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The fields of biological and medical physics and biomedical engineering are broad,
multidisciplinary and dynamic. They lie at the crossroads of frontier research in
physics, biology, chemistry, and medicine. The Biological and Medical Physics,
Biomedical Engineering Series is intended to be comprehensive, covering a broad
range of topics important to the study of the physical, chemical and biological
sciences. Its goal is to provide scientists and engineers with textbooks, mono-
graphs, and reference works to address the growing need for information.

Books in the series emphasize established and emergent areas of science
including molecular, membrane, and mathematical biophysics; photosynthetic
energy harvesting and conversion; information processing; physical principles of
genetics; sensory communications; automata networks, neural networks, and cel-
lular automata. Equally important will be coverage of applied aspects of biological
and medical physics and biomedical engineering such as molecular electronic
components and devices, biosensors, medicine, imaging, physical principles of
renewable energy production, advanced prostheses, and environmental control and
engineering.
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Chapter 1
Introduction: What are Coatings?

Soroush Nazarpour

Thin film and coating science and technology is by far one of the oldest arts dating
back to metal ages of ancient history. Consider the Egyptian Gold plating or Mali
Empire Blood coating, which has been practiced continuously for several mil-
lennia. Egyptian covers their sculptures to preserve them from chemical degra-
dation and Sculptors from the extraordinarily wealthy ancient Mali Empire, once
the source of nearly half the world’s gold, at times coated their works of art with
blood of animals shed during ancient ceremonies. Throughout the history, our
ancestors applied coatings of different materials and liquids to generate desirable
properties such as durability, mechanical strength, and optical appearance. During
the years, coating industry becomes more and more advanced as such, turned to a
crucial segment of today’s technology. Outnumbered applications in the area of
protection, decoration, optics, electronics, energy, and biomedicine have been
developed and coating market grows with a rapid pace. Thousands of articles are
being published every year justifying novel applications of advanced coatings and
thin films. Of those, bio-coating requires a special attention due to the fact that it
deals with human life. Interest of funding agencies and governors to dedicate large
financial budget in order to develop nanobiotechnology during the last 20 years in
US and Canada, and last 10 years in UK and Europe reveals this importance. This
book is a snapshot of recent improvements in this area and collects the fresh ideas
of experts, those that push forward the boundary of bio-coating science and
technology.

In general, the surface of materials is routinely exposed to various environ-
mental influences. These surfaces are subjected to Humidity, wear, corrosion, and
interact with light and electromagnetic fields. Therefore, the choice of appropriate
material that withstands these severe working conditions becomes too limited.
Changing the properties of the surface enables us to continue the usage of con-
ventional metals. For instance, beauty, outstanding electrical conductivity, and
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chemical stability of Gold introduce it as a potential candidate for several appli-
cations, however, its high cost does not justify its usage as the base material.
Hence, coatings of Gold on the rather cheaper metal such as steel generates an
opportunity for a surface with tailored properties (Fig. 1.1).

In general terms, substrate is the base material that is being coated and coating is
the solid or liquid body which exhibits a significantly lower geometrical extension
in one dimension than in the remaining two spatial dimensions. The properties of
the film or coating have to differ significantly from the bulk. Generally coatings are
assumed to be thick films with thickness of at least 1 lm, whereas films with
thickness lower than 1 lm are ‘‘thin films’’. Therefore, by reducing the thickness
from several hundreds micrometer to a few nanometers, bulk turns into coating and
after that, thin films. From the technological point of view the miniaturization of
mechanic, electronic, optic and optoelectronic components permanently increases
the surface to volume ratio of the involved materials. This results into severe
changes in the properties of coatings and thin films in comparison with their bulk
counterparts. This reduction changes the material’s properties such as increase of
electrical resistivity and decrease of melting point. A recent tutorial review by Emil
Roduner [1], reveals the importance of the size of nanomaterials and the reasoning
behind the abnormal change of their properties due to the reduction of the surface to
volume ratio (surface effect) and quantum size effect that results into changes of the
electrical properties and density of states of nanomaterials.

Coating posses a massive market with several large segments. The global
market for coatings is forecast to reach $107 billion in value by the year 2017 with
UV-cure coating and coating for medical devices and health industry as one of the
most rapid growing segments. Recent market reports estimate that medical device
coating and surface modification treatment industry will reach nearly $8 billion by
2017. Indeed, The biomaterials sector is rapidly expanding and significant
advances have been made in the technology of biomedical coatings and materials,
which provide a means to improve the wear of joints, change the biological
interaction between implant and host and combine the properties of various

Fig. 1.1 This ankh amulet is
plated with gold. The Ankh is
a symbol of eternal life and
power bestowing boons of
health, protection and
authority to the bearer
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materials to improve device performance. Rapid growth of this market proved that
it was only a matter of time before some marketing Wall Street companies jumped
onto the nanotechnology bandwagon and created a fund to capture the field’s
expected growth. A clue to visualize the progress of fast growing bio-coating field
is the arrangements in NSF, NIH, and NCI/NASA to support nanobitechnology
research proposals. Many of the government agencies granting funds for nano-
biotechnology are well aware of the potential commercial applications of the
supported projects. In fact, a common theme among the program solicitations
issued by these agencies is the application and commercialization of the fruits of
nanobio research. Both the NIH and NSF have announced Small Business Inno-
vation Research (SBIR) programs to help support work being done in small
business settings. And NIH and NSF encourage businesses applying for these
awards to collaborate with nonprofit research organizations. If the recent past is
any indication of things to come, the funding future for nanobiotechnology looks
extremely bright as well as its potential for commercialization.

Having said all, interesting properties of coatings and thin films in biology as
well as lack of a strong and complete book inspired authors to draft this book. This
book intends to fulfill the recent gap in the literature where final applicable ideas
are missing and to categorize the recent progresses and spectacular findings from
the scientific point of view. Having said that the purpose of this book is to orientate
the future scientific efforts on thin films and coatings toward industrial application
in biology, some examples such as application of Diamond like carbon in biology
and coating for dental implants will be deeply studied. Essentially, tailoring the
structural properties and fabrication process of coatings and layers can pave the
way for healing and organ replacement. For instance, great effort is already being
done to generate artificial skins fully integrated with multifunctional nanosensors.
These skins have the ability to sense even small change in surrounding climate and
can foster the reliability of the underneath electronic parts when a robot is replaced
with a human in hazardous situation such as fire fighting and radioactive polluted
regions. Potential application of thermoelectric layers in future nanorobots which
may flow between blood cells to detect the enzymes and cancerous cells could be
one of the several future break through on this field that are still far from com-
mercialization and need further studies.

1.1 Thin Films and Coating Deposition Techniques

Basically all sorts of coatings and thin film deposition process and characterization
techniques require a special environment such as vacuum, a reduced environment,
or a chemical solution. This environment assists ad-atoms to reach into the substrate
and impinge onto that. Ad-atoms diffuse on the surface and coalescence to form a
semi-continuous and continuous film. Growth depends on energetically favorable
sites at the surface. At a surface an ad-atom may find kink sites, steps, clusters,
vacancies, impurities to impinge. These sites are energetically favorable for

1 Introduction: What are Coatings? 3



ad-atoms to diffuse into. Since diffusion is a thermally activated process, substrate
temperature is an important factor defining the growth mode. Depending upon
substrate temperature, three mechanisms have been postulated for thin film growth.
At high substrate temperature, ad-atoms diffuse rapidly into kinks and steps
resulting into step growth (Fig. 1.2a). This type of growth is called layer by layer
leading to a highly textured film and even an epitaxial layer when lattice dimensions
of film and substrate are comparable. At low substrate temperatures, ad-atoms have
a limited surface mobility and form 2D islands (b). Third scenario represents a
layer-by-layer growth (Frank–van der Merwe growth) that follows with a island
growth (Volmer–Weber growth). This growth mode is so called Stranski–Krasta-
nov, which is an intermediary process characterized by both 2D layer and 3D island
growth (c). Transition from the layer-by-layer to island-based growth occurs at a
critical layer thickness, which is highly dependent on the chemical and physical
properties, such as surface energies and lattice parameters, of the substrate and film
[2, 3]. In this growth mode, mobility of ad-atoms is limited by reaching an ad-atom
to an atomic step (Effect of the Ehrlich-Schwoebel barrier, [4].

1.1.1 Chemical and Electrochemical Techniques

These are those types of deposition in which ions in a solution are moved by an
electric field (sometimes electroless) to coat an electrode. The process uses elec-
trical current to reduce cations of a desired material from a solution and coat a
conductive object with a thin layer of the material, such as a metal.

• Anodizing

Anodizing is a process that a natural oxide grows over the surface of a metal in
order to improve its surface properties such as corrosive. Anodizing normally

(a)

(b)

(c)

Fig. 1.2 a Frank–van der Merwe growth, b Volmer–Weber growth, and c Stranski–Krastanov
growth
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applies onto metallic implants such as Aluminum and Titanium to improve their
biocompatibility.

• Conversion coating

Conversion coating is a passivation process that generates metallic oxides on a
surface by rinsing the surface into acids such as chromic acid. This technique has
outnumbered application as corrosion inhibitor, primer, decorative finish, or to
retain electrical conductivity. Main techniques of conversion coatings are:

– Chromate conversion coating
– Plasma electrolytic oxidation (Plasma is the source to general electrochemical

reaction on the surface. This is a similar process to Anodizing)
– Phosphate conversion coating (In phosphating process, Phosphoric acid is the

source to generate oxides over steel)
– Ion beam mixing

In order to adhere a deposited film onto a substrate, ion beam could be used to
irradiate onto the film. Irradiation generates the required energy to strengthen the
bonds in the interface of single- or multi-layered films.

• Plating

Plating is one the most known and old deposition techniques in which a metal is
deposited onto a conductive surface. A known application of plating is finishing
gold and silver. Recent efforts to deposit few atoms using plating pushed this
technique into nanoscale [5].

• Sol-gel

This process involves the transition of a solution system from a liquid ‘‘sol’’
(mostly colloidal) into a solid ‘‘gel’’ phase. ‘‘sol’’ acts as the precursor for an
integrated network of either discrete particles or network of polymers in order to
fabricate materials such as metal oxides.

• Dip-coating

This is the process that substrate enters into the bath of liquid and exits, as a
result, a uniform layer of the solvent stick onto the substrate. This is a common
process for measuring cell adhesion (Fig. 1.3).

1.1.2 Chemical Vapor Deposition

Chemical Vapor Deposition (CVD) is a technique to deposit films and coatings
using chemical reactions of gaseous reactants on or near the vicinity of a heated
substrate surface. This deposition techniques can provide highly pure materials

1 Introduction: What are Coatings? 5



with structural control at atomic or nanometer scale level. CVD covers processes
such as:

• Plasma enhanced chemical vapor deposition (PECVD)

PECVD, as one of the fastest deposition techniques, is widely used for fabri-
cation of nitride and carbides of metals for several applications such as anti-
corrosive and wear resistant coatings.

• Atomic layer deposition (ALD)

ALD is winning process when thickness control in the range of Angstrom is
important. This technique is extendible to large substrates since precursors are gas
phase molecules, and they fill all space independent of substrate geometry and do
not require line- of-sight to the substrate. Complete information regarding ALD
could be found at the work of George [6].

• Atmospheric pressure CVD (APCVD) and Low-pressure CVD (LPCVD)

Depending upon the operating pressure of CVD, film uniformity could be
controlled. Reducing the operating pressure from atmospheric pressure to ultra
high vacuum reduces unnecessary gas reactions in the chamber, and enhances the
film uniformity across the wafer.

• Metalorganic chemical vapor deposition (MOCVD)

MOCVD is a complex deposition process in which a metal organic precursor
such as Dimethyles of metals is used to generate a chemical reaction rathern than
physical adsorption. It is been widely used in semiconductor and manufacturing.

Fig. 1.3 Schematic of dip
coating
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1.1.3 Physical Vapor Deposition

PVD is a process based on condensation of the film’s vapor onto the substrate at
normally high vacuum. Depending upon the source of energy for evaporation of
the material, different categories could be schemed.

• Electron beam physical vapor deposition (EBPVD)

In this process, tungsten filament generates electron beams that bombard the
deposition material (anode), under high vacuum. As a result, deposition material
turns into gas and impinges onto the substrate (cathode), and generates a layer.
Deposition rate could vary from a few nanometers to micrometers per minute.

• Sputtering

In sputtering, high energy particles (normally Ar+) bombard the target resulting
into some sputtered particles with wide range of energy. These particles move
within the chamber ballistically and absorb on the substrate. With this technique,
several types of materials could be deposited. This is a rapid and scalable process
with several applications in health and biology such as Au or carbon deposition for
making the biological samples conductive for electron imaging or calcium depo-
sition for osteoblast cells.

• Pulsed laser deposition (PLD)

PLD is a process that a high power pulsed laser hits the target and evaporates it
at ultra high vacuum. In fact, laser ablates the target and generates a plasma plume
of high-energy particles on the substrate. As a result, ablated materials impinge on
the substrate, nucleate, coalesce, and grow (Fig. 1.4).

1.1.4 Spray Deposition

Spraying is a process in which powders of materials such as ceramics or molten
metals spray onto a substrate to generate a thick layer of the sprayed material.
Spray deposition is categorized depending upon the type of energy source.
Coatings prepared by spray deposition have extensive applications as biocom-
patible coatings.

• Flame spraying—Combustion powder coating

Flame spray is basically the first spraying technique. In the flame-spraying
torch, fuel gas reacts with oxygen and the chemical energy of combustion generate
a hot flame. Powders, rods, and wires could be injected into hot flame and be
deposited over the substrate. Flame temperatures are in the range from 3000 to
3400 K with velocity equal to 8–10 m/s. This process has outnumbered

1 Introduction: What are Coatings? 7



applications in the health and biological applications such as fabrication of bio-
compatible coatings (e.g. TiO2).

• Plasma spraying

In this process, rather than a hot flame, plasma is the source of energy for
deposition. The temperature of the plasma torch normally reaches to 14,000 K
generating a velocity of 800 m/s. High temperatures of the plasma provide the
possibility for deposition of high melting point materials. This process received a
great attention in biology and health due to enabling the deposition of bioceramics
and surface modification of metallic implants.

• High velocity oxygen fuel (HVOF)

In HVOF, fuel gas or liquid and oxygen are injected into the combustion
chamber. An ignition initiates the combustion. The powder is introduced into the
jet chamber to be sprayed over the substrate. Depending upon the choice of fuel,
flame temperature would vary. Normally it reaches around 3,000 K and a velocity
of 2,000 m/s. Higher velocity of incidence increases the adhesive properties of the
deposited coating. Many kinds of polymer and nanocomposites could be deposited
with HVOF.

1.2 Thin Films and Coatings in Biology

In this book, well-known researchers and experts in bio-coating include their
recent achievements and break-through in the field. First chapter dedicates to the
very important subject of biocompatibility of thin films. In this chapter,

Target

Las
er

Plume

Substrate

Vacuum Chamber

Rotating 
Shaft

Heating Element

Fig. 1.4 Schematic of a PLD system
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biocompatibility of different types of materials has been studied with a special
attention into the characteristics of advanced materials such as shape memory
alloys and carbon nanotube. Second chapter reveals the application of modern
coatings in orthopedic applications. This chapter has been written by R. M. Frank,
D. Fabi, and B. R. Levine who all are medical doctors and add insights into the
book from a medical point of view. Chapter 3 deals with the recent development in
the field of dental implant using biofunctional coatings. Chapter 4 introduce a
novel technique for preparation of nano-bio- structures such as thin films using
electrophoresis. Chapter 5 targets Diamond-Like Carbon and their capabilities for
biomedical applications. Chapter 6 deals with biodegradable coatings and layers
for tissue regeneration and precisely explains the importance of surface modifi-
cation and its methods. Chapter 7 greatly discuss about the outstanding application
of thin films in biosensing and sensing strategies for biomolecular detection, as
well as an interesting insight into lab-on-a-chip and human-on-a-chip systems.
Chapter 8 explains how arrays of electrodes can make a big difference in neuro-
science by detecting brain signals. Metallic, polymeric, and carbon nanotube-
based electrodes were well explained. Last but not least, Chapter 9 pushes the
boundaries of cancer detection using scanning electrochemical microscopy.
Method, apparatus, and challenges on the way were all been explained.
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Chapter 2
Biocompatibility of Thin Films

Mareike Zink

Abstract The interaction of soft living matter with different substrate materials
such as thin films made of metals, ceramics and carbon-based materials have
attracted more and more interest over the last decades. Thin films yield the
potential to build miniaturized devices for tissue regeneration, implants, stents, as
well as drug delivery systems. However, the interaction of materials with cells and
tissue must first be investigated in detail to ensure safe and long-time handling
when implanted within the human body. This chapter describes the basics of
biocompatibility and bioactivity of thin films and gives a short introduction how
behavior and viability of cells and tissue in contact with different materials are
assessed. In fact, biocompatibility properties in terms of corrosion resistance and
the in vitro and in vivo performance of thin films made of metals, alloys, ceramics,
carbon-based materials and nanostructured films will be discussed, as well as their
application. This chapter ends with an outlook on future applications and
requirements to supply new thin film based materials for medical applications in a
fast growing market of miniaturized devices for diagnosis and therapy.

2.1 Introduction: Biocompatibility and its Assessments

Thin films and coatings of many different materials offer a wide range of appli-
cations in biology and medicine. Prerequisite is the integrity of the soft living
matter in contact with the material, which is the scope of this chapter. Because of
the variety of biological systems, the term biocompatibility has many different
definitions. Generally, biocompatibility is meant to describe an ‘‘appropriate’’
interaction of living matter such as single cells and tissue with other non-living
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materials. It can consider the performance of a material in vitro, i.e. cell/tissue-
material interaction in a Petri dish, or in vivo, i.e. within the living body of an
animal or human.

Initially, biocompatibility was referred to the effect a material has on a bio-
logical system, while nowadays the term is employed to describe (1) an appro-
priate response of the host tissue and living system to the material, and (2) the
response of the material due to contact with living matter [1]. Additionally, the
term bioactivity is introduced to describe biocompatible materials onto which cells
and tissue can adhere. A material is named hemocompatible or haemocompatible if
it possesses adequate response in contact with blood.

