with Cypher 
at 2 years.

The Xience V stent has a base coating of poly(n-butyl acrylate) with a drug-containing 
layer of a fluoropolymer, poly(vinylidene fluoride-co-hexafluoropropylene) or PVDF-HFP. 
The poly(n-butyl acrylate) is a base coating (~1 μm), while a thicker (7.6 μm) PVDF-HFP 
coating containing drug is added on top with no top-coat. The drug is everolimus and 
loaded at about 150 μg for a 3-mm-diameter, 15-mm-long stent.

The release profile consists of a burst of about 25% released in the first day, followed by 
75% release in a month and complete (100%) release in 4 months (Sheiban et al., 2008). In 
clinical trials using this stent (e.g., in the SPIRIT III trial involving a total of 1002 patients, 
randomized to Xience V (n = 669) vs. Taxus (n = 333)), a restenosis rate of 2.6% was reported 
for Xience as compared with 5% for Taxus (Sheiban et al., 2008). Longer-term and larger 
cohort study data are not yet available for this stent, but are expected to be similar to the 
others reported above.

Biosensors International has developed a biodegradable coating with incorporation of 
another sirolimus derivative, which is given the name Biolimus®. This is the first success-
ful clinical trial using a biodegradable coating on a stainless steel stent. The Biolimus is 
loaded or dispersed into a poly(l-lactide) polymer, which is coated from solution onto the 
abluminal side of the stent. The polymer is said to degrade completely in vivo in about 6–8 
months (Grube and Buellefeld, 2006). Clinical study results were favorable (Windecker et 
al., 2008) showing “noninferiority” to the Cypher stent in 2-year follow-up. Although not 
explicitly stated, the PLA polymer appears to be of low molecular mass, and the thickness 
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FIGURE 10.2
Schematic representation of the PC molecules self-assembled in a membrane; this material is used as coating for 
targeted local delivery of zotarolimus to the artery.
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is probably about 5–7 μm; together, these ensure fairly rapid absorption of the coating in 
vivo.

Our group at Nanyang Technological University (NTU), has also been developing a coated 
stent, based on a Co–Cr stent that has won CE approval (Huang et al., 2009) as a bare metal 
stent. We have also employed a PLGA-based coating that is completely biodegradable and 
incorporates two drugs, sirolimus and an antithrombotic, triflusal (Huang et al., 2010). As 
shown in Figure 10.3, the co-elution of the two drugs does improve restenosis rates favor-
ably in a 30-day pig model compared with stents eluting only sirolimus. We postulate that 
this improvement is related to the minimization of thrombosis by the dual drug-eluting 
stent that helps to also minimize eventual stenosis. There is some evidence in the literature 
attesting to thrombi acting as scaffolds for eventual stenosis (Lowe et al., 2001).

In summary, it should be noted that the whole concept of localized delivery of bioac-
tives using coatings on a device has gathered momentum only after the success of the first 
DES for the coronary artery in 2003. The consequent introduction of several DES is testi-
mony to its continuing use. Nevertheless, it is now accepted that the use of these types of 
drugs (cytostatic in the case of sirolimus and derivatives; cytotoxic in the case of paclitaxel) 
leads to delayed endothelialization, and, hence, to fatal thrombosis in some cases (Chen et 
al., 2005; Venkatraman and Boey, 2007; Kukreja et al., 2008). This happens because of the 
nonselective nature of the drugs that affect not only the smooth muscle cells involved in 
restenosis but also the endothelial cells that usually cover the stent completely. If endothe-
lialization is delayed or incomplete, the exposed metal/polymer surface can initiate what 
is called “late-stage” thrombosis (which could happen anytime after 6 months) which can 
be fatal. Conversely, apprehension regarding late-stage thrombosis has led to continua-
tion of antiplatelet therapy beyond the usual 1-year period, such therapy has its own set 
of undesirable side effects. Hence it is imperative that the next generation of coated stents 
does not cause delayed endothelialization. This may be achieved using selective drugs 
or compounds, or alternatively encouraging endothelial cell attachment and prolifera-
tion. Both approaches are the focus of intensive research, as described in the following 
sections.