There are several possibilities why materials feature good or bad biocompati-
bility. Surface structure and roughness determine cell adhesion properties and can
enhance or suppress corrosion and degradation. Biodegradation describes the
chemical dissolution of material by biological means, e.g. under physiological
conditions in vitro and in vivo. Cell cultures and the human body are corrosive
environments. They contain large quantities of chloride ions, which can promote
ion release from the substrate or implanted material. Biocompatibility depends on
how many ions dissolve, if these ions are toxic at the released concentration, and
how quickly corrosion proceeds. Many metal ions can cause the formation of
blood platelets increasing the risk of thrombosis or bind to proteins disabling their
function.

Generally, three different assessments to study corrosion properties are
employed. The easiest experiment in vitro is soaking the material in simulated
body fluid (SBF). Here the material is exposed to a saline fluid with similar salt
concentrations as present in the body for a certain period under physiological
conditions at 37 �C and pH 7.4. Subsequently, the concentration of ions released
from the material into the fluid is measured, and possible changes of the material
surface can be examined with microscopy techniques and energy dispersive X-ray
spectroscopy (EDX). In order to investigate corrosion rates in more detail,
potential differences between the anodic and cathodic site of two electrodes—the
test material and a reference—can be determined by potentiodynamic and po-
tentiostatic measurements. In the potentiodynamic test, the sample material is
placed in a test solution, which can be pure water or strong acids, and the potential
difference between the sample and reference electrode is increased while moni-
toring the current. When pitting corrosion and damage of the sample electrode
occur, the potential scan direction is reversed. This breakdown potential denotes
the voltage at which the surface layer of the sample is corrupted and destruction of
the materials starts. Furthermore, the voltage at which the current density
decreases to an extremely low value gives the repassivation potential when a
protective surface layer is formed.

In contrast to the pitting corrosion assessment, potentiostatic tests assess only
the repassivation behavior of a material. A sample with an initially damaged
surface is placed in a solution together with a reference electrode, and the potential
difference between them is lowered while monitoring the current density. At very
low densities, a new protective layer has formed and no corrosion occurs anymore.
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Passivation by oxidization plays an important role in the biocompatibility of metal
surfaces because metal oxides often feature much better corrosion resistances
compared to their un-oxidized counterparts.

Determining only the corrosion behavior of a material does not give adequate
information about possible responses with living matter. Nevertheless, if a material
with high contents of nickel and other toxic ingredients is highly corrosive under
physiological conditions, it is for sure that it cannot be used for biomedical pur-
poses. First biocompatibility tests with living material are usually carried out with
single cells in vitro. Here one has to distinguish between cell lines and primary
cells. Cell lines are immortalized cells which are often standardized with specific
cellular features. They exhibit a very good test system and are usually recom-
mended by national guidelines, such as the American Food and Drug Adminis-
tration and the ISO guidelines for assessing biocompatibility. In contrast, primary
cells extracted from humans display specific features of cells much better than cell
lines. However, they are difficult to handle, expensive and quickly change their
characteristics in cell culture. Furthermore, handling must be approved by an
ethics committee.

Fibroblasts are the most common type of cells in connective tissue. The
fibroblast cell line NIH 3T3 is a well-known test system and often employed for
first-step biocompatibility assessments. HUVEC (Human Vascular Endothelial
Cell) is a cell line of endothelial cells that play an important role in the formation
of blood vessels. To this end, these cells in contact with a sample material display
a test system for hemocompatibility assessment. Neuronal cells from the brain can
be used to determine the interaction of materials employed for neuro-stimulating
electrodes. Very important is the interaction of osteoblast cells with implant
materials. Osteoblasts are bone-forming cells, while osteoclast cells are respon-
sible for bone resorption.

In in vitro tests cells are usually seeded onto the test material and their pro-
liferation behavior, morphological changes, adhesion, as well as cytotoxic effects
are monitored. In a first step cell adhesion to the material is eye-catching under the
microscope. Surfaces which are non-toxic but do not allow cells to adhere
however, lead to the induction of apoptosis because all cells—beside blood cells—
need substrate materials to attach. Cells that do adhere display different
morphological features on different materials and surface structures which give
rise to adhesion strength. Large and well-spread cells are usually stronger attached
to the substrate than small and rounded cells. However, for non-transparent sub-
strate materials, cells appear to be invisible under the microscope, phase contrast
imaging techniques cannot be used and fluorescent dyes must be employed to
visualize the cells.

A simple viability assay is the application of calcein acetoxymethyl ester (AM)
and propidium iodide (PI). Calcein AM is a live staining dye for viable cells. It
permeates the membrane of a cell and is converted to strongly green fluorescent
calcein when hydrolyzed by intracellular esterases in live cells. Cells are then
imaged by fluorescence or confocal laser scanning microscopy. In contrast, PI can
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only enter apoptotic cells and can be used to detect these cells by imaging their red
fluorescent nuclei.

A well-established method to label cells and count them to investigate prolif-
eration and cell division rates is the MTT test. During the test, adherent cells are
exposed to the agent MTT (3-(4,5-dimethylthiazol-2-yl)-2,5-diphenyltetrazolium
bromide) which is converted to insoluble purple formazan that can be imaged by
fluorescence techniques. The stronger the signal, the more viable cells are present
in the culture dish. In contrast, the Trypan Blue assay, which is applied similarly,
only stains dead cells, and is thus a dye exclusion method.

Cytotoxic effects that result in necrosis and apoptosis can be determined in vitro
by measuring the mRNA profiles of tumor necrosis factor (TNF)-a and interleukin,
e.g. (IL)-1b and IL-6 with polymerase chain reaction (PCR). TNF-a, IL-1b and
IL-6 are cytokines and important signaling molecules when inflammation
responses and cell death occur due to foreign materials and ions in the cellular
surrounding.

However, even if cytotoxic effects are absent, good performance of an implant
material is not ensured. Bioactivity and strong bonding of bone to prosthesis is a
prerequisite for a long-time stability and durability of an artificial joint. In order to
investigate possible reactions of bone cells with substrate materials in vitro,
measuring alkaline phosphatase activity is a good marker for biocompatibility.
Alkaline phosphatase activity of cells results in the deposition of extra-cellular
calcium of osteoblast cells. Calcium is then transformed to bone-forming material
on the substrate surface.

In vivo the performance of implant materials to replace joints or fixate bone is
enhanced if osteoblast activity is stimulated by simultaneous reduction of osteo-
clast function. An osseoconducting surface promotes bone growth in terms of
osteoblast proliferation, which is important to suppress bone shrinkage due to
osteoclast activity and failure of prostheses. If hard bone tissue can directly attach
to a substrate material without the formation of a soft tissue layer, (e.g. fibrous
tissue) it allows osseointegration, which is the most natural contact with best life-
time perspective between implant and bone. Osteoconduction, as well as osseo-
integration can be promoted by changing the surface structure of an implant or by
coating it with osseointegration supporting materials.

The strength of the bonding between bone and the implant in vivo can be
addressed with pushout and pullout test. Here a force is applied to the implant to
push or pull the material out of the bone. The higher the force needed to remove
the implant, the better the bonding. However, over time the interface between the
implant and the tissue can change. Inflammation, the formation of fibrous tissues
that encapsulate the material can occur even years after initial implantation, as
well as the occurrence of tumors, immune cell responses and allergies. Thus, the
biocompatibility of all materials—bulk or thin films—must be carefully addressed
and monitored on long and short time scales in vitro and in vivo.
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2.2 Biocompatible Thin Films

The biocompatibility of many different thin films and coatings has attracted
medical research for decades. Good biocompatible coating can improve the life-
time of implant materials, while free-standing thin films offer the possibility to
build miniaturized devices. To this end, corrosion resistance and the interaction of
single cells and tissue with various materials made of metals, metal alloys,
ceramics and carbon-based materials have been studied and are addressed in the
following sections.

2.2.1 Metal and Metal-Alloys Thin Films

Metals are employed to stabilize bone fracture, replace joints or stenting coronary
arteries due to diseases. Biocompatibility of the materials is mainly determined by
the corrosion resistance since the release of metal ions can cause severe inflam-
mations and even shock syndromes in low amounts. Ion release is often hampered
by the formation of oxide surface layers that passivate the material. Nowadays
many different metals and alloys ranging from titanium, silver, gold, platinum and
magnesium, as well as rare earth elements are employed as bulk in medicine, while
thin films for miniaturized devices such as drug delivery systems are more and
more applied.

2.2.1.1 Titanium and Titanium Alloys

Titanium is the most important and mostly employed material for biomedical
devices. It is corrosion resistant under usual physiological conditions, has a rela-
tively low modulus, good fracture toughness and is easy to machine. Bulk titanium
is mainly used for hard tissue replacement such as prostheses, dental implants,
bone screws and plates, pacemakers and artificial hearts. Although in vitro tests
with many different cell types exhibit good biocompatibility, cells adhere, grow
and proliferate well on titanium surfaces, the in vivo performance is often facing
problems especially for long-time perspectives [2]. After implantation of titanium
within the human body, neutrophils and macrophages are generally detected
around the implant, followed by the presence of foreign body giant cells—a first
step in foreign body reaction and encapsulation. In contrast, titanium allergies and
hyperreactivity rarely occur after implantation.

Smooth titanium surfaces are hardly bioactive and do not promote osseocon-
duction and bone integration in vivo, which can result in prosthesis fall out after
some years. Thus, titanium thin films and coatings on bone replacement and
fixation devices are not suitable to improve the lifetime of the device. Several
surface treatments such as plasma straying, sputtering, etching and anodical
oxidization (Fig. 2.1) increase the surface roughness up to the micrometer level,
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which then promotes bone healing, cell attachment and prevents quick prosthesis
failure. In vitro studies with MG63 osteoblast-like cells exhibit an average
roughness of 4 lm ideal for cell behavior [3]. Moreover, surface roughness on the
nanometer scale promotes bacteria adhesion and influences bacterial retention.
Thus, if very smooth titanium thin films are employed, the ability of human
pathogenic bacteria to adhere to the surface should be taken into account to
suppress possible inflammatory response due to contamination.

Improving the surface properties of titanium to ensure osseoconduction is
mainly employed for younger patients who require replacement surgery, while for
older patients bone cement at the interface of titanium and bone tissue is inserted.
Enhanced corrosion resistance is gained by the formation of oxide layers on the
surface. Titanium oxide (titania) is a native oxide layer, which is bioinert and
exhibits excellent biocompatibility. Nanophase titania ceramics are corrosion
resistant, can enhance osteoblast proliferation and promote apatite formation.
However, thick titania layers achieve weak chemical bonding to the underlying
bulk titanium and also have a weak bone-bonding ability.

Corrosion resistance of titanium is further improved by ion implantation with
several metals. Nickel and molybdenum implantation promote the passivation of

Fig. 2.1 SEM photographs of (a) titanium surfaces without treatment and anodically oxidized at
(b) 90 V, (c) 155 V, (d) 180 V in 1 v H2SO4 for 1 min. Reprinted from [4], Copyright (2004),
with permission from Elsevier
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titanium surfaces in acidic environments, while tantalum implantation suppresses
dissolution of pure titanium in boiling sulfuric acid solution [5]. Ti-Ta alloys
exhibit even better corrosion properties the higher the tantalum content. Formation
of a passive Ta2O5 on the film surface obtains high stability even in HCl solution
without drawbacks in the biocompatibility and cell behavior with respect to pure
titanium and Ti-6Al-4V surfaces [6].

Thin foil of pure titanium was one of the first materials employed for cardio-
vascular stents. Since it is not sufficiently radiopaque (visible in X-ray images) in
finer structures and shows other disadvantages, nowadays TiNi is the material of
choice for stents as discussed later in this chapter. Another important alloy is
Ti-6Al-4V, which shows similar biocompatibility features as pure titanium.

Ti-6Al-4V is the most common titanium alloy in medical applications, such as
prostheses, because it possesses high corrosion resistance and higher fracture
toughness but similar stiffness and thermal properties than titanium. MC3T3-E1
mouse osteoblasts proliferate and grow well on Ti-6Al-4V surfaces, while these
properties strongly depend on surface roughness: On very smooth surfaces, cells
grow better but show a decrease in cell adhesion in terms of smaller projected cell
areas [7]. Thermal surface treatment to increase the oxide layer thickness even
reduces possible inflammatory processes and enhances in vitro cell response.
However, human umbilical vein endothelial cells (HUVEC) seeded onto untreated
and heat-subjected Ti-6Al-4V surfaces not only express intercellular adhesion
molecule-1 (ICAM-1) and vascular cell adhesion molecule-1 (VCAM-1) important
for good attachment and spreading, but also TNF-a release is detectable. Tumor
necrosis factor (TNF)-a is a marker for inflammatory responses of the cells, which
is less expressed on heat treated Ti-6Al-4V surfaces with thick oxide layers.
However, signs of apoptosis are present a few days after plating the cells [8]. In
vivo tissue response is mainly characterized by the formation of a fibrous capsule
around the implant as similarly found for pure titanium devices.

Although the surface of Ti-6Al-4V can be easily modified by UV radiation to
suppress the adhesion of bacteria on the surface without impairing cell perfor-
mance, this alloy is hardly used as thin film in medicine. Thin films and coatings
usually aim to improve the foreign body response and to reduce inflammatory and
allergic reactions. Ti-6Al-4V is not suitable to fulfill these requirements with
respect to bioceramics and carbon-based materials. To this end, titanium and
titanium alloys are usually employed as bulk material due to their high strength
and additionally coated with ceramics and polymers to improve osseoconduction
or hemocompatibility.

In contrast, titanium nitride is an important coating material for stainless steel to
improve corrosion and wear resistance. However, TiN coatings hardly change
corrosion behavior of titanium and Ti-6Al-4V [9]. Furthermore, freestanding TiN
thin films bare the potential for microelectrode materials and are investigated in
contact with primary neuronal cells. Primary neurons from hippocampus attach
and proliferate well on thin TiN films. Neuronal network formation appears
preferentially on nitrogen rich substrates, while smooth surfaces additionally
promote neuronal interconnections [10]. Moreover, TiN shows good
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hemocompatibility and also promotes adhesion and proliferation of human
pluripotent mesenchymal stem cells (hMSCs). Since these cells contribute to the
regeneration of the bone, TiN coatings and thin films might offer new possibilities
for bone healing from a materials science perspective.

2.2.1.2 Stainless Steel

Nowadays, various compositions of stainless steel are employed for medical
devices due to favorable mechanical properties, corrosion resistance, biocompat-
ibility and low costs. However, high concentrations of chloride ions at physio-
logical conditions can result in ion release and corrosion of stainless steel, causing
tissue inflammation and failure of the device.

316L stainless steel with a composition of 0.025 C, 17.5 Cr, 13.0 Ni, 1.06 Mn,
2.66 Mo, 0.60 Si, 0.008 S, 0.023 P and 65.124 wt % Fe is mostly used for medical
purposes, such as hip prostheses, orthopedic screws and wires, while thin foils are
employed for stents and vascular devices. However, great effort is still under way
to suppress metal ion release of iron, chromium and especially nickel to reduce
cytotoxic effects and platelet formation of the blood. Although the nickel content
of 316L stainless steel is much lower compared to NiTi, which is an important
material for stents, the corrosion potential and Ni release is much higher for
stainless steel, regardless of the pH value and loading range employed to stress the
material [11].

Surface passivation of 316L stainless steel with oxides before in vitro and
in vivo use is a promising technique to improve corrosion resistance. Several
techniques, such as thermal and electrochemical treatment to reform oxide layers,
show only limiting improvements. Nitrogenation and amorphous oxidation are
good alternatives, which exhibit successful passivation. Here a more uniform and
compact oxide layer is formed on the surface, which reduces ion release and
pitting corrosion [12].

Another way for enhanced biocompatibility is the reduction of the nickel
content. Ni-free austenitic stainless steel shows better corrosion resistance in
minimum essential medium (MEM) compared to phosphate buffered saline (PBS).
However, corrosion resistance is still lower compared to titanium [13]. Alterna-
tively, small amounts of the rare earth element lanthanum (0.01–0.08 %) improve
pitting corrosion resistance in tests with simulated blood plasma and Hank’s saline
solution, which might be attributed to enhanced passivation of the surface [14].

Smooth muscle cells exposed to corrosion products of 316L stainless steel
exhibit morphological changes and induce apoptosis for nickel concentrations
above 11.7 ppm [15]. The mRNA profiles of (tumor necrosis factor) TNF-a and
(interleukin) IL-1b—two of the most important signaling molecules for inflam-
matory response, necrosis and apoptosis—are employed to investigate murine
macrophages RAW 264.7 reaction in contact with 316L stainless steel and the
nitrogenated alloy. Cells exposed to 316L particles on micrometer size display a
rounded, unphysiological morphology, which is not observed for nitrogenated
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particles (Fig. 2.2) [16]. The investigation of particles in contact with cells is
especially important to study the effect of wear debris on cell viability. However,
also bulk 316L stainless steel affects cells by possible induction of apoptosis, while
cell viability and growth is improved after nitrogenation. However, nitriding
stainless steel with different processing techniques influence cellular response to a
great extent and studies with human osteoblast and fibroblast cells on low tem-
perature plasma nitrided 316L stainless steel show a dramatic decrease in prolif-
eration compared to untreated and carbon-doped stainless steel [17].

In order to further validate the in vitro performance of stainless steel, vascular
endothelial cells represent a good model system to study the response at the
interface of the blood stream and tissue. Human umbilical vein endothelian cells
(HUVEC) and human peripheral blood mononuclear cells (PBMC) exposed to
AISI 316 stainless steel, glow-discharged nitriding surfaces and nitriding ? post-
iodizing samples possess differences in proliferation and apoptosis. All samples

Fig. 2.2 Phase contrast
microscopy of RAW 264.7
cells. a Untreated control
cells. b Cells that have
phagocytosed 316L particles
after 24 h. Cells exposed to
316L particles display
rounded morphology
regardless of whether they
have consumed a particle.
Reprinted from [16],
Copyright (2005), with
permission from Elsevier
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exhibit higher surface hardness and better corrosion resistance in phosphate buf-
fered saline. In contact with HUVEC, especially the nitrided ? post-oxidized
samples promote higher proliferation rates, while PMBC seeded onto untreated
and nitrided ? post-oxidized surfaces show increased apoptosis, characterized by
a marked rise in TNF-a and IL-6 release [18]. Here it must be taken into account
that the sterilization method of AISI 316L stainless steel prior to cell culture
influences cell proliferation. Sterilization by autoclaving causes the formation of
surface oxide films in contrast to UV radiation, which passivates the surface and
results in better biocompatibility and cell growth.

The interaction of vascular tissue and cells with 316L stainless steel is of major
importance for the application as coronary stent material. Thrombogenicity under
physiological conditions is studied ex vivo in a porcine model by investigating
fibrin(ogen) adsorption and platelet adhesion. Comparison with NiTi stents shows
that 316L stainless steel stents possess a much higher risk of acute and subacute
stents thrombosis [19]. Additionally, stainless steel stents are usually conventional
balloon expandable devices, which require high pressure to adapt the shape for the
required function and obtain a certain risk for vessel injury.

New stainless steel compositions with negligible nickel content in contact with
osteoblast cells decrease TNF-a, as well as IL-6, an inducer of osteoclast activity
and bone resorption. While adhesion of cells and osseointegration of bone tissue to
stainless steel in much worse compared to bioactive glasses, many ceramics and
titanium, P558 austenitic nickel reduced stainless steel reveal much better
osseointegration properties in vivo than Ti-6Al-4V [20]. P558 does not affect
microhardness of pre-existing bone and offers great potential for future
application.

Although 316L stainless steel is approved for in vivo application and together
with titanium the most employed medical material, it often causes inflammation
and the formation of fibrous capsules. Thus, stainless steel is usually not used as
coating or thin film material to improve biocompatibility. Thin foils of stainless
steel are still the gold standard for stents, while NiTi stents are more and more
applied. However, as bulk material stainless steel screws have the advantage
that the surgeon can feel the onset of plastic deformation important to avoid
overtorquing, which is not noticeable with titanium screws. Due to the low costs of
stainless steel and good fracture toughness, its application as bulk and thin film
material for medical purposes is still of major importance. More devices might
even be developed in combination with bioactive coatings and new passivation
techniques to reduce corrosion and improve cell adhesion in vivo.

2.2.1.3 Silver

The application of silver-based materials within the human body, e.g. for surgical
instruments and implants, already started in the 19th century. However, until now
possible cell damaging effects are still under debate. On the other hand,
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antimicrobial activity of silver is well known and the antibacterial effect offers a
wide range of applications to reduce the risk of infections and inflammations after
implantation. One prominent example is an orthopedic external fixation pin which
is often confronted with bacterial colonization.

In vitro cell tests in contact with silver show contradicting results. NIH 3T3
fibroblasts and osteoblast-like cells plated on silver coated stainless steel show
good spreading. A larger number of cells is found on the silver film compared to
control experiments on stainless steel pins after 4 days [21]. Genotoxic and
cytotoxic effects are not present on silver, nor proliferation rate changes or protein
activities. In contrast, studies with the same fibroblast cell line on silver coated
glass coverslips obtained no cell attachment, which cannot be attributed to cyto-
toxic effects since cells in the same culture dish on glass substrates in contact with
the silver sample still proliferated [22]. Furthermore, incubation of THP-1 human
monocytes exposed to silver for 4 weeks clearly reveal alterations in growth and
division with a significant slow-down in proliferation due to silver ions release
[23]. Macromolecular concentrations are also capable of causing severe distortion
of bone marrow cells.

Similar contradicting results occur in in vivo assessments. Silver-impregnated
catheters placed subcutaneously or percutaneously in the neck of rats showed good
responses in terms of low bacterial infections, foreign body reactions without
occurrence of abscesses [24]. The results are corroborated for silver coated dialysis
catheters implanted in rats and pigs. However, clinical trials of these devices do
not show any statistically improved outcome and less infections compared to
uncoated catheters [25].

Silver-coated megaendoprostheses in a rabbit model proved reduced infection
rates without toxicological side effect [26]. In contrast, studies on muscle micro-
vascular response with silver implanted in hamsters show severe disruption of
endothelial integrity. Massive leukocyte extravasation, inflammation and edema
occur [27]. Negative side-effects are mainly attributed to silver ion release and the
dose of ions must be reduced as much as possible. To this end, bulk silver devices,
such as prostheses, are incapable to replace titanium-based implants although
antibacterial effects are a valuable property to reduce the risk of inflammation.

On the other hand, silver-coated polyester grafts employed in clinical trials with
patients suffering from aortic infections demonstrate favorable outcome, while
here the antimicrobial efficiency of the graft is in the focus of the study and
determines the success of the implant. However, long-term studies on possible
toxic effects from silver ion release are important for safe use.

To take advantage of the antimicrobial activity of silver without cell damaging
effects from large quantities of silver ions, coatings with small amounts of silver
can be employed. Titanium/silver thin films of 2 lm thickness with 0.7–9 % silver
content coated via physical vapor deposition on pure titanium show no cytotoxic
effects on osteoblast and epithelial cells in vitro. In contrast, Staphylococcus
epidermis and Klebsiella pneuminiae weakly adhere and the formation of micro-
organisms on the surface is clearly hampered [28]. Thus, doping surfaces of load
bearing implants and other medical devices with small amounts of silver instead of
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using large quantities of silver and bulk materials offers the possibility to benefit
from the antibacterial properties without risking inflammatory and cytotoxic
effects.

2.2.1.4 Gold

Gold shows extreme corrosion resistance under many different environmental
conditions, such as in saline solution and body environment. Fibroblasts spread
and proliferate very well on glass-coated substrates and express av and b1 integrin
for strong adhesion to the substrate (Fig. 2.3) [22]. Bulk gold devices are
expensive and usually too soft for many orthopedic and dental applications. To this
end, gold containing alloys and thin films are employed to increase in vivo

Fig. 2.3 Immunolocalisation of vinculin and integrins av and b1 in Swiss mouse 3T3 fibrobloast
cells grown on glass, gold, platinum and palladium substrata for 24 h. Antibody staining is
visualized using confocal microscopy. Focal contacts (arrows) are clearly seen in all
combinations except in cells grown on palladium and stained with antibodies to the integrins.
Scale bar = 20 lm. Reproduced with permission, from [22]. Copyright international federation
for cell biology

22 M. Zink



performance. For example, Au-Pd is an important dental alloy, which shows better
corrosion resistance the higher the Au content.

Gold thin film microelectrode arrays employed in vitro offers the possibility to
monitor signals of electrogenic neuronal cells and investigate electrophysical
activity of the neuronal network. The in vivo performance of thin film gold
electrodes depends on surface roughness and shape of the device, which also
influence alternating current impedance—an important characteristics of the
electrode.

Gold is radiopaque, and thus a gold layer on conventional stents could improve
precise positioning into the coronary lesion. In vitro tests with gold coated stents
show reduced platelet activity important to reduce thrombotic risks. However,
clinical trials with gold coated stents employed for coronary replacement com-
pared to stainless steel stents obtain an increased risk of thrombosis and restenosis,
in particular [29]. In vivo assessments of gold coated NIR stents in porcine cor-
onary arteries result in hyperplastic and inflammatory reactions four weeks after
implantation [30]. Performance is improved by postplating thermal processing to
smooth the surface. However, until now gold coated stents are hardly used for the
treatment of coronary diseases because stainless steel and especially NiTi stents
are generally cheaper and show very good hemocompatibility.

2.2.1.5 Platinum

Platinum and its alloys offer a wide range of application due to inertness and high
tensile strength. Thin films of platinum with good mechanical resistance coated on
titanium surfaces can be employed for spinal fixation, hip and knee implants.
Platinum exhibits the best corrosion resistance together with gold. However, early
in vitro studies with MC3T3-E1 osteogenic cells show that platinum-coated tita-
nium inhibits calcification and the formation of mineral deposition of the implant
surface, important for many orthopedic applications [31]. Thus, platinum coated
implants do not improve in vivo performance and osseointegration compared to
conventional titanium prostheses.

In contrast, fibroblast cells spread and proliferate well on platinum substrates
and express many focal contacts. An important factor of fibroblast morphology and
division rate is the surface roughness, which influences cell behavior for all kinds
of substrate materials. Cells grown on smooth platinum surfaces with a root-mean-
square roughness below 1 nm are more elongated in shape and proliferate faster
than cells on surfaces with 23 nm roughness [32]. Interestingly, proliferation of
glial cells is not affected by surface roughness within this range, while only the cell
morphology varies.

The study of glial and neuronal cells on platinum films is especially interesting
because platinum is conductive and radiopaque, which makes it a potential
material for the application as electrodes. Neuronal cell lines cultured on flat
and nanostructured platinum thin films with laser ablated holes of 100 nm
spacing exhibit cellular attachment and the formation of neuronal networks [33].
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In contrast, investigations with primary neurons show that these platinum surfaces
do not support cell attachment.

In vivo studies of implanted platinum-coated electrodes within the brain of
small mammalian animals exhibit good acceptance of the body without inflam-
matory response. These electrodes enable faradic currents to flow through the
tissue-implant-interface. To avoid faradic reactions, which might cause tissue
trauma, electrodes made of layers comprising different materials, such as platinum
coated on chromium/gold sputtered films on polyimide are possible [34]. Floating
electrode arrays composed of platinum thin films, which are not anchored to the
skull, are capable to record low field potentials. New neuronal devices combine the
good electronic properties of platinum with those of iridium. Furthermore, iridium
oxide has a higher charge capacity than pure platinum and allows smaller elec-
trodes. Especially regenerative multi-electrode arrays composed of Pt-Ir can be
fabricated with many different designs. Besides conventional platinum neuro-
electrodes, they promote early and stable interfacing of neural activity by simul-
taneously less inflammatory responses and reactive gliosis after implantation
within the brain. Thus, these materials offer new perspectives for direct interfacing
of transected peripheral nerves with advanced robotic prosthetic.

Nowadays, easy manufacturing of platinum-based thin films and coatings
allows their applications as electro-medical material not only for neuronal devices,
but also for pacemakers, implanted defibrillators, hearing assist devices, catheter
ablation and stents [35], which are already commercially available.

2.2.1.6 Magnesium

Magnesium is a lightweight metal with similar mechanical properties to bone. It
has a higher fracture toughness than bioceramics, is not inert and corrosion
resistant and degrades in salty environment. Magnesium is found in bone and
stored in other tissues such as muscles, which makes it a good candidate for in vivo
use.

First attempts with magnesium-coated implants were performed in vivo in
1907. Over the following decades it turned out that magnesium does not cause
toxic effects and inflammations. It can stimulate bone formation, while corrosion
of the material within the body is so fast that the implants resolve within days. In
vitro tests with bone marrow cells also obtained cell stimulating effects on
proliferation and viability on magnesium substrates. Soaking of magnesium is
saline solution promotes precipitation of calcium phosphates and enhances
osteoconductivity. Formation of calcium phosphate layers might also slow down
the corrosion process in vivo. However, further in vitro assessments concluded that
magnesium causes more cytotoxic effects in cell culture compared to in vivo
experiments. Degradation of magnesium results in strong pH changes and
hydrogen production, which are regulated by the local environment within the
body but not during cell culture experiments. Here cells are killed by osmotic
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shock [36]. Corrosion and dissolution of the magnesium sample can be slowed
down by the addition of serum to the culture medium.

Further in vitro studies exhibit better biocompatibility of calcium supplemented
magnesium, which increases viability of primary osteoblast cells. Another possi-
bility for decreased degradation and improved cell response is the addition of small
quantities of other elements up to 4 wt %. Here especially rare earth elements have
a drastic effect. Magnesium with 2 wt % of cerium, lanthanum, neodymium and
praseodymium (LAE442) exhibits a significant decrease in resolution rate, and
entire degradation of the implant was observed after 18 weeks. Additionally,
osteoconductive properties are still maintained, and LAE442 could already prove
successful application in orthopedics. Alternatively, Mg alloys are coated with
bioceramics such as Ca-P which are well tolerated by the body (Fig. 2.4).

2.2.1.7 Hafnium, Niobium, Tantalum and Rhenium

Although currently used titanium implants together with many different coatings,
such as ceramics and carbon-based materials, show good in vivo performance,
other metals are tested for their application as prostheses material. New load-
bearing orthopedic devices require bioactive materials with high mechanical
strength and corrosion resistance onto which bone tissue can adhere and which

Fig. 2.4 Morphology of L929 cells after 1, 3, and 5 days incubation on different substrate
materials. Reprinted from [37], Copyright (2009), with permission from Elsevier
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promotes osseointegration. Metallic biomaterials employed as coating or bulk
material for prostheses might offer new perspectives for long-time survival of the
device, which have not been reached with titanium so far.

Wires of 97 % hafnium, 99.9 % niobium, 99.95 % tantalum and 99.97 %
rhenium implanted in the subcutaneous connective tissue in the abdominal region
of Wistar rats show promising tissue response (Fig. 2.5). Only few signs of
inflammatory processes are present, while the implants are encapsulated with
fibrous tissue [38]. Implantation within the bone marrow of the femur exhibits
excellent corrosion resistance and no dissolution of Hf, Nb, Ta and Re occurs.
Around the implants calcification is observed together with the formation of new
bone within 4 weeks. The overall soft and hard tissue response is similar to the
reaction on titanium. Good biocompatibility in terms of osseointegration-proper-
ties of hafnium on time-scales of 24 weeks is already corroborated for abdominal
wall implants in rabbits. Wear resistance and debris formation is an important
issue when applying Hf, Nb, Ta and Re for prostheses, which must be addressed
in vivo in the future.

Fig. 2.5 Tissue response to Nb, Ta and Re implants in subcutaneous tissue after 4 weeks:
(a) Nb; (b) Ta; (c) Re. Reprinted from, Copyright (2009), with permission from Elsevier.
Reprinted from [38], Copyright (2001), with permission from Elsevier
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Tantalum and niobium coatings of 316L stainless steel improve corrosion
resistance under physiological environment. Possible applications of tantalum and
tantalum oxide thin films as stents and other blood-contacting devices are
addressed in vitro by culturing human umbilical vein endothelial cells (HUVEC)
on their surfaces. Cells adhere very well, spread and proliferate much better
compared to cell on 316L stainless steel [39]. Studies with human alveolar bone
derived cells corroborated biocompatibility of niobium coatings on stainless steel.
Nowadays tantalum metal stents are already available for endovascular surgery.

2.2.2 Shape Memory Alloys Thin Films

Smart materials that deform under temperature change or external magnetic fields
offer a broad range of applications. Shape memory alloys can be employed for new
miniaturized devices for stents and tissue actuation, surgery and diagnostics.
Nitinol—NiTi shape memory material—deforms by small variation of tempera-
ture, while Fe-Pd ferromagnetic shape memory alloys strain in external magnetic
fields. However, especially Ni is cytotoxic, and corrosion and Ni release together
with inflammatory processes and cell responses in vitro and in vivo must be
carefully addressed.

2.2.2.1 Thermal Shape Memory Alloys: Nitinol

NiTi, widely known as nitinol, is a smart functional material, which exhibits the
thermal shape memory effect—thus, it recovers its shape after heating above a
certain temperature. Furthermore, it is superelastic and can fully return to its
original shape after deformation to tensile strains of 8 % due to transformation
between the martensitic (low temperature) and austenitic (high temperature)
crystal structure.

Mostly employed nitinol consists of Ni and Ti concentrations near equiatomic
composition. Manufacturing of large bulk components made of pure NiTi is
complicated and expensive. Thus, the application as coating materials and thin
films is a suitable alternative. Very thin coating are often processed by magnetron
sputtering, while larger thickness is usually achieved by different vacuum plasma
spraying techniques. The production procedure is important for the subsequent
application because it influences surface roughness, as well as the formation of
oxide layers on the film surface. Oxidization is mainly determined by temperature
exposure during spraying, which then influences corrosion behavior of the sample.

Although nitinol comprises a large Ni compound, the probability for ion release
is low. Ni and Ti atoms are arranged in a regular crystal lattice with high atomic
forces. Large energies are needed to release single ions from the bulk material.
Furthermore, Ti is more readily oxidized than Ni, and generally TiO2 layers on the
surface of nitinol are present. These thin films further protect the environment
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from Ni release [40]. For good biocompatibility the stability of the oxide layer and
wear resistance are crucial. To this end, corrosion investigations of NiTi have been
performed with many different fluids ranging from organic and body fluids to
chloride acids. However, contradictory results are reported from very high cor-
rosion resistance better than stainless steel to poor corrosive properties [41].
Differences in experimental outcome are mainly attributable to variations in
sample production and not experimental differences such as temperature and pH
variations.

In fact, exposure to H2O2 for 22 h results in a high Ni content up to 27 % in the
oxide surface layer. These layers can obtain thickness up to 70 nm, while samples
immersed in Hank’s and physiological solutions contain only minimal Ni con-
centrations within the titanium oxide layer. These oxide coatings grow during
immersion, which also promotes the formation of calcium phosphate layers.
Surface passivation and quick TiO2 formation is enhanced by heat treatment and
aging [10], while homogeneous smooth thin oxide surfaces show better corrosion
resistance compared to those with large roughness, scratches and grooves. A
simple way of surface passivation by TiO2 formation is autoclaving the nitinol
sample at temperatures above 100 �C before in vitro or in vivo application.

Comparison of NiTi coatings produced with three different spray techniques
(high velocity oxy-fuel—HVOF –, vacuum plasma spraying—VPS –, and atmo-
spheric plasma spray quenching—APS+Q) show strong dependence of corrosion
on surface conditions: VPS and HVOP surfaces obtain roughness of 4.8 ± 0.6 and
8.2 ± 0.9 nm, respectively, while APS+Q coatings are even rougher with
13.1 ± 1.7 nm and are characterized by coating cracks (Fig. 2.6) [42]. Electrolyte
penetration through these cracks results in homogeneous wettability of the sample
and enhances corrosion behavior. VPS processed samples with smoothest surfaces
present best corrosion resistance. Repassivation after removal of the oxide layer
undergoing wear, e.g. in orthopedic and orthodontic applications, is essential for
in vivo performance. Potentiodynamic corrosion tests indicate that NiTi undergoes
slower repassivation kinetics than Co-based and Ti-alloys.

Under physiological conditions smooth NiTi alloys without surface cracks
show a very high corrosion resistance, which explains the successin in vitro and
in vivo cell and tissue experiments. In this context, surface roughness correlates
with platelet adhesion in blood and thrombogenicity. Superhydrophilicity of thin
film nitinol with film thickness below 10 microns minimizes risk of thrombus [43].
Compared to commercially employed bulk nitinol with thickness larger than
30 microns for endovascular devices, especially stents, nitinol thin films offer
great potential for improved hemocompatibility due to various possibilities in
surface treatments such as polishing. Here surface roughness below 5 nm can be
reached to reduce platelet formation, in contrast to 500 nm roughness after elec-
tropolishing. Good hemocompatibility and biocompatibility of austenitic and
martensitic NiTi thin films in contact with human vascular endothelial cells also
supports safe application of nitinol for miniaturized vascular devices [40].