Other Stent Coatings and Bioactives

There is considerable literature on coating materials for stents, as well as on different bio-
active compounds incorporated into such coatings. Most of these studies are in the pre-
clinical phase. We highlight some of the more interesting advances below.

(a) (b) (c)

FIGURE 10.3
Overview of stented artery at 4 weeks showing the comparison in neointimal area in fBMS (a), stent with siroli-fBMS (a), stent with siroli-BMS (a), stent with siroli-
mus only (b) and stent with sirolimus and triflusal (c) groups (bar = 500 μm).
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Various biodegradable polymers have been employed as carrier coatings, including 
collagen (Chen et al., 2005) with sirolimus and a PLGA grafted with polyvinyl alcohol 
(Wested et al., 2006) to increase water uptake and, hence, degradation rate. The graft copoly-
mer did not increase degradation rate but appeared to give a slightly more linear release 
rate of paclitaxel dissolved in the coating. The clinical significance of this linearity of rate 
is unclear, however.

A different approach was to use a degradable polymer based on poly(salicylic acid) and 
poly(adipic acid) (Jabara et al., 2008). This polymer degrades into salicylic and adipic acids, 
which are deemed as acceptable degradation products. The in vitro degradation time is 
4–6 weeks, and the pig study was carried out over 4 weeks. The stent coated with just the 
polymer (PSA) did not reduce restenosis compared with BMS; however, incorporation of 
sirolimus in the coating did. Nevertheless, a tendency of the PSA-coated stent to lower 
inflammatory scores was noted. Whether suppression of the inflammatory response is 
beneficial is not clear because there is a chance that this may delay the healing process 
further. It was also not possible, from the study design, to determine whether acute throm-
bosis was reduced with the salicylate coating.

As of this writing, there is a bewildering range of coatings available for DES. Many 
polymers may be coated either directly on the metal or on a parylene-coated metal sur-
face with reasonable adhesion and resistance to cracking under balloon expansion. What 
appears to be lacking, however, is a range of new, more selective antiproliferation com-
pounds. The issue of endothelialization is still the key to the continued use of DES, and 
although biodegradable coatings help in this regard (by ensuring complete release of 
drug into tissue), the drugs themselves are hydrophobic and are not cleared rapidly from 
tissue.

The search for alternatives to sirolimus (and limus compounds) and paclitaxel continues. 
An early candidate was heparin, although this was more to reduce thrombosis than resteno-
sis. Combining an antiproliferative in a heparin-polymer yielded some interesting results 
(Leea et al., 2007). In this case, heparin was hydrophobically modified using polyacrylic 
acid and N-hydroxy succinimide. The resulting polymer was dissolved in cyclohexane. A 
base coat of polyurethane was sprayed onto a stainless steel stent and then dipped in the 
cyclohexane solution of the modified heparin. The resulting coating showed some anti-
platelet activity in vitro, confirming, to some degree, the retained bioactivity of heparin 
(in spite of dissolution in an organic solvent). The drug used was echinomycin, a potent 
anticancer drug, not known for its selectivity. The 30-day pig study indicated reduction 
in stenosis for the 5% echinomycin loading in the coating, although this is evident more 
through histological micrographs than any calculated % stenosis values. Disappointingly, 
the stent with a top-coated heparin polymer alone (no echinomycin) appeared to not have 
been used as one of the controls; hence, it is difficult to draw any conclusions regarding 
minimization of thrombosis by the heparin.

An interesting compound that has been studied for its antiproliferative and antithrom-
botic effects is curcumin, obtained from turmeric, which belongs to the ginger family. The 
curcumin is hydrophobic and dissolves in organic solvents. A solution with PLGA was 
spray-coated to a home-made stainless steel stent (Pan et al., 2006). The resulting coating 
appeared to be robust and withstood the balloon expansion of the stent quite well. In 
vitro activated partial thromplastin time (APTT) studies showed an increased time for 
the curcumin-containing samples approaching 45 to 50 s, although it is not clear that suf-
ficient curcumin would have been released in this period (and in the 3 min of prior incuba-
tion). An in vitro study (Nguyen et al., 2004) showed that PLLA films containing curcumin 
inhibited SMC proliferation (but not attachment).
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A recent rabbit iliac artery implantation of curcumin-eluting stents has been reported 
(Jang et al., 2009). The 30-day study showed some antirestenotic effects of both a low 
(50 μg) and a high dose (500 μg) of curcumin. The higher dose of curcumin led to % rest-
enosis of about 18% vs. about 30% for the bare metal stent, which is encouraging. It is not 
clear how the curcumin was released in a sustained manner (as is claimed for the higher 
dose) because the curcumin is loaded onto the stent by dip-coating with no polymeric car-
rier. Nevertheless, the results warrant further investigation into this compound, which is 
claimed to have antiproliferative as well as antithrombotic effects.