Many tests in which cells are seeded onto NiTi substrate to investigate viability,
proliferation and morphology showed good biocompatibility of the material.

28 M. Zink



Different cells types such as primary fibroblast cells and cell lines, primare human
epithelial cells and osteoblast-like cells in direct contact with nitinol grow well and
proliferate. As mentioned before, surface treatments of the samples before cell
tests influence corrosion and, in line, cell viability. Surfaces with only very small
amounts of Ni therefore show very good performance in contact with cells, while
untreated samples that corrode during testing induce moderate cytotoxicity. Sur-
face passivation by calcium-phosphate coating is a possibility to enhance cell
growth and proliferation. However, adhesion between the coating and the nitinol is
generally weak and must be improved for application in vivo.

Genotoxicity assessment further proved save application of the material
in vitro. No sign of DNA damage of primary blood lymphocytes is observed.
Orthodontic application of nitinol implanted within the human oral mucosa leads
to moderate genotoxic effects and an increase in blood Ni content. Other in vivo
tests with NiTi implanted in the skin, bone and muscle in Guinea pigs, rats, mice
and rabbits, as well as humans show no signs of cytotoxicity, no sensitizing and
negligible irritations [40]. Negative side-effects for orthodontic patients with NiTi
implants can mainly be attributed to Ni allergy. Osseointegration and bone
ingrowth into NiTi surfaces is promoted for nanoporous nitinol implants [44].
Employing the shape memory effect and straining of the device in vivo further
stimulates bone growth.

However, detecting the amount of Ni release in vivo is a challenging task and
the individual environmental exposures must be taken into account. Measurements
of Ni release in vitro determined contradicting values ranging from 490 to

Fig. 2.6 Pitting phenomena on the as-polished (a) VPS, (b) HVOF, and (c) APS+Q coatings.
Reprinted from [42], Copyright (2009), with permission from Elsevier
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14 mm2/ml and even one order of magnitude smaller [41]. The highest concen-
tration is mostly found after 48 h, in line with a decrease in cell proliferation on
this time scale. When transferring this result to cytotoxic reactions in vivo,
exchange with body fluids would lead to a significantly lower local Ni concen-
tration. Thus, a good biocompatibility of NiTi—bulk and thin films—because of
only small amounts of Ni release is suggested.

To adapt corrosion properties to different environmental and experimental
conditions, variations in ion release is obtained by doping nitinol thin films with
small quantities of oxygen, carbon, zinc, zirconium and molybdenum. The
implantation depth influences the Ni content on the surface and corrosion of the
material. Implantation of Zr, for instance, improves corrosion, while recovery of
the martensitic phase and the superelasticity is affected. Depending on the
implanted ions and the concentration, the shape memory effect and recovery of the
shape after deformation can be inhibited.

Ternary elements, especially Cu influence not only the mechanical properties of
the material and can result in a narrower hysteresis and superior elasticity, but also
changes corrosion behavior. Ternary nitinol, such as NiTiTa and NiTiCu, both
show adequate biocompatibility, while copper release and cytotoxic effects of
NuTi42Cu7 are observed [45]. Tantalum addition improves corrosion resistance of
nitinol and promotes endothelial proliferation [46]. Since the superelastic hyster-
esis stress is lower for ternary NiTiCu than binary NiTi, biocompatible coatings or
surface passivation that do not influence the thermal shape memory transformation
might offer a wide range of applications as miniaturized medical devices with
long-term life time.

Long-term host body responses on binary NiTi devices, especially stents
(Fig. 2.7), give no signs of cytotoxicity or worse performance than stainless steel or
titanium alloys. The ability to adapt the materials shape to the environment together
with possible shape changes due to temperature changes are unique properties
essential for vascular applications. Stents are usually made of pure NiTi or coated
with e.g. ceramics to improve cell attachment. Here the interaction of the thin film
with the underlying material determines the in vivo performance, because the
coating must still allow shape changes of the device without rupture. In contrast to
coatings, surface structuring can influence substrate-tissue interaction. In vivo tests
with micropatterned NiTi stents show good endothelial tissue generation through
the patterns of the thin film device without any abnormalities or thrombosis [48].

The first NiTi actuated micropump for drug delivery was reported in 1997. Here
two nitinol thin films were separated by a silicon spacer. Heating and opening of
the pump released liquid agents with flow rates of 49 ll/min at operating voltage
and currents of 6 V and 0.9 A, respectively [49]. Nowadays, nitinol drug delivery
systems of MEMS (microelectromechanical systems) sizes are possible, e.g. made
of free-standing NiTi thin films or nitinol wires that allow flow rates of several
hundred microliters.

Recently the application of nitinol thin films as intraocular clips for ophthalmic
microsurgery is investigated. Animal models with Yucatan mini-pigs show that
70 days after surgery these clips are well tolerated by the iris and show as good
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responses without any sign of cytotoxicity as conventionally used polypropylene
suture [50]. Further studies are under way for future application of nitinol in
ophthalmic surgery in humans.

2.2.2.2 Ferromagnetic Shape Memory Alloys

Ferromagnetic magnetic shape memory (FMSM) alloys are an exciting new class
of smart materials that can yield magnetically switchable strains up to ten percent
at constant temperatures and frequencies from quasi-static up to some kilohertz.
Macroscopic, viz. bulk FMSM and their actuation in external magnetic fields are
well established, while miniaturization of the FMSM effect within thin films are
still almost unresolved. Free-standing FMSM alloys, which constitute not only the
‘‘superelastic’’ thermal shape memory effect, but also magnetically switchable
shape changes, could pave the way for magnetically controlled stents, vena cava
filters, abdominal aortic aneurysm devices, and atrial septal defect occlusion
devices without possible temperature damaging effects. However, the biocom-
patibility of the material must first be proved well to avoid inflammatory processes
and cell death when incorporated in the human body.

Two classes of FMSM materials exist: Ni-Mn-Ga and Fe-Pd alloys. Corrosion
behavior of FMSM alloys was first investigated for the initially discovered Ni-Mg-
Ga. Bulk samples were soaked in saline solutions at pH 7.4 and 37 �C to mimic
conditions present in the human body. After 12 h pitting is visible—a clear sign of
corrosion and destruction of the initially smooth surface [51]. Furthermore, thin
films of Ni-Mn-Ga deposited on SiO2 wafer in contact with NIH 3T3 fibroblasts
showed cytotoxic effect, viz. cells in a Petri dish together with the thin films died
or pathologically transformed due to corrosion of the Ni-Mn-Ga film, dissolution
of Ni and Mg ions and uptake of the cells (Fig. 2.8). Thus, Ni-Mn-Ga alloys are
not biocompatible and their application for medical devices requires appropriate
coatings to suppress ion release, but still promotes shape changes when external
magnetic fields are applied.

Besides Ni-Mn-Ga, Fe-Pd based FMSM thin films are a highly promising class
of material due to their chemical composition of less toxic Fe and Pd particles.

Fig. 2.7 Niti-S stent with a
double-layer configuration,
consisting of an inner
polyurethane layer and an
outer uncovered nitinol wire.
Reprinted from [47],
Copyright (2006), with
permission from Elsevier
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Recently, the in vitro biocompatibility of single crystalline Fe70Pd30 FSMA films
grown on MgO single crystal substrates were conducted by simulated body fluid
(SBF) and cell viability tests. The FSMA films were immersed in SBF for 65 h at
37 �C. Less than 0.001 mg/L Pd ions are detected throughout, whereas the Fe
concentration clearly increases an order of magnitude, thus reflecting a higher
reactivity of Fe in the Fe-Pd alloy, as expected. Additionally, apatite-like materials
aggregation on the surface becomes present, which is very important for tissue-
bonding and the adhesion of cells on the substrate (Fig. 2.9) [52].

The interaction of NIH 3T3 fibroblasts with Fe70Pd30 was employed by seeding
the cells onto the films and investigate cell morphology and viability employing
fluorescent dyes to visualize cells on the films. After 65 h cells were stained with
calcein AM (stains live cells in green) and with propidium iodide (PI, for apoptotic
cells with nuclei fluorescing in red). During culture cells adhere and proliferate on
the surface of the films, and only very few apoptotic cells can be found. Immu-
nohistochemical staining of the actin cytoskeleton and the focal contacts provided

Fig. 2.8 NIH 3T3 fibroblast
cells cultured in a plastic
Petri dish into which a single
crystalline Ni–Mn–Ga thin
film (black triangle) is
placed. Some dead cells are
seen (small light spherical
objects), whereas the viable
cells attached to the culture
dish are smaller compared to
control cells and obtain a
spindle-like shape due to
cytotoxic effects after ion
release from the Ni–Mn–Ga
film

Fig. 2.9 Fe70Pd30 thin film before (a) and after soaking in SBF for 65 h (b). The circle and
rectangle mark precipitation of apatite-like material deposition. (c) NIH 3T3 cells attached to the
Fe70Pd30 surface. The stress fibers of the actin cytoskeleton (red) are well pronounced—an
indicator for good adhesion. The focal contacts, the sites of adhesions, are shown in green
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evidence that the cells are well spread on the substrate, exhibit well-defined stress
fibers and obtain a normal morphology (Fig. 2.9c).

Additionally, after cell detachment from the films, no morphological, structural,
and chemical changes of the films, which could interfere with their functionality,
are detected. The results suggest that Fe-Pd membranes are biocompatible and
even bioactive [52], whereas bioactive coatings might even improve cell-substrate
interaction for in vivo applications in the future.

2.2.3 Carbon-Based Thin Films

Carbon-based materials, such as diamond-like carbon, carbon nitride and nano-
crystalline diamond, are excellent candidates for coatings of biomedical devices,
e.g. in joint replacement, stents and dental roots. Carbon-based coatings are usu-
ally composed only of the biocompatible elements C, N and H, which do not cause
cytotoxic effect by dissolution of corrosion products as often found for metal
implants. However, skin irritation or hypersensitivity reactions might occur, which
can result in inflammations and failure of the device. To this end, biocompatibility
in vitro and in vivo must be carefully addressed for the different types of tissue in
contact with.

2.2.3.1 Diamond-Like Carbon

Diamond-like carbon (DLC) is an amorphous carbon material, which is chemically
inert with high corrosion resistance, hardness, low frictional coefficient and high
wear resistance. It displays some characteristics of diamond, while DLC is not as
hard and comprises a different microstructure. Carbon–carbon interaction bonds
can be of sp2 form (graphene) or tetragonal sp3 (diamond). The structure allows
incorporation of different materials, such as hydrogen, copper, silver and vanadium
[53].

Many different fabrication techniques are employed to produce DLC coatings:
Ion beam deposition, chemical vapor deposition, magnetron and ion beam sput-
tering, and pulsed laser deposition [54]. The biocompatibility of DLC was first
addressed in the early 90 s. Fibroblasts seeded on DLC and hydrogenated amor-
phous carbon films attach and spread well, while no indications of cytoxicity and
inflammations are present. Interactions of human macrophages and monocytes
show identical results. Among these cells, human ML-1 hematopoietic myoblasts
and human embryo kidney (HEK) 293 cells spread well on DLC coatings with
identical morphologies as control cells under usual culture conditions. Although no
signs of toxicity and inflammations are obtained, one day after seeding 60 % of all
ML-1 and HEK 293 cells are viable compared to 90 % of the control cells [55].

Good biocompatibility in terms of unchanged morphology, cell spreading and
proliferation is also corroborated for fibroblast and osteoblast cells exposed to
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DLC coatings with silicon intermediate layers. Incorporation of titanium within
hydrogenated films enhances osteoblast proliferation and reduces osteoclast
activity. In contrast, doping of toxic elements such as copper or vanadium inhibits
cell attachment and proliferation [56].

Investigations of DLC films in contact with blood are important to study protein
absorption, blood coagulation and the risk of thrombosis. Inhibition of platelet and
fibrinogen adhesion is a prerequisite for save application of carbon-based car-
diovascular devices in vivo, while enhanced albumin adhesion reduces the number
of adhering platelets. DLC coatings show lower platelet adhesion compared to
carbon nitride films and control experiments with polymethyl methacrylate
(PMMA) films. Additionally, rapid binding of albumin and passivation of DLC
films for fibrinogen adsorption are promoted by high chemical heterogeneity of the
surface. This good hemocompatibility is promising for future applications as
coating material for artificial hearts [57].

In contrast to diamond, DLC coatings exhibit an intrinsic smooth surface due to
the amorphous structure, and thus display less debris formation during excessive
wear important for orthopedic application such as artificial joints. In vivo
assessments in rats and other small mammals show good acceptance of DLC
coated implants made of stainless steel, titanium and polymers in contact with
bone, muscular and cardiovascular tissue. DLC coated steel rods for bone fixation
in humans do not show any signs of corrosion and inflammation of the surrounding
tissue. In fact, non-hydrogenated DLC coated metal implants exhibit a decreased
corrosion rate up to 100,000 times lower than for uncoated devices, while the wear
rate is also reduced up to 1,000,000 times [58]. However, contradictory results on
wear resistance ranging from weak to strong wear resistance are still under debate.
Different experimental outcomes are attributed to variations in test conditions, e.g.
under which liquid lubricant wear is employed. Furthermore, some studies show
no improvement in the in vivo performance of DLC coated stainless steel, used
e.g. for shoulder joint balls or coated femoral heads. One of the major problems
with DLC coating results from bad adhesion of the film to the implant in aqueous
solution.

DLC coating adhesion to a substrate material like stainless steel is an important
issue for the application as stent materials (Fig. 2.10). Stents are placed in an
artery to open the blood tube by inflating the stent after implantation. In vivo tests
showed very good performance of DLC-coated stents with no signs of thrombosis
and inflammation even after one year. However, recent investigations observed no
advantage of DLC coated stents compared to conventional stainless steel-based
materials. As well as for orthopedic applications, adhesion of the coating is weak
and deformation of the stent during opening of the artery can cause detachment of
the DLC film and failure of the device.

Besides an improved DLC bonding to the underlying material, future appli-
cations focus on doping DLC films with toxic components such as copper for
antibacterial purposes. They can be employed for contact lenses to avoid biofilm
formation and contamination. Other applications are coating devices with DLC for
microsurgery and neuronal implants to reduce scar formation within the brain.
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2.2.3.2 Carbon Nitride Thin Films

Similar to DLC, amorphous carbon nitride (CN) obtains a sp3 and sp2 bonded
structure, while a C/N ration of 0.2–2.0 can be produced experimentally. Only few
studies have addressed its biocompatibility in contact with cells and tissue so far,
although CN comprises similar mechanical and corrosion resistance features than
DLC—thus perfectly matching the requirements for medical applications. Usually,
CN films are prepared by reactive magnetron sputtering from a graphite target
yielding an extreme hardness of 40–60 GPa.

Osteoblast cells seeded onto CN films spread and proliferate well as shown in
Fig. 2.11. The morphology of fibroblasts attached onto CN is unchanged compared
to cells on DLC and control experiments, while for all substrate materials no signs
of cytotoxicity are observed. Contradictory studies determine a strong decrease in
cell number for osteoblast cells on CN films coated to stainless steel. However,
these observations might result from weak adhesion of the CN coating, which
failed during cell culture and detached from the steel [60]. During exposure to
blood, CN promotes higher coagulation of fibrinogen but less adhesion than
control experiments with PMMA. However, systematic in vitro and in vivo
assessments are still lacking for future applications of CN coated devices.

Fig. 2.10 a DLC coating deposited onto an unexpanded stent, b after expansion, c, d showing
crack initiation. Reprinted from [59], Copyright (2005), with permission from Elsevier

2 Biocompatibility of Thin Films 35



2.2.3.3 Nanocrystalline Diamond Thin Films

Crystalline diamond offers a wide range of applications because its structure can
be tuned from micrometer grain sizes up to nano- and ultra-nanocystalline with
2–5 nm grains and root-mean-square surface roughness of 10–20 nm. Nanocrys-
talline diamond (NCD) and ultra-nanocrystalline diamond (UNCD) thin films
mimic the surface roughness of bone, together with a high chemical and corrosion
resistance, fracture toughness and hardness. Although it is composed of the same
element as diamond-like carbon, its biocompatibility must be clearly evaluated
because variations in surface structure, as well as electronic properties and surface
energies can lead to unexpected interactions with cells and tissue.

In vitro studies with MG63 osteoblast-like cells and bone marrow cells on NCD
films demonstrate improved cell spreading behavior and proliferation compared to
cells cultured on polystyrene tissue culture dishes. Additionally, the expression of
extracellular matrix proteins important for bone formation is stimulated. In fact,
proliferation and alkaline phosphatase activity of human osteoblasts is enhanced
on nanometer grain size films in contrast to submicron crystalline diamond [61].

Further evaluations with L929 mouse and human gingival fibroblasts reveal no
cytotoxic effects on NCD, while the two cell types exhibit different morphological
features on the films (Fig. 2.12): human gingival cells are well spread with an
elongated morphology, while L929 cells exhibit lower cytoplasmic extensions and
a higher proliferation rate [62]. However, proliferation of both fibroblast cell lines
is accelerated compared to control cells on conventional plastic culture plates.

Neural stem cells seeded on hydrogen-terminated UNCD spontaneously
undergo neuronal differentiation and proliferate [63]. In contrast, these cells
differentiate into oligodendrocytes on oxygen-terminated UNCD. Tuning stem cell
differentiation by doping ultra-nanocrystalline diamond films with different
elements raises the potential for future application as neuronal microelectronic
devices. One possibility is the coating with UNCD of retinal microchips to restore

Fig. 2.11 SEM morphology
of osteoblast cells on
amorphous CN film deposited
on silicon in 1 week of
culture. Spindle-shaped cell
SC and well-spread polygonal
cells PC maintained physical
contact with each other
through filopodia (arrow) or
lamellopodia (asterisk).
Reprinted from [55],
Copyright (2000), with
permission from Elsevier
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vision. Silicon retinal chips with UNCD thin films including 1 % hydrogen have
already been tested in rabbit eyes for 4–6 months and showed good biocompati-
bility [64]. To combine the advantages of NCD and amorphous carbon thin films,
such as very smooth surfaces together with high yield strengths, hybrid materials
offer new perspectives for medical devices.

2.2.4 Bioceramic Thin Films

Bioceramics are usually porous and fragile materials, which cannot be exposed to
high mechanical loads. However, they can exhibit good corrosion resistance and
improve bioactivity of surfaces when used as thin films and coated onto implants
and prostheses. Due to lack of bioactivity and osteoconductive properties, the
lifetime of metal-, especially titanium-based orthopedic and dental implants, is
often limited to 10–15 years. Bioceramic thin films coated on the titanium surface
can improve these bone-integration properties and promote bone growth.

Fig. 2.12 Morphological appearance of L929 mouse and human gingival fibroblast cells
cultured on the NCD coating, at 12 and 24 h of culture. a, b, d and e: SEM (inset in a and d: 1 h);
c and f: Confocal laser scanning microscopy images, actin filaments (green) and nucleus (red)
staining. Reprinted from [62], Copyright (2009), with permission from Elsevier
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The surface structure of ceramics can be tuned from smooth layers to porous
networks to support tissue ingrowth and improved bonding. However, ceramics
such as alumina and zirconia can promote osteolysis, viz. increased osteoclast
activity and resorption of bone materials in vivo. Their application must be
carefully examined. Ceramics employed within the human body are divided into
three groups: (1) Bioinert ceramics, e.g. oxides and silica ceramics; (2) resorbable
ceramics, e.g. calcium phosphates, and (3) bioactive ceramics, e.g. hydroxyapatite
and bioglasses.

Hydroxyapatite (HA), the most common bioceramic, is a bone-like material,
which can be coated by sputter deposition, plasma spraying, hydrothermal tech-
niques, hydrolysis of other calcium phosphates and sol–gel synthesis. In general,
sol–gel-derived bioceramic coatings offer several advantages with respect to other
techniques such as easy fabrication of an uniform layer with complex geometric
shape. These coatings comprise adequate mechanical properties important for
medical devices due to their nanocrystalline structure. Nevertheless, different
fabrication processes result in variations of surface morphology and film thickness,
which must be adapted to the requirements of the implant. The most common
bioceramic thin films and coatings, their corrosion resistance, and biocompatibility
features are discussed in the following sections.

2.2.4.1 Calcium Phosphate

Degradable bioceramics implanted within the human body change their structure
and eventually fully dissolve by allowing bone in-growth and replacement of the
artificial material with natural tissue. Prominent examples are calcium phosphate
based materials which have caught the most attention because of their excellent
biocompatibility and compositional similarities to natural bone [65]. Thin Ca-P
films attached to implants made of titanium, its alloys, and other metals promote
osteogenic cell attachment and proliferation. Additionally the expression of
extracellular matrix proteins by the cells is stimulated to produce an apatite layer
for further bone-healing after implantation. Thus, calcium phosphates are often
employed for stimulation of bone regeneration, e.g. after joint replacement.
However, these ceramics cannot bear high loads and are therefore unsuitable for
the application as bulk materials for prostheses, but are widely used as coating
materials on titanium and its alloys to improve in vivo performance.

Several calcium phosphate ceramics show different solubility under physio-
logical conditions: Tetracalcium Phosphate (Ca4P2O9) [ Amorphous Calcium
Phosphate [ a-Tricalcium Phosphate-(Ca3(PO4)2) [b-Tricalcium Phosphate-
(Ca3(PO4)2) [ Hydroxyapatite (no degradation under physiological conditions).
The different calcium phosphate compositions vary in their mechanical strength,
physiochemical properties, and thus in vivo performance and their behavior in
bone integration.

Manufacturing of these ceramic coatings on titanium implants usually starts
with grid-blasting the implant to increase surface roughness. High roughness
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promotes the interaction and bonding strength of the Ca-P coating. Additionally,
dental implants are generally etched to further produce cavities. Afterwards, the
material is soaked in a simulated body fluid containing a supersaturated calcium
und phosphate solution, which leads to precipitation and the formation of a Ca-P
layer on the titanium surface. However, many other methods are employed for fast
and cost-effective production of Ca-P coated implants.

Atmospheric plasma spraying of Ca-P coatings of titanium surfaces at tem-
perature greater than 10,000 �C is a widely used method to produce layer thickness
of 30–200 lm within minutes [66, 67]. However, the fast cooling after production
can result is heterogeneities of Ca-P-phases, and thus differences in dissolution
rates in vivo. Additionally, this manufacturing is not very effective for small
devices such as dental implants. The high temperature during production also lacks
the possibility to incorporate biological agents within the coating material.

Dense and uniform coating thickness of 0.5–3.0 lm can be obtained with
sputter coating of a multi-component Ca-P ceramic target [68]. The surface Ca/P
ratio can vary from 1.6 to 2.6, and the surface morphology is adaptable to different
requirements by annealing at several hundred degrees Celsius. However, this
technique is expensive and time consuming that other methods are mostly applied.

An alternative is electrochemical deposition which allows the deposition of
dense, porous or nanostructured Ca-P coatings (Fig. 2.13) [69, 70]. Here the
implant material is placed in supersaturated Ca-P solutions. Near the electrode, a
local pH increase is induced, which leads to precipitation and the formation of a
Ca-P layer on the implant surface. A platinum electrode acts as the anode and the
titanium implant as the cathode, which can be employed to coat complex surface
structures at rapid deposition rates. The incorporation of bioactive molecules, such
as proteins, is possible but limited, if further postheating is employed to improve
the coating structure and bonding to the implant material.

Most of the described drawbacks can be avoided with sol–gel techniques that
require low processing temperatures and result in stoichiometric, homogeneous
and pure coatings [72]. Uniform fine-grained structures with coating thickness up
to 1 lm can be obtained. Thicker coatings are possible with the biomimetic
process of Ca-P coating, which uses natural biomineralization and the precipitation
of Ca-P onto the implant surface. Similar to the formation of ceramic coating in
simulated body fluids, the implant is placed in saturated calcium and phosphate
solutions with the addition of a weak acid gas. Bubbling of the solution increases
the pH value and the nucleation of Ca-P crystals is larger compared to simple SBF
soaking. The layers of up to 30 lm thickness are similar to bone-like apatite: well-
bonded to the implant and can include bone growth stimulating factors. Further-
more, the composition is more soluble in physiological fluids.

Although the formation of bone-like apatite is promoted on Ca-P coated
titanium, proliferation rates of osteoblast-like cells in vitro are higher on pure
titanium surfaces [73, 74]. However, a significantly larger mineralized extracel-
lular matrix on the Ca-P coated surface with embedded collagen fibers forms,
which is important for good in vivo performance. Furthermore, Ca-P coatings
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promote differentiation of osteogenic cells, while cell response depends on the
crystallinity and surface morphology of the coating.

In contrast to osteoblast adhesion on Ca-P coated and pure Ti surfaces in vitro,
animal tests and clinical studies with patients demonstrate that biomimetic Ca-P
coatings obtain a stronger bonding to the implant compared to uncoated titanium

Fig. 2.13 Morphology of the biomimetic Ca–P deposition: (a) Ca–P layer on electrochemically-
treated surface after 2 h immersion; (b) Ca–P layer on electrochemically-treated surface after 6 h
immersion; (c) Ca–P layer on electrochemically-treated surface after 24 h immersion; (d) non-
treated titanium surface after 24 h immersion with a few isolated Ca–P particles; (e) high
magnification of Ca–P particles in d; and (f) non-treated titanium surface after 72 h immersion.
Reprinted from [71], Copyright (2005), with permission from Elsevier
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implants. Already 1–2 months after implantation, the ceramic is surrounded by
mature bone and no resorption is usually observed. Currently it is still under debate
whether the overall dissolution behavior important for bone formation is a
solution-mediated process or driven by cell-mediated processes [75].

The limiting factors for the application of Ca-P in vivo are mainly the brit-
tleness, low mechanical resistance and tensile strength. Ceramics with porosity up
to 90 % stimulate bone ingrowth, while leading to mechanical instabilities. In fact,
minimum pore sizes of 100 lm are required due to cell sizes, but diame-
ters [300 lm are recommended to promote formation of capillaries and vascu-
larization [76]. Different filler materials are employed to improve mechanical
stability, stop crack formation, and still support resorption and bone growth. New
Ca-P-based composites made of biphasic calcium phosphate with up to 30 wt %
mullite (3Al2O3.2SiO2) addition are a candidate with improved mechanical
strength [77]. The biocompatibility of such material has already been demon-
strated in vitro, while clinical trials are still outstanding. Future Ca-P based
ceramics aim to enhance bioactivity by activating genes, delivering biological
agents, and improving mechanical performance and bioactivity.

2.2.4.2 Hydroxyapatite

Hydroxyapatite (HA) is the most often used calcium phosphate coating for
biomedical implant materials. Its chemical structure Ca10(PO4)6(OH)2 and a Ca/P
wt. ratio of 2.151 make it an excellent bioactive ceramic with a similar compo-
sition to bone mineral. At physiological pH of 7.4 HA is the most thermody-
namically stable Ca-P which is not resorbable. It is therefore often used as coating
material to stimulate cell attachment in vitro and bone formation and growth
in vivo. HA promotes efficient implant fixation and implant-to-bone bonding
shortly after implantation because of excellent osteoconductivity, as well as fast
bone remodeling.

Compared to natural apatite, HA lacks several ions such as Na+, K+, Mg2+,
Fe2+, F- and Cl- which results in different crystallinity and mechanical strength.
HA films show the best resistance for lower (1N) and higher (3N) load with respect
to SiO2 and TiO2 [78, 79]. However, HA thin films have a low tensile strength and
fracture toughness compared to bone, which can be improved by sintering HA
coatings on metallic substrates such as titanium (Fig. 2.14) or Ti-6Al-4V alloys,
bioactive glass ceramics, as well as titanium nanotubes. Plasma-assisted fabrica-
tion allows large variations in grain size and crystallinity [80]. However, these
films are highly porous, brittle and often detach from the underlying material.
Further difficulties in film attachment can occur when oxide layers are formed on
the implant surface prior to coating, which often occurs during deposition of
growing pure crystalline HA films at several hundred degrees Celsius [81].
Adhesion and density can be improved by ion-implantation techniques at low
temperatures, as well as radio frequency magnetron sputtering.
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Soaking of sintered HA in SBF at 37 �C reveals formation of bone-like apatite
on the surface, while the deposition kinetics depend on the surface charges of the
initial HA material. Different sintering temperatures influence the surface poten-
tial, and thus trigger nucleation of HA precipitates. The HA surface has a negative
surface charge which interacts with the positive calcium ions in the fluid to form
the Ca-rich nanocrystalline calcium phosphate with positive surface charge. This
calcium phosphate on the HA surface interacts with the negative phosphate ions in
the SBF to form the Ca-poor nanocrystalline calcium phosphate, which crystallizes
into bone-like apatite [83] important for osseointegration.

Good bioactivity is corroborated by in vitro cell tests. Mesenchymal stem cells
and mouse osteoblast cells seeded onto HA coated substrates show good adhesion
and proliferation behavior [80, 84]. After 8 days the interaction of osteoblasts with
the HA surface results in the formation of a thick layer of extracellular matrix and
bone nodules. In vivo cell attachment can be improved even further when
immobilized cell adhesion proteins, such as laminin, are incorporated into the HA
layer [85].

Small amounts of elements such as silicon and magnesium, which are found in
natural bone, can be doped to HA coatings to influence dissolution rates and
improve bone formation processes. In vivo and in vitro testing of silicon-substi-
tuted hydroxyapatite (Si-HA) with approximately 1 wt % Si obtain that Si-HA
improves early bonding of the bone to the implant surface with respect to pure HA
coatings [86]. Amorphous or nanocrystalline Si-HA coatings up to 700 nm thick
on titanium substrates can be fabricated by magnetron co-sputtering [87], while
subsequent heat treatment results in improved crystallinity. Such films employed
as substrate materials in vitro promote proliferation and attachment of osteoblast

Fig. 2.14 Hydroxyapatite
ceramic–coated furlong total
hip arthroplasty stem.
Reprinted from [82],
Copyright (2010), with
permission from Elsevier
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cells compared to as-deposited samples. Metabolic activity and mineralization of
the cell layer demonstrate bioactive properties in vitro which could already be
verified in vivo (Fig. 2.15): Silicon doped HA shows excellent performance in
animal testing in terms of bone bonding and remodeling, as well as mechanical
stability [88], which offers further application for bioactive coatings of load-
bearing devices such as hip prostheses in the future.

A new approach for further improvement of tissue-implant-bonding with HA
coatings uses electric changes to stimulate bone ingrowth. Piezoelectricity in bone
was first proposed and measured by Fukada and Yasuda in 1957 [89]. They
suggested that shear forces within the bone lead to slipping of collagen fibers that
result in generation of electric dipoles and thus electric fields. Since surface
changes of cell substrates influence protein absorption, and in line cell adhesion
and migration, osteoblast proliferation and bone formation can be stimulated by
employing charged HA coatings in vitro and in vivo [90]. Negatively charged HA
surfaces especially enhance osteoblast proliferation, whereas positively charged
surfaces reduce cell division rates. Besides, an increase in cell migration can be
stimulated on both positive and negative surfaces, which is attributable to charge
induced variation of actin filaments within the cellular cytoskeleton.

In vivo studies on charged HA coatings of bone implants confirm positive
effects on increased bone ingrowth. Compared to non-charged HA surfaces, pos-
itively as well as negatively charged HA films promote the formation of fibrin
layers for osteoconduction. This promising cell response on piezoelectric materials

Fig. 2.15 Histological sections illustrating the Si-microporous HA marrow cavity interface after
six weeks implantation into the femus of adult Wistar rats. Reprinted from [88], Copyright
(2001), with permission from Elsevier
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can also be found for other charged bioceramics such as BaTiO3 surfaces. The
integration of electrically charged surfaces into biomedical devices offers great
potential not only for promotion of tissue attachment and bone formation, but also
for drug delivery systems and leaves room for future work.

2.2.4.3 Silicon-Based Ceramics and Bioglass�

Bioglasses composed of various quantities of SiO2, Na2O, CaO and P2O5 were first
investigated in the late 1950s by L. L. Hench who is still working on bioceramics
as Emeritus Professor at Imperial College London. Initially, bioglasses were
developed to replace diseased or damaged tissues. The first bioactive glass, 45S5
Bioglass�, is composed of 45 wt % SiO2, 24.5 wt % Na2O, 24.5 wt % CaO and 6
wt % P2O5. Nowadays, bioglasses with many different quantities of these and
other oxides are available. Although bioactive glass scaffolds obtain a low resis-
tance to fracture, they are employed as bulk materials as well as thin film coatings
for implant materials with great success. Their applications range from coating to
bulk material prostheses, as well as tissue engineering for articular cartilage and
skin repair.

Bioglasses can be bioinert and get incapsulated within fibrous tissue
for [65 mol % SiO2, resolve within 30 days or binds to bone, while all these
properties depend on composition. 45S5 Bioglass� promotes the formation of
hydroxyapatite layers on its surface in contact with body fluids and osteoblast
cells. Although ion release of Si, Ca, Na and P takes places, it turns out that 45S5
Bioglass� enhances ATP generation, up-regulation of genes, promotes alkaline
phosphotase activity and osteocalcin, as well as collagen I synthesis. Proliferation
of osteoblast cells is promoted due to Si-induced osteoblast cell cycle shortening
[91]. The good biocompatibility of 45S5 Bioglass� is attributed to the relatively
small amount of silica and in turn larger quantities of Na2O and CaO with a high
CaO/P2O5 ratio. In contrast, larger amounts of silicon in MBG 85 glasses (85SiO2-
10CaO-5P2O5) reduce osteoblast cell division. Different cells types such as oste-
oblasts, fibroblasts and endothelial cells adhere well to the surface of various
bioactive glass compositions, thus excellent bioactivity in contact with a wide
range of tissues is the reason for applying bioglasses as coating materials in
implantology.

Bioactive glasses employed as coatings on prostheses made of titanium and
other materials often suffer the formation of cracks in the surface layer, which may
result in severe injury of the patient. These cracks often appear due to corrosion of
the material and can be avoided when a thin layer of HA forms up till the point
when osteoblasts adhere to the surface. Since SiO2 controls the bioactivity of the
bioglass, variations of the composition promote success of the coating and foreign
body response. Drawbacks of 45S5 Bioglass obtained in vitro are slow degradation
rates and conversion to an apatite material. Thus, conversion is often incomplete;
SiO2 can remain within the scaffold causing long-term side effects [92].
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New bioglass coatings use various quantities of SiO2, CaCO3, MgCO3,
Na2CO3, K2CO3 and NaH2PO4 for bioactive coatings on titanium devices, which
are realized, e.g. by pulsed laser deposition [93]. When soaking these coated
materials in simulated body fluid, a loss of Ca, Mg, P and Si ions occurs within the
first 2–3 days, accompanied with a relative increase of Si in the surface layer.
Subsequently, increase in PO4

3- results in bone-like HA formation within 14 days.
Implanted 45S5 bioactive glasses in vivo release Na+ and Ca+ ions, which

promote apatite formation and stimulate angiogenesis [94]. Silicon release cannot
be avoided, and even months after implantation, silicon is still present in several
organs and bones. However, the very small quantities are supposed to be harmless.
Higher SiO2 contents, as used for the designated 13–93 bioglass, lead to better
processing properties and support osteoblast proliferation to the same extent as
found for 45S5 Bioglass. However, 13–93 bioglass possesses even slower
degradation rates.

In line with in vitro assessments, 45S5 Bioglass and glasses with MgO and K2O
content such as 13–93 bioglass promote cell adhesion (Fig. 2.16), rapid bone
formation and even faster osteoblast proliferation than synthetic HA. Implanted
bioactive glasses placed within the femur of mammalian animals exhibited very
good osteoconductive and osteoinductive properties, namely new bone growth
promotion along the implant surface. In fact, conversion into HA-like material is
accelerated with increasing B2O3 content. For example, borosilicate 13–93B1 fully
converts to HA. However, some in vitro studies find that borite glasses show worse
biocompatibility in terms of a lower ability to promote cell growth and function
due to the release of boron ions. Nevertheless, the microstructure of the bioglass
surface such as roughness, porosity and pore size plays a vital role in tissue
infiltration. New approaches use mesenchymal stem cells seeded onto the bioglass.
These cells adhere well to the substrate material and support bone infiltration
in vivo.

Besides new bone growth, bioglasses can promote the formation of new blood
vessels (angiogenesis) because they stimulate vascular endothelial growth factor
(VEGF) and basic fibroblast growth factor (bFGF). Surfaces such as polystyrene
coated with low concentrations of 45S5 Bioglass exhibit enhanced proliferation of
fibrobasts in vitro compared to uncoated surfaces. In vivo experiments in rat with
implanted poly(gycolic acid) meshes in rat obtained improved neovascularizazion
within 28 and 42 days [92]. Additionally, the borosilicate bioglass 13–93B3 also
promotes angiogenesis. It appears to be non-toxic according to experiments in
small mammalian animals.