Therapeutic genes addressing cardiovascular diseases have also been studied for stent-
based delivery. Several targets for restenosis are available (Sanghong and Keith, 1998), 
including proteins that are cytostatic and cytotoxic, as well as overproduction of enzymes 
such as NO synthase (endothelial cell-derived) which appear to have both antiaggrega-
tion (platelets) as well as antiproliferation (SMC) activity. Stent-based delivery of plasmid 
DNA (pDNA) was demonstrated in 2000 (Klugherz et al., 2000) both in vitro and in vivo, 
using an emulsion coating of pDNA in PLGA solution (chloroform). About 1 mg of pDNA 
was present per stent. The PLGA type (i.e., ratio of GA to LA) is not mentioned, but it is 
presumably a 50:50 PLGA of molecular mass about 50,000 Da. There is a burst release of 
pDNA followed by sustained release over a week. Expression of green fluorescent protein 
in local tissue is shown via fluorescence quantification. Surprisingly, the pDNA appears to 
transfect cells locally, even though in cell culture the extent of transfection is low.

Sustained release of both pDNA and complexed pDNA (which is better at transfecting 
cells) is critical for the success of a stent-based system. We have been studying the release 
of such pDNA in our laboratory (Ramgopal et al., 2007; Ramgopal et al., 2009). Not all 
biodegradable polymers may be used as carriers; for example, rapidly degrading PLGA is 
not suitable (Ramgopal et al., 2008), either due to lowered pH or due to a coating by the oli-
gomers around the pDNA. Sustained delivery of bioactive pDNA is achievable for up to 20 
days using certain formulations. Beyond this time frame, the complexed or naked pDNA 
appear to aggregate excessively and/or become decomplexed.

Our group has also developed noncardiovascular stents that elute bioactives. One of 
these is a tracheal stent that elutes mitomycin to prevent restenosis, and another is a ure-
teric stent that elutes antibiotics locally. Both of these prototypes have undergone animal 
testing with successful outcomes and await further refinement.

In summary, a variety of alternatives to cytotoxic/cytostatic drugs has been explored 
for stent-based delivery. None has made it to clinical trials yet, although curcumin-eluting 
stents are now being studied in man. Until there is demonstrated evidence of selectivity in 
terms of SMC inhibition without delayed endothelialization, new compounds are unlikely 
to be accepted in the marketplace. There is considerable promise for gene-eluting stents 
because the genes are, by definition, selective in their action.

Drug-Eluting Balloons

Given the issue of delayed endothelialization with DES, another concept is gaining atten-
tion. These are coated angioplasty balloons that can deliver the same drugs (paclitaxel, 
sirolimus). Drug-eluting balloons (DEBs) have some advantages over DES:

 (1) They can be used to treat in-stent restenosis (ISR).
 (2) The drug is released into tissue in about a minute or less, and is probably cleared 

from the tissue in 1 or 2 weeks.
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 (3) There is no sustained delivery of the drugs over many months, as is the case with 
some DES.

 (4) In all likelihood, the use of a DEB will not produce delayed endothelialization, 
hence antiplatelet therapy may be stopped sooner.

 (5) DEBs may offer the possibility of better lesion coverage.

Several companies are working on introducing DEBs to the market (Waksman and Pakala, 
2009). The ones in advanced stages include Elutax® developed by Aachen Resonance in 
Germany, Sequent® Please developed by Braun Melsungen AG, and DIOR® developed by 
Eurocor AG. All of the balloons appear to be simply coated with drug solutions, perhaps 
when expanded, and then deflated to entrap solid drug in pockets. A slight variation on 
this theme is the addition of the main component of x-ray contrast medium, iopromide, 
to act as a “matrix” for the paclitaxel. This hydrophilic matrix (used in the Sequent Please 
balloon) apparently allows for more complete delivery of the drug from the balloon into 
tissue (Scheller et al., 2004) and, consequently, better results in inhibiting restenosis in a 
porcine coronary artery model compared with paclitaxel trapped on roughened balloon 
surfaces (Cremers et al., 2009).

Clinical studies with DEBs have been very encouraging. One study compared the coated 
balloon to a paclitaxel-eluting stent (Unverdorben et al., 2009), and found late loss at 12 
months to be significantly lower for the balloon compared to the stent. Adverse events 
were also significantly fewer in the DEB cohort. Paclitaxel appears to be the drug of choice 
in these DEBs, primarily because of the long retention time in tissue of paclitaxel after 
administration (Mori et al., 2006).

The predominant use of DEBs is for treatment of ISR, as double-stenting in the same 
area is not advisable. ISR rates (as mentioned before) for DES are about 8–10%, and DEBs 
have taken over this segment of the market. With improved methods of delivery and more 
clinical data, it is likely that DEBs will continue to make further inroads into the DES 
segment.

Other Bioactive-Eluting Implants: Orthopedic Applications

As mentioned in the “Introduction,” there are very few coated implants, other than stents, 
that release bioactive compounds in vivo. The field of bioactive coatings for osteo implants 
(Figure 10.4) has been covered well in a 2008 review (Pioletti et al., 2008).

Of the various options, the first is a coating of a carrier film containing the bioactive 
molecule, and this carrier film may be a calcium phosphate or a polymer. The second and 
third options involve incorporation of drug into the body of the implant and will not con-
cern us here.

Of the bioactives that have been studied, the most clinically relevant ones appear 
to be bisphosphonates, or BP and bone morphogenic protein, or BMP. BP are excellent 
molecules for inhibition of osteoclasts and thus help in minimizing bone resorption. 
Clinically, their administration is done primarily to prevent or minimize bone loss in 
osteoporosis, Paget’s disease, bone lytic tumors, and periodontal disease. However, their 
use in coated osteoimplants is being increasingly recognized.

BPs target the catabolic phase of bone remodeling, where the osteoclasts are active in 
removing callus. BMP is involved in the anabolic phase, where tissue regeneration occurs. 
However, the required physiological dose of BMP required to inhibit osteoclasts is high 
and so is the cost. Therefore, BPs appear to be the agent of choice in osteoimplants.
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BP are generally delivered from a CaP coating. In particular, calcium-deficient apatites 
(CDA) have been used to complex with BP such as zoledronate (Roussiere et al., 2005). 
Release is controlled by disassociation of the complex. The efficacy of the BPs has been 
demonstrated in an in vivo study involving rats (Peter et al., 2005). Here, a titanium implant 
was inserted into the femur, and bone density was followed as a function of distance from 
the implants. The implants were first coated with hydroxyl apatite sing plasma and then 
soaked in zoledronate solutions of varying concentrations to obtain a range of BP loadings, 
ranging from 0.2 to 16 μg. Bone density correlated well with loading, clearly demonstrating 
the efficacy of local delivery of BP.

rhBMP was delivered locally from a carrier and tested in a canine total hip arthroplasty 
(THP) model (Bragdon et al., 2003). The localized delivery did enhance bone formation 
near the implant. Such an approach does appear promising, but the cost and the dose 
needed may prove to be prohibitive.

In summary, the local delivery of BPs from a CaP coating appears to be the closest to 
clinical examination, although there are no reports to date of such trials.

Bioactive	Coatings	II:	Surface	Modification	for	Cellular	Interactions

Drug or other bioactive elution from coatings has been commercially successful. However, 
that approach has a temporal limitation in that the effect lasts only as long as the drug is 
being eluted. To make the “coating” more permanent, researchers have been exploring 
the use of surface modification techniques. Most of these attempts have been focused on 
improving biocompatibility, particularly blood compatibility and osteointegration.