These results show that the addition of ions to clinically applied silicon-based
bioglasses might enhance specific biological function and responses of the
surrounding tissue in vivo. Many different ions are doped to the bioglasses, such as
zinc, strontium, copper, cobalt and gold. Ion addition changes dissolution rates of
the material, in line with cell adhesion properties and certain gene expressions of
the cells. Current investigations aim to combine the promotion of cell function
together with adequate mechanical properties of the bulk glass or coating of the
implant for clinical applications by varying the bioglass composition.
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2.2.4.4 Alumina

Although titanium/titania-based materials are commonly used as implant materials
together with calcium-phosphate-based coatings, other ceramics are under inves-
tigation that exhibit excellent biocompatibility together with different mechanical
properties, wear resistance and weight. Alumina ceramics (Al2O3) are bioinert and
exhibit low surface roughness, high hardness for scratch resistance and fracture
toughness, as well as high wettability, which can be achieved by a high material
density, high purity and small grains. In contrast to titania implants, alumina-on-
alumina bearings show improved sliding characteristics and a low wear debrid
generation. Thus, they are among the most resistant to wear in total hip replace-
ment [96]. Nevertheless, coating of medical devices with alumina-based ceramics
is hardly investigated until now, and little is known on the interaction of single
cells with smooth alumina surfaces.

Since the first alumina-based hip arthroplasty in 1970, most studies have
focused on the biocompatibility in vivo. New fabrication methods such as the
Morse taper technology together with technological progress in prosthesis design
lead to very promising alumina-on-alumina bearings showing very good perfor-
mance as hip arthroplasties with about 85 % survival after 20 years [97]. The
previously observed increase in osteolysis and aseptic loosening after surgery

Fig. 2.16 SEM images of silicate-based bioactive glasses, designated 13–93, with a modified
45S5 bioglass composition, seeded with MC3T3-E1 cells and cultured for: (a) 2 days; (b,
c) 4 days; and (d, e) 6 days. Reprinted from [95], Copyright (2008), with permission from
Elsevier
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could be limited by reducing the amount of wear particles around the bearing.
Replacement of such alumina implants is easy and usually no foreign body
reaction occurs. However, these medical devices are expensive and efficient sur-
gical training is necessary.

In vitro studies with osteoblast and human coronary artery smooth muscle cells
corroborate good cellular attachment and proliferation on alumina films [98, 99].
Extracellular matrix proteins, such as osteocalcin, as well as type I and V collagen
are expressed by bone cells attached to alumina substrates, which maintain normal
cellular morphology. Although a dense cell layer with well-spread cells can be
obtained after some days of cell culture, the proliferation rate is slightly reduced
compared to cells cultured on glass substrates. Similar cell division behavior can
be seen on zirconia substrates, while on both bioceramics more than 90 % of the
cells are viable. Thus, the observed bone resorption in vivo is mainly attributable
to prosthetic debris, which can stimulate biological reactions leading to osteolysis.
Cytotoxic effects can be neglected as alumina is a well-established biocompatible
and bioactive material.

2.2.4.5 Zirconia

Zirconia (ZrO2) is a bioinert ceramic with a high strength, wear and corrosion
resistance. Small amounts of yttria (2–3 %) stabilize the tetragonal zirconia phase,
which is characterized by low porosity, high bending and compression strength
and mechanical stability. Further aging of the material to the monoclinic phase
structurally stabilizes the material with a compression resistance of about 2 GPa,
similar to stainless steel. This makes it an ideal candidate for dental implants. In
fact, the brittleness of alumina and failure of alumina-based hip prosthesis can be
avoided when zirconia is used with the appropriate microstructure [100]. To this
end, for more than 30 years the biocompatibility of zirconia has been addressed
in vitro and in vivo.

SBF tests show excellent corrosion resistance of tetragonal ZrO2 thin films
deposited on silicon wafers. Immersion within the SBF leads to the nucleation of
bone-like apatite onto the films, while the nanostructured surface is believed to be
the key factor that apatite is induced to precipitate on the surface [101]. SBF
investigation zirconia deposited on hydrogels show that apatite formation is
supposed to be induced by Zr–OH groups in a zirconia hydrogel layer that forms
on the metal upon exposure to NaOH in the body fluid.

In vitro biocompatibility of different structural forms of zirconia has been
addressed with different fibroblast cell lines, lymphocytes, monocytes, macro-
phages and osteoblasts. Fibroblasts adhere well to zirconia substrates and prolif-
erate (Fig. 2.17), whereas wear debris leads to dose-dependent cytotoxic effects.
Mutagenicity evaluations prove that zirconia does not generate genetic mutations
of fibroblast cells [102]. In fact, for human monocytes differentiated into macro-
phages, zirconia powders are less cytotoxic compared to alumina powders [100].
Moreover, macrophage mortality is dependent on particle size, increasing with size
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([2 lm) and concentration. Small zirconia particles do not cause severe cyto-
toxicity or inflammation processes on lymphocytes, monocytes and macrophages.
Furthermore, bone marrow mesenchymal stem cells are observed to grow and
proliferate on the surface of zirconia thin films, in line with the good cell growth
and gene expression of MG-63 osteoblast-like cells.

Biocompatibility assays with different osteoblast cells such as rat osteoblasts,
MG-63 and CAL-72 osteoblast-like cells provide good adhesion properties of cells
on zirconia surfaces and high viability in contact with zirconia powders. Osteo-
blast division and growth is thereby dependent on surface roughness and wetta-
bility. Compared to osteoblast behavior on pure alumina surfaces or in contact
with powder, zirconia provides better biocompatibility features as cells proliferate
faster and show less cytotoxic effects.

The interaction of soft and hard tissue with zirconia pins, bars and coated
implant materials has been studied in various animals such as mice, rats, dogs and
monkeys. In contact with soft tissue, e.g. muscles, fibrous tissue encapsulates the
zirconia polycrystalline samples [100]. No signs of pathologic tissue reaction are
evident, which is also observed for other physical structures of zirconia. Yttria
stabilized zirconia implanted into hard tissue, e.g. the femur of monkeys, also
proves the good biocompatibility of the material since no inflammatory processes
and toxic effects occur. Moreover, the bone tissue strongly attaches to zirconia
coated surfaces.

Clinical trials mainly employed the performance of zirconia—bulk and coat-
ings—as materials for dental abutments. The good bioactivity leads to a reduced
marginal bone loss around the peri-implant compared to titanium devices. Bonding
of the dental implant with the bone is investigated by measuring the rotational
freedom. A small rotation below 3�, as found for zirconia and titanium, is a good
indicator for strong tissue bonding. In comparison, osseointegration of alumina
implants is worse and larger rotation angles are evident [102]. However, treat-
ments to increase surface roughness before implantation are essential to promote
bone attachment and long-term stability. Nowadays, zirconia is especially used for

Fig. 2.17 Scanning electron
microscopy observation of
fibroblasts cultured on
zirconia: cells grow on the
whole zirconia surface,
covering it with a cellular
layer. A cellular body
covered by cytoplasm is
discernible (magnification
7,4009). Reprinted from
[102], Copyright (2007), with
permission from Elsevier
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dental implantology as bulk material or thin film coated to e.g. titanium to improve
cell adhesion and osseointegration. Zirconia surfaces also accumulate fewer
bacteria than titanium. Odontology also uses zirconia-based materials because of
aesthetical issues [103].

2.2.5 Nanotube-Structured Arrays

Nanotubes are nano-sized structures which assemble by self-organization of atoms
during processing. The tubes can vary in length and diameter from a few nano-
meters up to several hundred and even microns. The most common nanotubes are
carbon nanotubes and titan dioxid nanotubes. While carbon nanotubes (CNT) are
usually produced as single fibers or bundles forming a random network, TiO2

nanotubes are films of well-organized and aligned nanotubes that build up an array
(Fig. 2.18).

Although carbon as well as titania materials are well established as biocom-
patible materials, there are several aspects which can influence biocompatibility
and cause harm: Considering single nanotubes as a type of nanoparticles, (1) the
ratio surface area/mass ratio of the nanoparticle is large, which increases the
possibility of absorption and transport of cytotoxic substances. (2) The particle
retention time can be large, i.e. the particle stays in long contact with the tissue
which can result is increased uptake of toxic substances. (3) Nanoparticles can
show an improved reactivity [104], which is already proved for titania nanotubes.
However, nanotubes can be used to assemble various surface structures, which can
stimulate cell proliferation and adhesion. These nanotube structures are easily
tunable in terms of length and diameter and are thus adaptable to various in vitro
and in vivo applications.

Fig. 2.18 Scanning electron
micrograph of TiO2 nanotube
array composed of parallel
aligned nanotubes

2 Biocompatibility of Thin Films 49



2.2.5.1 Carbon Nanotubes

Carbon nanotubes (CNT) are molecular scale wires exhibiting useful physical
properties for numerous potential applications including electronics as well as
miniaturized biotechnological devices. CNT can be processed by various tech-
niques including arc-discharge sublimation, laser ablation, catalytic decomposi-
tion, and high-pressure carbon monoxide and chemical vapor deposition, which
yield large quantities of nanotubes. The electrical properties are sensitive to sur-
face charge transfer and changes in the electrostatic surroundings, important for
the application as electronic biosensors and electrostimulation devices during
tissue formation and cell culture. CNT can exist as single-walled (SWNT) and
multi-walled (MWNT) nanotubes (Fig. 2.19). Both types are characterized by high
tensile strength, ultra-light weight and excellent thermal and chemical stability,
making them perfect candidates for medical devices. Although carbon is already
used for biomedical applications such as bone fixation materials and coating of
metal implants for improved corrosion resistance, the performance of cells and
tissue in contact with CNT cannot directly be derived from biocompatibility
assessments of other carbon materials. Nanostructured surfaces can often lead to
cytotoxic effect due to increased surface areas, which are exposed to tissue and
cells, and thus must be tested in vitro and in vivo.

In vitro biocompatibility tests examine the interaction of living cells with CNT
by employing (1) aqueous solution of CNT with various concentrations in contact
with cells or (2) by attaching CNT to a substrate material which is then used for
cell culture. The influence of CNT on cell viability and adhesion depends to a great
extent on the concentration of the CNT in the cell culture medium and the incu-
bation time because cells tend to take up nano-sized particles. However, for CNTs
in cell culture medium also the structure and the diameter of the nanotubes are a
major determinant of cell viability. Neuronal and lung cells treated with concen-
trations ranging from 25 to 100 lg/ml for 24 h show a decrease in proliferation,
while MWNT with diameters from 9 to 30 nm and length up to tens of
micrometers are more biocompatible compared to SWNT in bundles with

Fig. 2.19 Sketch of single-walled and multi-walled carbon nanotubes. Reprinted from [105],
Copyright (2012), with permission from Elsevier

50 M. Zink



diameters up to 25 nm and length over 3 lm. Even if these cells proliferate in the
presence of CNT, studies on the uptake of SWCN and MWNT with human epi-
dermal keratinocyte (HaCaT and HEK) cells (Fig. 2.20) clearly show an increased
production of pro-inflammatory cytokine IL-8 release [106] and accelerated
oxidative stress [107] pointing towards a reduction of cell viability. Together with
the obtained changes in cell morphology, cellular uptake of CNT by epidermal
keratinocytes is correlated to dermal toxicity, which is also obtained for other cell
types.

CNT uptake during biocompatibility assessments can be suppressed by
attaching the nanotubes to a substrate material onto which the cells are seeded.
These studies are especially important for the understanding of CNT employed as
coating materials for implants. Due to the unique electronic properties of CNT, the
interaction of neuronal cell with nanotube decorated substrates is of high interest.
Here not only the viability of the cells is examined, but also the formation of
neuronal networks by the growth of neurites and axons. Astrocytes which are
mainly responsible for scar tissue formation around implanted neuronal devices
show an increased adhesion and proliferation on carbon-nanofiber (CNF) sub-
strates with fiber diameters [100 nm [108]. Thus, smaller CNFs bear the potential
as coatings for devices implanted within the brain to suppress adhesion and thus
scar tissue formation. Further chemical functionalization of nanostructured CNF
substrates is possible to increase and stimulate cell proliferation and neuronal
network formation.

Fig. 2.20 Transmission electron micrograph of human epidermal keratinocytes. a Low mag-
nification of a keratinocyte for precise location of the vacuoles containing MWCNT (arrows).
b High magnification of vacuole to demonstrate that MWCNT retain their structure. Reprinted
with from [106], Copyright (2005), with permission from Elsevier
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Similar biocompatibility features can be found for osteoblast cells, whereas
these cells show increased proliferation on CNF-based substrates with fiber
diameters below 100 nm. Good biocompatibility is also confirmed for fibroblast
cells on MWCN decorated substrates [109]. Additionally, these substrates stimu-
late alkaline phosphatase activity and the deposition of extra-cellular calcium
deposition of osteoblast cells. Thus, they bear the potential as thin film attached to
orthopedic devices to promote tissue bonding. However, the interaction of the bulk
material with the nanofiber decoration must be investigated in detail to ensure
strong attachment and suppress possible rupture.

Since in-growth of osteoblasts into implant materials such as hip prostheses
improves the long-term performance of the tissue-implant interaction, three-
dimensional surface structures can account for better cell adhesion in vitro and
in vivo. Three-dimensionally structured MWNT substrates as shown in Fig. 2.21
[110] are examples of surface morphologies composed of MWNT which are
proved to be biocompatible and allow cell adhesion and proliferation in vitro.

Even after the promising in vitro biocompatibility tests of CNT, workers
involved in manufacturing and handling CNT-based materials often show severe
side effects such as skin irritations and lung inflammations. Although patch tests on
volunteers in which filter papers saturated with water suspension of unrefined CNT
were exposed to the skin for 96 h showed no skin irritations [111], nanotube
uptake by human epidermal keratinocytes can induce cytotoxic effects. In vivo
assessments on the effect of SWNT and MWNT by intratracheal instillation on
mouse, rat and guinea pig lungs exhibit severe health risks due to lung
inflammation with indices of apoptosis, lung lesions characterized by interstitial
granulomas and significant evidence of pulmonary toxicity [112–114]. CNT
inhalation is more inflammatory than carbon black but causes less harm than
asbestos fibers [115]. Even though the uptake of single carbon nanotube fibers by
single cells can lead to apoptosis and inflammatory processes, the response of cells
to CNF including substrates, which bind the fibers to suppress migration of the
material out of the substrate into the cells and tissue, is promising and bears the
potential for the application of CNF as biomedical sensors.

2.2.5.2 Titanium Dioxide Nanotubes

Nanotubes made of TiO2 are self-assembled nanostructures which can be achieved
by various techniques such as sol–gel methods, template-assigned methods, metal–
organic physical vapor deposition and seeded growth. The most common and
easiest production technique is anodization of titanium in adequate electrolytes.
Here an electrochemical oxidation reaction of a titanium foil is employed, which
leads to a self-organized alignment of TiO2 nanotubes attached to the substrate
foil. Ultrasonic treatments, heating and drying procedures can be used afterwards
to detach the nanotubes, as well as remove debris from the surface, changing the
nanotube structure and the array morphology from e.g. nanoporous nanotubes into
free-standing nanotube thin films (Fig. 2.22). Environmental conditions during
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Fig. 2.21 Examination by SEM of the different MWCNT-based structures. a Perpendicular
aligned carbon nanotubes. b The latter after a physicochemical treatment forming pyramid-like
structure with basal planes of ca. 3 lm. c Network of crosslinked carbon nanotube walls forming
cavities. Reprinted with permission from [110], Copyright (2004) American chemical society
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anodization like the composition of the electrolyte, as well as oxidation times
determine the nanotube diameter, wall thickness and surface roughness. Currently,
nanotube diameters ranging from a few nanometers up to *500 nm and nano-
meter length of 1 mm are possible.

Since titanium and titania are biocompatible and commonly used for biomed-
ical devices and implants, testing the interaction of TiO2 nanotube thin films with
living matter can offer new perspectives for biomedical applications and minia-
turized devices because surface parameters are easily tunable and adaptable to
various conditions. After the discovery of TiO2 nanotubes in 1999 by Zwillig et al.,
in vitro biocompatibility assessments were already performed by the beginning of
the 20th century. These tests focused on the one hand on the interaction of single
cells with nanotube arrays of different tube diameters, as well as materials
aggregation on the nanotube surface during simulated body fluid tests. Although
the length of the applied nanotube substrates does not influence the outcome of the
tests because the cells are in contact with the open tube ends, thin film arrays with
tube length of a few hundred nanometers are usually used because they are easily
and quickly produced.

In vitro cell tests have been performed with many different cell types and
nanotube morphologies. In comparison to flat titania substrates, cells can adhere to
the nanotube surfaces much better, proliferate and migrate if the right nanotube
diameters are employed. Otherwise these arrays act as passive surfaces that sup-
press cell attachment because nanotube arrays provide nanoscale cues that facil-
itate cellular probing, cell sensing and migration. However, the nanostructure does
not only influence the attachment of cell adhesion molecules to the nanotube
surface, but also physical properties such as surface energy and wetting behavior.
Since hydrophilic surfaces promote cell adhesion, the super-hydrophilicity of TiO2

nanotube arrays [116] improves cell survival and proliferation.
In vitro studies proved 15 nm nanotubes in diameter ideal for cell stimulating

effects of mesenchymal and hematopoietic stem cells, as well as osteoblast and

Fig. 2.22 TiO2 nanotube arrays. a Free-standing nanotubes, b nanoporous nanotubes
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osteoclast cells [117]. In fact, integrin clustering and thus, the formation of focal
adhesion complexes is of the size of 10 nm, which leads to optimal fitting of the
cell to the substrate geometry, whereas larger diameters up to 100 nm can cause
cell fate. However, these nanotube diameters can be used for biomedical devices
with passivated surfaces for which cell adhesion is not desired.

Besides, other studies on the interaction of osteoblast cells with nanotube thin
films proved diameters in the range of 30–100 nm favorable for cellular adhesion.
This contradiction is still a matter of debate and might be attributed to different
production procedures of the substrates, which result in variations of chemical
depositions remaining within the pores after anodization, as well as changes in
surface roughness and surface pretreatments.