Drug delivery options used in orthopedics

(a) Coating
– Cap
– Polymer
– Porous
– Porous/polymer

– Cap
– Polymer
– Composite (CaP/poly.)

– Cap
– Polymer

(b) Biomaterials/cement (c) Beads

FIGURE 10.4
Drug delivery options used in orthopedics: (a) drug coating on an implant, (b) drug incorporation in a scaffold 
or cement, and (c) drug incorporation in beads, as described by Pioletti et al. (Current Drug Delivery, 5, 59–63, 
2008; with permission).
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Platelet Interactions

By far, prevention of thrombus formation has been the focus of researchers over the past 
four decades. A variety of approaches have been tried, with very little success. Early 
attempts focused on making the surface more hydrophilic, particularly with the use of 
attached polyethylene glycol (PEG) molecules. Other approaches have included hydrogel 
coatings and plasma treatment; most of these approaches have been reviewed by Sefton 
and Gemmel (2004). Nevertheless, in spite of more than 30 years of research, the only suc-
cessful approach has been to use tethered heparin.

Heparin is a well-studied polysaccharide from the glycosaminoglycan family. It exerts 
its anticoagulant activity via binding to antithrombin III. Heparin and its partially de -
polymerized form (low molecular weight heparin) are currently used for anticoagulation.

As mentioned earlier, heparinized coatings (strictly speaking, heparin immobilization 
on surfaces) have enjoyed commercial success, specifically in blood oxygenators and dialy-
sis catheters. In both cases tethered heparin has been employed. We now briefly discuss 
the various methods for attaching heparin chemically onto surfaces.

Because of the presence of several active functional groups in heparin, such as amine, 
carboxyl, as well as hydroxyl groups, several chemical attachment options are available. 
For example, for attachment to polyethylene, the following sequence has been proposed. 
First, introduce carboxyl groups on PE using acrylic acid–enhanced plasma. Then react 
this surface with bis 2-aminopropyl polyethylene glycol to attach PEG molecules on the PE 
surface. Once this PEG molecule is attached, it can be used as a tether to attach heparin, 
using the dangling amino group on the PEG molecules. The attachment of heparin via a 
PEG tether allows for adjustment of the length of the tether unit (PEG) by simply using 
PEGs of different molecular mass, whereas PEG itself can also act to repel adhesion pro-
teins on the surface.

As shown in Figure 10.5, heparin consists of a pentasaccharide sequence (Murugesan et 
al., 2008) that is believed to be essential for binding to antithrombin (AT).

It is this unit that must not be changed as a result of any covalent attachment technique 
that is used. The first such report of surface modification involved the use of a polyethy-
leneimine primer surface (Larsson et al., 1983). First, heparin with MW of about 12,000 
was partially degraded in nitrous acid, and this introduced reactive aldehyde groups at 
the terminal residues. The chosen biomaterial is then made to be negatively charged using 
plasma or other chemical techniques. For example, polyethylene can be treated with sul-
furic acid and potassium permanganate to introduce sulfate groups. Then the negatively 
charged surface is treated with polyethyleneimine to irreversibly adsorb the positively 
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FIGURE 10.5
Chemical structure of the pentasaccharide sequence of heparin; this is considered the active sequence that 
predominates in binding to AT.
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charged PEI. The heparin is then attached to the PEI surface by reductive amination using 
sodium cyanoborohydride. This procedure enhances the stability of the heparinized sur-
face compared with simple ionic attachment without the reductive amination (Larsson et 
al. 1983). 

The above sequence of steps is believed to be the methodology used to generate the 
Carmeda® Bioactive Surface (Figure 10.6) that was approved for use on blood oxygenators 
and on dialysis catheters. This was developed by Carmeda AB (Sweden) and licensed to 
Medtronic Corporation, and has been the “gold standard” for nonthrombogenic surfaces 
for several years. Its structure is shown schematically in Figure 10.6.

The same company, Medtronic, introduced another heparinized surface, which they 
termed the Trillium™ Biosurface, which is a technology licensed from Biointeractions plc 
(UK). This technology utilizes the PEG tether described above to attach heparin molecules 
(undegraded) via a multipoint attachment. The surface has a priming layer which allows 
for attachment of hydrophilic entities to the (usually hydrophobic) biomaterial surface. The 
functional layer is also sulfonated to introduce negative charges to mimic an endothelial 
surface as shown in Figure 10.7.

Several clinical studies have attested to the nonthrombogenicity of these surfaces. In 
one study (Palanzo et al., 2001) which compared the two surfaces, sixty patients undergo-
ing non-emergency revascularization were enrolled. Both devices were used in the pro-
cedure, divided into 2 cohorts. The net blood platelet drop counts for the Carmeda and 
the Trillium groups were 3.6 ± 15.8% and 6.2 ± 10.2%, respectively. The two surfaces were 
not statistically different in this respect and were deemed to perform satisfactorily in this 
procedure.

The Carmeda Bioactive coating has been applied to stents as well. The Cordis company’s 
Hepacoat stent was approved by the FDA in 2000. An extensive study of 1288 patients (1366 
procedures) comparing the Hepacoat® stent vs. a bare metal stent was reported in 2004 
(Gupta et al., 2004). Angiographic measurement of subacute thrombosis (SAT) was one of 
the study outcomes. SAT was seen in 25 (2.44%) of 1024 procedures in the bare-metal stent 
group and in 1 (0.29%) of 342 procedures in the heparin-coated stent group, a statistically 
significant difference. The benefit of using Hepacoat was substantiated in another study 
(Mehran et al., 2003) where aspirin administration with Hepacoat stenting in 200 patients 
was found to be safe and did not cause any major adverse events except in 2.5% of the 
patients, and thrombosis rate (1%) was similar to that seen with antiplatelet therapy (in 
addition to aspirin).
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FIGURE 10.6
Generalized schema of the construction of a Carmeda Bioactive Surface, as depicted on the Medtronic 
Corporation Web site.
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The Carmeda coating has also been applied to vascular grafts. The Gore Viabahn 
Endoprosthesis (W.L. Gore & Associates) is a Carmeda-coated stent graft and is approved 
for use in the treatment of lower limb artery disease. This is a PTFE-based graft that has 
been surface modified using an approach similar to that mentioned above for PE. The 
PROPATEN® graft has been approved by the FDA in 2006 and can be used in cardiovascu-
lar disease generally. It has been proven superior to noncoated synthetic grafts in clinical 
studies.

The same coating has also been applied to ventricularly assist devices successfully. The 
device is marketed by Berlin Heart GmbH, under the name of Excor® and Incor® and is 
being readied for approval in the US.

Taken together, the Hepacoat stent (although it really addresses only sub-acute thrombo-
sis, or SAT) and the LVADs (left ventricular assist device) would establish the first success-
ful long-term usefulness of the heparinization approach.

The DurafloII coating (Baxter) relies on initial sulfation of the surface to generate negative 
charges, followed by attachment or coating with a positively charged surfactant (contain-
ing quarternary ammonium groups). These positively charged molecules then ionically 
bind to heparin, preserving their bioactivity substantially. This coating has also been suc-
cessfully applied to oxygenator surfaces.

These are the true success stories of nonthrombogenic surface generation. Longer-term 
blood-contacting devices such as stents and heart valves may require a different solu-
tion, namely, the generation of a functioning endothelium. Those attempts are described 
next.

Endothelialization of Biomaterial Surfaces

If the blood-contacting surface of an implant can be completely covered by endothelial 
cells, the blood then treats the device the same way as it does a blood vessel: no platelets 
adhere and cause clotting. Part of the reason for this is the negative charge on the endothe-
lial surface that seems to repel platelets. Simply making a surface negative helps, but does 
not provide long-term protection. Thus, in the following sections, we describe the various 
approaches to accelerating endothelialization of surfaces.
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FIGURE 10.7
Generalized schema of the construction of a Trillium Biosurface, as depicted on the Medtronic Corporation 
Web site.
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The fundamental problem with most polymers in biomedical application is poor endothe-
lial cell adhesion due to lack of cell recognition sites. This has led to a broad spectrum of 
surface modification methods to promote endothelial cell adhesion. Generally, these are 
classified into three categories: topological modification, chemical modification, and pat-
terning (Goddard and Hotchkiss, 2007).