Directly correlated with cellular adhesion is the regulation of cell morphology.
The regular nanotube structure leads to a well-organized actin cytoskeleton and the
formation of filopodia that probe the surface and can protrude into the nanopores
[118, 119], which furthermore increases the cell-substrate interaction. In com-
parison to flat titania film, endothelial cells on TiO2 nanotube arrays with diam-
eters from 30 to 100 nm are smaller and more elongated. This polarized shape
promotes migration via the ability to exert larger traction forces to the substrate.
Thus, cells on nanotubes migrate faster compared to cells on flat surfaces, an
important feature e.g. to improve wound healing. Similar observations are made
for osteoblast cells which exhibit weaker adhesion on 100 nm tubes and an
elongated shape in comparison to 30 nm tubes. This cell polarization results in up-
regulation of alkaline phosphatase activity important for bone formation [120].
Besides, vascular smooth muscle cells show a slowed proliferation on nanotube
films compared to endothelial cells. Both cell types exhibit a decreased expression
of molecules involved in inflammation and coagulation with respect to cells grown
on flat TiO2 surfaces [121, 122]. The up- and down-regulation of certain genes is
dependent on surface properties and influenced by nanotube diameters, which can
be used to improve in vivo performance by varying surface morphologies of
prostheses and stents.

Furthermore, improved response of osteoblast cells with TiO2 nanotubes can be
achieved by coating the surface with bone-like apatite. Alternatively, osteoblast
function and stimulation can result in the formation of an apatite layer by protein
expression of the cells themselves. Simulated body fluid tests also corroborate the
ability to build up apatite layers of several microns thickness onto the nanotubes,
while compact TiO2 films do not support apatite formation.

Nevertheless, although the good bioactivity of TiO2 nanotube arrays has
already be proven, in vivo tests are necessary to address possible inflammatory
response and foreign body reaction. First investigations were performed with
nanotubes with diameters of 30 nm, which were implanted into the front skull of
domestic pigs [123]. In comparison to pure untreated titanium surfaces, TiO2

nanotubes enhance osteoblast function and bone formation. However, the bonding
of the nanotube array to the underlying titanium is weak. Future studies must
address this issue to avoid detachment and, thus failure of the material in vivo.
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Interestingly, recent experiments show that TiO2 nanotube arrays feature per-
fect characteristics for long-term organotypic culture of adult neuronal tissue
[116]. Organotypic tissue culture is a perfect alternative to in vivo animal tests;
however, long-term culture of adult tissue is an unsolved problem for many
decades. Superhydrophilic nanostructured TiO2 substrates with tunable surface
morphologies offer ideal conditions for culturing adult retinal explants (Fig. 2.23a)
and adult brain slices (Fig. 2.23b) as recently shown. Even after two weeks, the
neuronal tissue structures are maintained without any signs of degeneration, which
paves the way for in vitro retina and brain tissue regeneration.

2.2.6 Nanoporous Thin Films

Besides nanotube structured materials made of TiO2, other nanostructured thin
films made of metal oxides such as silicon and aluminum oxides bare the potential
for drug delivery systems and microelectronic devices, including filtration and
microdialysis systems and immunoisolation devices. Although these materials are
biocompatible as discussed above, the surface structure in terms of roughness, pore
size and wall thickness play a crucial role in cell adhesion and viability of the
surrounding tissue.

Similar to TiO2 nanotube arrays, nanoporous Al2O3 and SiO2 membranes can
be produced with parallel aligned tubes of nanometer diameter, while porous thin
films with even larger pores up to millimeters are possible. Nanotube arrays of

Fig. 2.23 Confocal laser scanning microscopy image of adult guinea pig retina (a) and adult
murine brain slice (b) after 14 days culture on TiO2 nanotube arrays. The structure of the retina
with the glial Müller cells (red), cell nuclei (blue) and photoreceptors (green) is fully maintained
after culture, as well as the neuronal network of the brain slice from neocortex with
neurofilaments (red) and neuronal cell nuclei (blue)
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these oxides are produced by anodization, and large pores with tortuous mor-
phology by e.g. powder sintering or microfabrication.

Several studies clearly show that many different cell types such as neuronal and
ovary cell lines, as well as primary rat hepatocyte cells adhere and proliferate
better on nanoporous silicon compared to unstructured glass substrates. Good cell
attachment is also reported for pheochromocytoma PC12 and human lens epi-
thelial cells [124]. Surface modification with collagen coating even enhances
adhesion of these cells.

Ultrathin nanoporous silica membranes with 15 nm thickness show very good
biocompatibility as cell culture substrate materials for fibroblasts and primary
vascular endothelial cells. Nevertheless, it must be taken into account that the
membrane degradates under cell culture conditions within one to four days
depending on the thickness of oxide layer on the surface [125]. Further passivation
to slow down dissolution rates offers a wide range of application especially for
drug delivery systems. Compared to polymeric membranes these nanoporous thin
films are 1,000 fold thinner, and thus allow a much better permeability to small
solutes.

The possibility to link nanoporous ultrathin silica membranes to microfluidic
devices has already attracted the application to study neuronal behavior and net-
working. Hybrid systems composed of ultrathin nanoporous silica with alternating
laminin and poly-D-lysine or fibronectin layers show good biocompatibility.
Neurons adhere, proliferate and connect via the formation of dendrites [126]. Since
the mammalian eye is a complex structure composed of many different cell types
such as neurons, glial and epithelial cells, the interaction of the membranes with
eye tissue is an interesting issue. Nanoporous silica thin films implanted under the
rat conjunctiva become embedded by a thin fibrous layer, while hardly any signs of
inflammation or vascularization occur 8 weeks after implantation. Although
degradation of the material occurs, the nanoporous silica membranes are still
detectable under the microscope at that time. Primary corneal epithelial cell grow
and adhere very well on these substrates in vitro as seen in Fig. 2.24. Culturing
primary corneal epithelial cells on nanoporous silica thin films, and subsequently
implanting this hybrid material under the rat conjunctiva was shown as a method
to successfully transport cells into ocular tissue spaces. Since nanoporous silica
films fully dissolve after some time, they can act as carriers to improve therapeutic
treatments [127].

Nanoporous alumina thin films have also already shown to support cell
attachment and proliferation of many different cell types. However, neurotoxicity
of aluminum is still a matter of debate and the application of aluminum films
within the brain must be carefully addressed. In vivo tests with nanoporous alu-
mina thin films implanted in the peritoneal cavity of rats result in inflammatory
response, while this reaction can be minimized by coating the film with poly-
ethylene glycol (PEG) [128]. New approaches employ layer-by-layer nanoporous
thin films of metals or metal oxides in combination with organic materials to adapt
the required features, such as degradation rates, adhesion to the tissue, and of
course biocompatibility. Since investigations and research on these thin films are
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new and have just started the last couple of years, many new miniaturized medical
devices are possible and will be tested in the future.

2.3 Conclusion and Future Perspective

For more than a century bulk metals have been employed for biomedical purposes,
while bioglasses and bioceramics were first introduced in the 50th. Nevertheless,
the application of thin films in medicine, such as orthopedics, dentistry and sur-
gery, was established only a few decades ago because of improved production and
characterization techniques, as well as further need due to scientific progress. Thin
films and coatings offer the possibility to combine favorable mechanical properties
of a bulk material with improved biocompatibility and bioactivity of the coating
material to enhance tissue response and cell adhesion together with suppressed
inflammatory processes and allergies. However, even nowadays it is still impos-
sible to implant materials with bioactive coatings, especially joint replacement
materials that last a life time, thus longer than the current time spans of about
15 years due to bone shrinkage and loosening of the prosthesis or even implant
destruction from corrosion.

In 2009 327,000 total hip and 676,000 total knee replacements were performed
only in the USA, and it is assumed that the number of total joint replacements will
double within the next few years. Thus, new products which are well tolerated by
the human body together with osseointegrative properties offer a great market
potential to satisfy the demand of medical devices. Besides corrosion resistance
and bioactivity, thin films and coatings on hip and knee prostheses must fulfill the
following prerequisites: (1) They must be attached very well to the underlying bulk
materials, and (2) they must be wear resistant that debris does not occur during
walking. Especially thin film attachment is often still difficult to obtain, and is e.g.
one reason why TiO2 nanotubes have not been used as thin films atop titanium
implants to promote cell adhesion and osseointegration.

An alternative is the application of currently employed materials in combina-
tion with new functionalization, e.g. mechanical deformation of the device to

Fig. 2.24 Immunocytochemistry on human ocular cells grown out from human corneal rim
explants at 2 weeks cultured on nanoporous silicon membranes. Fluorescence micrograph of cells
stained for cytokeratins 3/12 (a) and the nuclei with Hoechst 33342 (b). (c) Shows the merged
image. Scale bar 100 lm. Reprinted from [127], Copyright (2009), with permission from
Elsevier
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stimulate cell growth and adhesion. Ferritic stainless steel fibers sintered together
to a fibrous network attached to an underlying metal prosthesis is currently under
investigation for its biocompatibility [129]. The orientation of the fibers changes
under an external magnetic field, which causes mechanical stress acting onto the
bone tissue at the interface. This stress promotes bone cell proliferation and bone
ingrowth into the fiber network for improved and strong bonding to the implant.

Mechanical stimulation of new bone formation by thermal and ferromagnetic
shape memory thin films attached to the surface of joint prostheses are future
applications with great potential because the thermal shape memory alloy Ni-Ti
and the magnetic shape memory alloy Fe-Pd show good biocompatibility features
together with cell actuation effects. However, especially coating of thin film shape
memory alloys are challenging to realize when the shape-changing properties
should be maintained. The shape memory effect must not be hindered by the
substrate material, while detachment during shape changes must not occur.

Free-standing shape memory thin films employed for cardiac catheterizations
offer a potential of several million US-$ sales volume with more than 1.1 million
applications per year in the USA. New approaches for good attachment to the
blood vessel together with reduced platelet formation come from the investigation
of soft materials coated onto the stent material. For example, polymers and pro-
teins, such as fibronectin-containing polymers that include the RGD binding motif
from the extracellular matrix, might offer new perspectives to promote cellular
attachment to the blood vessel, while polymers with surface passivation properties
suppress adsorption of particles within the blood and reduce the risk of thrombosis.

Great potential of miniaturized medical devices lies in the development of brain
electrodes for neuronal stimulation. The number of patients with Parkinson disease
in the USA is estimated between 500,000 and one million and at least 50,000 new
diagnoses each year. While many new drugs to reduce symptoms are under
investigation, the application of microelectronic devices implanted into the brain
already show the future potential of electro-stimulation treatment. Difficulties lie in
the biocompatibility and the interaction of the neuronal tissue with the electrode
material. On the one hand good adhesion of the device is important for current
transfer; on the other hand mainly glial cells surround the electrode and adhere to it,
which often results in glial scars of the damaged tissue after implantation. Fibrous
scaffold substrates are shown to enhance neurite formation and axon regrowth,
which might be a good alternative to conventional electrodes. Nevertheless, the
electronic properties of the fibrous electrodes must be well addressed, as well as the
electronic coupling to the neuronal tissue. Additionally, recent studies obtained that
neuronal cells perform invers durotaxis, thus they prefer soft substrate materials to
migrate and adhere to. New hybrid electrodes with soft, but conductible coatings
that promote neuronal cell adhesion instead of glial cell attachment might improve
the performance and the life time of the device in the brain.

Hybrid materials made of many different materials with a biocompatible
coating also offer new perspectives for regenerative medicine. Pure fixation of
bone after fracture is not the overall goal anymore. New approaches use resorbable
materials to promote new tissue formation, while the inert part of the device
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enhances mechanical stability. Further possibility is the combination of stem cells
attached to a bioactive coating of a medical device. Stem cells can enhance the
regenerative mechanisms of the body and improve the long-term prognosis of the
medical device. Stem cell differentiation can be promoted by variations of sub-
strate surface structures: Culturing these cells on nanostructured substrates such as
TiO2 nanotubes guides differentiation towards certain cell properties, which are
triggered by the substrate itself.

Surface structured resorbable thin films offer the possibility for the application
as drug carriers together with the advantage of tuning stem cell differentiation by
the underlying surface topography. The films dissolve after implantation and the
stem cells support the regenerative mechanisms of the human body. Moreover,
combinations of mechanically and chemically modified substrates that promote
single cell motility and adhesion, durotaxis (cell guidance by substrate stiffness)
and chemotaxis (cell guidance by chemical gradients), offer future perspectives in
nerve regeneration and the stimulation of anti-inflammatory responses.

At the end of this chapter it should be mentioned that biocompatibility of thin
films is not only essential for application of medical devices implanted within the
human body, but also offers great potential for reduction of animal experiments
and tests. Tissue engineering has developed approaches on the basis of thin films
and hybrid materials to mimic physiological conditions close to the in vivo
environment. Bioreactors for example, which represent physiologic flow features
are employed to study the cardiac cycle and heart valve function. Recently,
nanostructured TiO2 thin films have been shown to represent perfect surface
characteristics to culture adult neuronal tissue for at least two weeks—much longer
than previously attained times before tissue distortion occurred [116]. Organotypic
cultures of adult tissue display a good test system to study the effect of drugs
in vitro, as well as tissue regeneration properties, while here tests with living
animals can be reduced in the preclinical phase. Thus, varying and tuning the
surface structures of already employed thin films made of metals, alloys and
ceramics offer a wider range of future applications with the advantage that the
biocompatibility of these materials are already known and new, time and cost
expensive tests can be cut down.
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Chapter 3
Modern Porous Coatings in Orthopaedic
Applications

Rachel M. Frank, David Fabi and Brett R. Levine

Abstract The development of porous metals and coatings for orthopaedic
applications has revolutionized the medical field. The ability to bond metallic
implants to bone has spawned the advancements in total joint arthroplasty we have
experienced over the last 4 decades. Early success was obtained as factors (pore
size, coefficient of friction, modulus of elasticity) necessary for osseointegration
were just being discovered. Despite good results, initial implant designs were
fabricated utilizing traditional coatings (i.e. sintered beads, fiber metal, plasma
spray), which have several inherent limitations, including relatively high moduli of
elasticity, low coefficient of frictions and intermediate porosity. In order to
improve upon these limitations and capitalize on modern techniques for implant
fabrication several new porous metals have been recently introduced in ortho-
paedics. Tritanium (Stryker, Mahwah, NJ), Regenerex (Biomet, Warsaw, IN),
StikTite (Smith and Nephew, Memphis, TN), Gription (Depuy, Warsaw, IN),
Biofoam (Wright Medical, Arlington, TX), and Trabecular Metal (Zimmer,
Warsaw, IN) are currently available for orthopaedic surgery applications. These
materials have moved us into the era metallic foams that possess a characteristic
appearance similar to cancellous bone. The open-cell internal structure of these
metals afford several interesting biomaterial properties, including; high volumetric
porosity (60–80 %), low modulus of elasticity and high surface frictional char-
acteristics. The following chapter reviews the mode of fabrication, properties and
applications in orthopaedic surgery for this new class of highly porous metals.
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3.1 Introduction

The development of porous metals and coatings for orthopaedic applications has
revolutionized the medical field. The ability to bond metallic implants to bone has
spawned the advancements in total joint arthroplasty we have experienced over the
last several decades. Early success was obtained as factors necessary for adequate
osseointegration, such as pore size, coefficient of friction, and modulus of elasticity,
were discovered. Despite initial encouraging results, early implant designs were
fabricated utilizing traditional coatings such as sintered beads, fiber metal mesh,
and titanium plasma spray, all of which have several inherent limitations including
relatively high moduli of elasticity, low coefficient of friction, and intermediate
porosity. In order to improve upon these limitations and capitalize on contemporary
implant fabrication techniques, several new porous metals available for use as
orthopaedic implants have been recently introduced. Such products, including
Tritanium (Stryker, Mahwah, NJ), Regenerex (Biomet, Warsaw, IN), StikTite
(Smith and Nephew, Memphis, TN), Gription (Depuy, Warsaw, IN), Biofoam
(Wright Medical, Arlington, TX), and Trabecular Metal (Zimmer, Warsaw, IN) are
currently available for orthopaedic surgery applications, including implants in the
hip [1–29], knee [30–47], spine [48–66], and shoulder [67].

The advent of these coatings emanated from the concerns regarding late
loosening of cemented implants, particularly total hip replacement components.
These coatings paved the way for orthopaedic implants to enter the era of metallic
foams that possess a characteristic appearance similar to cancellous bone, allowing
for rapid and enhanced biologic fixation as opposed to cemented implants and
traditional coatings. Unlike cemented implants, biologic fixation is achieved with
these coatings as bone grows into the porous structure, which in turn, may increase
the long-term survival. Specifically, the open-cell internal structure and nano-
texture of these metals affords several favorable biomaterial properties, including
high volumetric porosity (60–80 %), low modulus of elasticity, high surface
frictional characteristics and possibly greater resistance to bacterial adhesion. The
following chapter reviews the mode of fabrication, properties, and applications in
orthopaedic surgery for this new class of highly porous metals.

3.2 Brief History of Porous Orthopaedic Implants

The concept of bone ingrowth fixation has been around since the early 1900s.
Application of porous-coated implants as a vehicle for bone ingrowth was intro-
duced in the 1940s, with applications in total hip arthroplasty described in the
1980s. The move toward the creation and advancement of porous-coated implants
stemmed from the clinical desire to address the limitations associated with
cemented implants, with a goal of improving implant survivorship and improved
fixation.
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In the 1960s, Cerosium, a porous calcium aluminate ceramic impregnated with
an epoxy resin, was introduced and was considered to be the first porous material
mechanically strong enough to be considered in orthopaedic load-bearing appli-
cations [68]. While Cerosium carried a stiffness closer to that of bone, its sub-
optimal pore size did not promote bone ingrowth, and ultimately this material was
not utilized clinically. Nevertheless, its discovery did lead to further advancements
in the field throughout the early 1960s and 1970s. At that time, it became clear to
researchers that both pore size as well as material strength were key in promoting
bone ingrowth. In 1969, Lueck et al. [69] reported the development and insertion
of a porous, commercially pure titanium fiber-metal mesh composite material
(Fig. 3.1), the basis for several implants still in clinical use today [70–72]. This
titanium fiber-metal composite material demonstrated improved biomaterial
properties, including sufficient strength, a relatively high level of porosity (in the
range of 40–50 %), and a large range of elastic strain [69]. During this same time
period, other researchers developed and advanced the technology of porous cobalt-
chromium (CoCr) surfaces for use as coatings in orthopaedic implants, many of
which form the basis for use in today’s orthopaedic industry [68, 73–86].