Topological Modification

 (1) Creating surface roughness or porosity by means of base hydrolysis (Wang and 
Cai, 2007)

 (2) Micro/nano grade salt/sugar leaching (Mattioli-Belmonte, Vozzi et al., 2008; Sin, 
Miao et al., 2010).

Chemical Modification

According to modification intention, there are three categories:

 (1) Impartation of functional groups

  The essence of these studies is to introduce functional groups on the biomedi-
cal polymeric surface by means of plasma treatment or wet chemical reaction to 
improve EC adhesion (Favia and d’Agostino, 1998). Many types of gaseous plas-
mas have been used, including NH3 (Chu et al., 1999; Lu and Sipehia, 2001; Pu 
et al., 2002; Wan et al., 2003), Ar (Chen et al., 2007), air (Pratt et al., 1989), oxygen 
(Ryu et al., 2005), helium (De et al., 2005), and H2O (Pompe et al., 2007). Functional 
groups such as hydroxyl (–OH) and amine (–NH2) were imparted onto the poly-
meric surface to improve endothelial cell compatibility. It was believed that those 
functional groups changed the wettability of the polymeric surface and sequen-
tially influenced cell adhesion.

  Plasma polymerization and grafting are the alternative ways to introduce func-
tional groups on a surface, such as lactic acid grafting (Hsu and Chen, 2000) and 
acrylamide polymerization (Croll et al., 2004).

  Wet chemical reaction: Primary amines have been introduced to PLA and PLGA 
by aminolysis using 1,6-hexanediamine (Eisenbarth et al., 2007).

  Impartation of functional groups improves cell attachment marginally by 
increasing hydrophilicity or protein adsorption. Bioactive molecules including 
extracellular matrix proteins and adhesion ligands were immobilized/incorpo-
rated on biomaterials for specific cell adhesion.

 (2) Immobilization of extra-cellular matrix materials

  It has become evident that certain molecules in the basement membrane 
(basal lamina) are responsible for adhesion of the endothelial cells (EC) and thus 
essential for endothelial integrity. Researchers attempted to immobilize them 
covalently on polymeric surface with the aim of better endothelial cell adhesion 
(74). One of the most widely studied of these is fibronectin (Sheiban et al., 2008), 
which accounts for approximately 15% of the protein synthesized and secreted 
by EC. Another commonly studied protein is collagen (Yang et al., 2003; Cheng 
and Teoh, 2004; De et al., 2005; Feugier et al., 2005); its denatured form, gelatin 
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(Zhu et al., 2002; Zhu et al., 2003; Ma et al., 2005); and laminin (Chandy et al., 
2000).

 (3) Incorporation of cell adhesion peptides and ligands

  Cell adhesion, both in the body and on synthetic substrates, is mediated by 
cell adhesion ligands interaction with cell-surface receptor. These cell adhesion 
ligands can be oligopeptides, saccharides, or glycolipids (Alberts et al., 2002). 
Immobilization of them could improve cell–surface interaction. Certain short 
amino acid sequences appear to bind to receptors on cell surfaces and mediate cell 
adhesion, for example, RGD in fibronectin (Massia and Hubbell, 1991; Hersel et 
al., 2003; Gabriel et al., 2006; Larsen et al., 2006; Tugulu et al., 2007), YIGSR (Massia 
and Hubbell, 1990; Jun and West, 2004) and IKVAV (Lin et al., 2006) in laminin, and 
REDV (Hubbell et al., 1991; Hodde et al., 2002).

Micropatterning

Micropatterns printed on substrate were found to regulate/control EC adhesion and func-
tion (Christopher et al., 1998; Ito, 1999; Kumar et al., 2003; Gauvreau and Laroche, 2005; 
Satomi et al., 2007; Yamamoto et al., 2007).

We have provided the above review of methods to illustrate the fact that this area of 
research is quite an active one. However, it is fair to say that none of these approaches have 
been proven to work for accelerating in situ endothelialization. As we have reviewed in 
an earlier paper (Venkatraman et al., 2008), seeding of graft surfaces before implantation 
appears to be the most clinically successful approach to date. For example, Williams et al. 
(1985) found that it was necessary to precoat the vascular graft material (Dacron, PTFE) 
with proteins, such as fibronectin, to enhance the stability of the attached ECs ex vivo. The 
RGD peptide sequence found in these plasma proteins appears to enhance EC attachment 
and stability, although it is not as selective as the REDV sequence. EC were taken from the 
jugular or cephalic vein, and fibronectin-modified surfaces seeded with a seeding den-
sity of 3000 cells/cm2, requiring 9–10 days after seeding to achieve full surface coverage 
ex vivo. Such ex vivo seeded grafts were found to perform much better than unseeded 
grafts clinically, improving long-term patency rates (70% patency at 7 years comparable 
to saphenous vein grafts) substantially (Meinhart et al., 1997). This approach is extremely 
promising as an interim improvement while we await the completely tissue-engineered 
graft.

Faster endothelialization of stents is also critical to its long-term acceptance. As men-
tioned above, DES delay endothelialization of the stent, resulting in prolonged therapy 
with systemic antiplatelet agents (expensive and with possible adverse side effects such 
as bleeding). To overcome this, one elegant technique is to anchor an antibody that cap-
tures floating endothelial progenitor cells (EPCs) from the bloodstream. In clinical trials, 
the Genous® stent, which is not drug-eluting, was reported to have fared as well as the 
paclitaxel-eluting stent. The e-HEALING clinical study is a multicenter, worldwide study 
with 5000 enrolled patients treated with the Genous stent. The study protocol recommends 
that patients receive 1 month of clopidogrel treatment after the procedure. The data from 
3200 patients showed a TLR rate of 5%, a SAT rate of 0.4%, a late stent thrombosis (LST) rate 
of 0.3%, and MACE rate of 8.5%. The data support the use of Genous as an alternative to 
DES, in light of the relatively minimal dual antiplatelet therapy requirements of the stent, 
according to company news reports.



Bioactive	Coatings	for	Implanted	Devices	 485

Status	and	Prognosis

In summary, we believe that the short-term success of bioactive coatings will involve either 
immobilization of bioactive molecules or elution. Localized elution will enhance the effi-
cacy of the bioactive, especially if it can be sustained for a few days. Elution from a bio-
degradable substrate is clearly warranted in certain devices such as stents. For long-term 
implants such as valves and vascular grafts, immobilization followed by ex vivo seeding 
of cells to produce a semi-tissue engineered surface is the approach that has an immediate 
acceptance. In the osteo world, coatings that provide lubricity are already well accepted; 
bioactive eluting coatings will be the next to find acceptance, especially those that elute 
inhibitors of osteoclasts.
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MATERIALS SCIENCE & BIOMEDICAL ENGINEERING

Written in a versatile, contemporary style that will benefit both novice
and expert alike, Biological and Biomedical Coatings Handbook,
Two-Volume Set covers the state of the art in the development and
implementation of advanced thin films and coatings in the biological
field.

Consisting of two volumes—Processing and Characterization and
Applications—this handbook details the latest understanding of
advances in the design and performance of biological and biomedical
coatings, covering a vast array of material types, including bio-ceramics,
polymers, glass, chitosan, and nanomaterials. Contributors delve into
a wide range of novel techniques used in the manufacture and testing
of clinical applications for coatings in the medical field, particularly
in the emerging area of regenerative medicine.

Building on the theoretical and methodological fundamentals of
coatings as presented in the first volume, Applications covers:

• Biological/biomedical implants and other applications of
carbon-based materials

• Control of drug release from coatings
• MIcrofluidic and biosensing/bioactive coatings and applications
• Surfaces and coatings of orthopedic, dental, and other implants
• Sol–gel-derived hydroxyapatite coatings on metallic implants
• Impedance spectroscopy

With chapters authored by world experts at the forefront of research
in their respective areas, this timely set provides searing insights and
practical information to explore a subject that is fundamental to the
success of biotechnological pursuits.

BIOLOGICAL and
BIOMEDICAL COATINGS HANDBOOK
Applications
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