Other materials, including porous stainless steel as an implant in bone [18] as
well as porous polymers as prosthetic coatings [87–89] were investigated as
potential materials for improved bone ingrowth, however certain shortcomings
prohibited their widespread clinical applications. While stainless steel porous
coatings provided rigid fixation and pore sizes adequate for osseous integration,
the material was found to undergo excessive in vivo corrosion. Similarly, several
porous polymers, including porous polysulfone, porous polyethylene and Proplast
(a Teflon/graphite fiber material composite) were found to have inadequate
strength, unacceptable wear, and high failure rates [87–89].

Overall, porous coatings have found widespread success and utilization in the
field of joint replacement, particularly in cementless total hip arthroplasty (THA)
and total knee arthroplasty (TKA). Long-term biologic fixation has consistently

Fig. 3.1 Cross-section of a
composite stem with fiber
metal mesh pads coating the
outer surface. (Courtesy of
Zimmer, Warsaw, IN)
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been achieved via porous coated implants, and thus has been thought to address the
concerns regarding the longevity of cemented orthopaedic implants. Moreover,
these technologies have been expanded for use in revision THA/TKA components,
total shoulder replacement components, and spine implants. Despite good clinical
results, traditional porous coatings possess a number of shortcomings. This has
spurned the development of a new generation of porous materials to address these
limitations while expanding clinical applications and indications.

3.3 The Ideal Porous Metal

The ideal porous metal/coating would have an open-cell structure, high porosity,
and microstructure resembling that of cancellous bone (spongy bone). Addition-
ally, an ideal porous coating would possess a low modulus of elasticity and high
frictional characteristics (surface coefficient of friction close to 1). By resembling
the native material characteristics of bone, the ideal implant would be more bio-
logically compatible and result in earlier and increased volumes of bone ingrowth.
Further, the ideal porous metal would be able to stand alone as an independent
structure, rather than solely as a porous coating. Finally, manufacturing costs of
such a material would need to be reasonable and implantation relatively simple,
precise and reproducible. Currently, no perfect coating/material exists that satisfies
all these criteria, and further long-term studies analyzing the safety and efficacy of
existing implants are needed.

3.4 Traditional Porous Metals

First generation (conventional) porous metals consist of cobalt-chrome (CoCr)
alloy sintered beads, diffusion-bonded fiber-metal mesh, cancellous structured
titanium, and titanium plasma spray. These traditional materials generally have a
relatively low porosity in the range of 30–50 %, a high modulus of elasticity (all
assume the modulus of their bonded substrate metal), and low surface-friction
characteristics (Table 3.1) [90]. A wide variety of implantable devices have been
made with these conventional metals, each with successful long-term results as
described below. However, despite a proven history for porous coating applica-
tions, these traditional porous metals are not suitable to be used as bulk structural
materials for implants, bone augmentation, or as a bone graft substitute [90].

3.4.1 Cobalt-Chrome (CoCr) Alloy Sintered Beads

Porous coating with Cobalt-Chrome (CoCr) alloy sintered beads was an attractive
early first generation porous metal due to its biomaterial properties of inertness,
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biocompatibility, and mechanical durability [86]. Currently, the fabrication pro-
cess of CoCr beads begins with the production of spherical CoCr metal powders
via gas atomization. These beads are then sintered to the implant substrate or
surface. This part of the process is somewhat imprecise, and can produce coatings
of variable thickness, even within the same production. Thus, fully coated CoCr
beaded femoral stems produced with this technology, when measured with a hole
gauge, have been found to be 1/3 smaller than, 1/3 equal to, and 1/3 larger than the
desired size. This porous surface’s mechanical properties include an average pore
size of 100–400 microns, a modulus of elasticity of 210 GPa, a 30–50 % porosity,
and a coefficient of friction of 0.53.

Applications for CoCr beaded porous coatings primarily include THA com-
ponents (acetabular and femoral implants), TKA components, and total disc
replacement prostheses in spine surgery. Results reported in the literature
regarding clinical use of CoCr beaded acetabular components have been variable,
with revision rates ranging from 4 % [91] (average follow-up 8.5 years) to 11 %
(average follow-up 2–10 years), with variable rates of aseptic loosening. Never-
theless, these rates improve upon the 42 % incidence of aseptic loosening seen in
cemented acetabular components at similar follow-up interval of 12 years [92].
Despite good clinical results the transfer of forces to the acetabulum often leads to
stress shielding that is apparent at the time of revision surgery.

CoCr beaded femoral stem components have garnered superior clinical success
with regard to survival and fixation when compared with the acetabular implants.
In a report of 100 consecutive CoCr beaded porous stems (Prodigy stem, Depuy,
Warsaw, IN), 82 hips were available for follow-up at an average 11.4 years post
implantation, and at this time all stems demonstrated bone ingrowth without a
single stem requiring revision surgery [93]. Other reports have described survival
rates of up to 95 % following implantation of CoCr beaded stems at 11.4 years
[94] and up to 17 years post-operatively [95]. Despite concerns for proximal stress
shielding and thigh pain around stiff femoral stems (modulus mismatch), this
design has been quite successful at long-term follow-up. Further long-term study is
needed to assess the degree of bony ingrowth following implantation of CoCr
beaded implants, as the reported low rates of ingrowth (or fibrous ingrowth) may
prove detrimental to long-term clinical results [96–98].

3.4.2 Fiber Metal Mesh

As previously mentioned, Lueck et al. originally described the manufacturing and
implantation of a porous commercially pure titanium fiber-metal mesh composite
material that is still being used in contemporary TKA and THA procedures
[69–71, 99–101]. This porous aggregate is fabricated by molding and sintering
short titanium metal fibers; porosity is controlled by either the initial molding
pressure or by successive repressing after the sintering treatment [71]. The pressed
products are then heat-treated in a vacuum annealing furnace and finally molded
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over a solid core structure [71]. Fiber-metal mesh possesses an average pore size
of 100–400 microns, a modulus of elasticity in the range of 106–115 GPa (based
upon bound substrate), a porosity on the level of 40–50 %, and a coefficient of
friction of 0.63.

Fiber metal coatings (Fig. 3.2) are available for THA components (femoral
stem and acetabular cup implants) and TKA components with encouraging clinical
outcomes. Recently, Klein et al. [102] reported a 100 % bone osseous integration
rate following THA with a collarless, tapered, fiber metal proximally coated
femoral stem (Fiber metal taperTM, Zimmer, Warsaw, IN) at an average 6.7 years
post-operatively. Similarly, Lachiewicz et al. [103] reported an implant survival
rate of 100 % at an average 10.5 years following THA with a second-generation
fiber-metal proximally coated femoral stem. In long-term follow-up studies of the
Harris-Galante femoral stem, Anseth et al. [104] reported an overall 87.7 % sur-
vival rate at 17 years post-operatively, which also included the revision of failed
acetabular components as well. Finally, Hamilton et al. [105] revealed an 89.3 %
survivorship at an average 15 years post-implantation in a study of 83 first-
generation Harris-Galante acetabular cups.

In addition to primary total joint replacement surgery, fiber metal coatings have
been used reliably in revision THA procedures. Della Valle et al. [106] reported on
138 acetabular revisions with a fiber metal mesh acetabular component at a mean
follow-up of 15 years and found an overall survivorship of 81 % at 15 years with

Fig. 3.2 Fully coated
femoral stem with titanium
fiber metal mesh coating
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revision for any reason as an endpoint. Of note, this survivorship rate increased to
96 % when loosening or radiographic evidence of loosening was considered as an
endpoint. Similarly, other authors have reported 84–95 % survival rates at an
average 12 years post-operatively following acetabular revisions utilizing a fiber
metal acetabular component [107, 108]. Similar to CoCr implants, the degree of
bony ingrowth in fiber metal mesh composite materials requires further study,
though some retrieval study data has demonstrated average ingrowth of rates of
12 % [109].

Disadvantages of fiber metal mesh composite materials include its reported
fragmentation at up to 11–15 years post operatively [110], possibly leading to
long-term cup failure via gross loosening and its inability to be employed as an
independent structure. Increased porosity and decreased modulus of elasticity may
prove to be potential areas for improvement in the amount of biologic bony
fixation provided by newer designs of fiber metal mesh composite materials.

3.4.3 Cancellous Structured Titanium

Another well-studied traditional porous metal is cancellous structured titanium
(CSTi). The production of this metal coating involves the sintering of commer-
cially pure titanium powder onto a titanium or CoCr alloy substrate at a high
temperature and pressure. Overall, CTSi contains biomaterial properties similar to
human cancellous bone with interconnecting pores that allow for bone ingrowth,
thereby providing excellent strength and fatigue characteristics. CTSi possesses an
average pore size of 520 microns, a modulus of elasticity of 106–115 GPa (also
assumes that of its titanium-bound substrate), and a porosity of 50–60 %.

CSTi has been used extensively as a coating in orthopaedic implants, primarily
in the field of THA and TKA with demonstrated success in long-term clinical
outcomes studies. For example, Udomkiat et al. [111] reported the outcomes of
110 primary THA cases utilizing CSTi porous-coated acetabular cups at an
average follow-up of 10.2 years. The authors found the 12 year survival rate of the
acetabular shell was 99.1 % and 98 % in patients rated their outcomes as good to
excellent, respectively. Similarly, Hoffman et al. [112] reported on the outcomes of
100 primary THA cases utilizing Natural-hip stems (Zimmer, Warsaw, IN) with
proximal CSTi porous coatings. The authors in this series found no femoral
component subsidence, loosening, or revision procedures. Despite these encour-
aging outcomes, other authors have reported early implant subsidence (i.e., within
the first two months post-operatively) [113].

With regard to TKA implants, CSTi porous coated implants have been shown to
have encouraging long-term clinical outcomes. Recently, Hoffman et al. [114]
reported on 176 knees following TKA with the Natural-Knee CSTi porous-coated
total knee implant (Zimmer, Warsaw, IN) at an average follow-up of 12 years.
With bony attachment as the outcome, survivorship of these implants was found to
be 95.1 %. Of note, in these components, the substrate consisted of a cobalt-
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chrome alloy, as opposed to the traditional substrate of titanium for which CSTi
was originally developed.

Similar to the other first generation porous metal coatings, further retrieval and/
or postmortem analyses are necessary to determine the extent of bony ingrowth
within CSTi coated implants [115, 116]. Overall, the literature seems to demon-
strate promising clinical outcomes following THA/TKA with CTSi porous coated
implants. While the biomaterial properties of CTSi are similar to cancellous bone
and are thus favorable with regard to biologic fixation, concerns regarding com-
ponent migration remain, as well as othis material’s inability to be used as a stand-
alone structure.

3.4.4 Porous Plasma Spray

Plasma spray is another type of porous coating originally fabricated in the 1960s
and 1970s, and currently in clinical use today [117]. Currently, this type of porous
coating is manufactured by plasma-flame spraying of commercially pure titanium
constructs. Plasma-flame spray coating is produced via subjecting particles of
commercially pure titanium to high temperature plasma and casting them in a
molten state onto their respective surface. This results in a roughened, irregular
surface of interconnecting particles and porosities, which are then bonded to the
underlying metal substrate via a vacuum sintering process [118]. This manufac-
turing process permits the titanium alloy to maintain 90 % of its fatigue strength,
compared to less than 50 % for sintered or diffusion-bonded materials [119]. Such
strength becomes clinically relevant out of trepidation for delamination and deb-
onding of other traditional porous materials.

Porous plasma spray titanium coatings for THA (Fig. 3.3) have proven to be a
safe and predictable material as demonstrated in long-term follow-up studies. For
example, Lombardi et al. [120] retrospectively reported on the outcomes of 1,866
patients (out of a total cohort of 2,000 patients) who underwent THA with titanium
plasma spray femoral components. The authors noted survival of the implant, with

Fig. 3.3 Porous titanium
plasma spray coating on an
explanted acetabular
component. Notice areas of
bone ongrowth at the
periphery of the cup
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any stem revision as the endpoint, to be 98.6 % at 5 years, 98.4 % at 10 years,
97.1 % at 15 years, and 95.5 % at 20 years utilizing the Kaplan–Meier method.
Further, some authors have shown that porous plasma spray coated THA implants
(Mallory-Head) perform better than sintered bead cementless THA implants
(PCA) as well as cemented THA components [119]. The latest generation of flat-
taper wedge (so-called ‘‘broach only’’) femoral components are typically coated
with a porous plasma spray for most if not all implant companies.

3.4.5 Summary of Traditional Porous Metals

Several rigorous investigations have been conducted in an attempt to determine the
best porous coating amongst all the traditional coating options. Overall, the data
has shown that bone ingrowth behavior is similar for all conventional porous
materials and that intimate bony contact is required to achieve long-term biologic
fixation. Despite the early clinical success of conventional porous metal coatings,
there remain multiple areas for improvement, including increasing porosity, which
would ultimately increase the maximum interfacial strength that can form via bone
ingrowth [90]. Further, these types of traditional materials do not possess the
material characteristics that would allow their use as bulk structural material for
bone implantation or as a bone graft substitute [90]. Historically these materials
have required close and complete contact with the host bone to assure osseoin-
tegration; however, in the revision setting this is not always possible. This has
spawned the advent of a new generation of porous materials with goal of opti-
mizing success in the face of limited host bone implant contact. Additionally, due
to limited bone bank supplies and cost there remains a demand for various forms
of bone graft substitutes.

3.5 New Porous Metals

Due to the inherent limitations of traditional porous metals as described above,
numerous open-cell structured metals have been developed in an attempt to
improve bone ingrowth while maintaining mechanical strength. The creation of an
open-cell structured metal involves the manufacturing of a reticulated skeleton
composed of vitreous carbon, polyurethane foam, or other organic substrates with
subsequent deposition of titanium or tantalum (highly biocompatible, self-pas-
sivating and inert transition metals) onto the surface. A key advantage is that the
skeleton scaffolds can be fashioned into nearly limitless sizes and shapes for
utilization in a vast assortment of orthopaedic applications. Overall, these types of
porous coatings possess characteristics resembling that of cancellous bone with
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high surface coefficients of friction, improved porosity levels, and relatively low
moduli of elasticity. The precise generation of such coatings also affords a com-
plex nanostructure that contributes to the material properties and possible resis-
tance to bacterial adhesion. Given these properties, metallic foams would ideally
serve as a porous surface coating and possible bone graft substitute with the
potential to create a long-lasting metallic-osseous bond with substantial levels of
bone ingrowth.

3.6 Titanium-Based Metallic Foams

3.6.1 Regenerex (Biomet, Warsaw, IN)

Biomet (Warsaw, IN) has developed a highly porous, low modulus titanium metal
construct referred to as Regenerex. Their coating and stand alone metallic foam was
first applied clinically in early 2007. This highly porous metal is manufactured via
coating of an organic binding agent scaffold with a titanium alloy. Of note, this is
the same titanium alloy as used in Biomet’s porous plasma spray technology, which
has maintained a long successful history in joint replacement surgery. A unique
feature of Regenerex when compared to traditional porous metals is that not only
can this titanium metal construct be utilized as a coating, but it can also be utilized
as an independent implant [44, 121]. Regenerex possesses favorable characteristics
that demonstrate a high compressive strength coupled with flexibility, allowing for
improved biologic fixation. The metallic foam has an overall porosity of 67 % with
pore sizes ranging from 100 to 600 microns (average of 300 microns) and a
modulus of elasticity of 1.6 GPa [44]. The surface roughness is on average
2485.6 Ra, which is much coarser than that of conventional porous materials. When
utilized as a coating, Regenerex maintains a 3496.32 psi adhesion strength (well
above the ASTM standard guidelines) to the underlying titanium skeleton (com-
pany website unpublished data).

Currently, Regenerex implants are available in THA, TKA, and total shoulder
arthroplasty (TSA) surgery (Fig. 3.4). Further, Regenerex acetabular augments can
serve as structural, stand-alone bone graft substitutes in revision THA due to the
material’s highly porous open-cell makeup, mechanical strength, and low modulus
of elasticity. Similar options are available for revision knee surgery, with porous
tibial and femoral cones that are utilized to fill cavitary and segmental bony
defects. While exciting in theory, the main clinical limitation of Regenerex based
implants is the paucity of peer-reviewed clinical data available regarding short,
medium, and long-term clinical outcomes following implantation. The majority of
data comes from internal files at Biomet, and thus it is difficult to determine the
implant’s success given inherent biases in data reporting.

3 Modern Porous Coatings in Orthopaedic Applications 79



3.6.2 Biofoam (Wright Medical, Arlington, TN)

Biofoam is another metallic foam that was introduced clinically in 2007 by Wright
Medical (Arlington, TN). This metal is a titanium-based, metallic foam with an
open-cell structure, available in both bulk form as well as a bonded surface
coating. The average pore cell size of Biofoam is 530 lm and its porosity in the
range of 60–70 %. Per the manufacturer’s description, this level of porosity creates
an osteoconductive matrix ideal for rapid bony ingrowth. The compressive

Fig. 3.4 Top Row Close-up picture of Regenerex and high-power photomicrograph of the
titanium metallic foam. Bottom Row Revision cones (serve as bone graft substitute) for total knee
arthroplasty surgery and primary cementless tibial and femoral components. (Courtesy of Biomet,
Warsaw, IN)

80 R. M. Frank et al.



strength lies between that of cortical and cancellous bone (86 MPa), allowing for
flexibility and strength with dynamic loading. It possesses a high coefficient of
friction allowing for stabilization and decreased micromotion at the bone-implant
interface, as well as a low modulus of elasticity of 2.7 GPa, close to that of
cancellous bone.

In vivo animal studies have been performed using this titanium foam to
determine shear strength and time to bone ingrowth. In one study, cylindrical
implants were inserted into canine femoral diaphyses and were compared to
implants fabricated from sintered titanium beads. At 12 weeks, the mean shear
strength was higher for Biofoam compared to beaded implants (not statistically
significant), as was the average percentage of bone ingrowth (statistically signif-
icant). In another similar study, Biofoam was compared to conventional metal
beaded surfaces with regard to shear strength, bone ingrowth, bone apposition, and
bone attachment mode of failure in metaphyseal bone were evaluated. Failure was
seen in the surrounding bone with Biofoam implants as opposed to failure at the
bone implant interface in sintered beaded controls, implying that the bone-implant
interface strength of Biofoam implants was greater than the strength of the sur-
rounding bone. It should be noted that all of this data has been collected and
presented from within Wright Medical, and is not currently available as part of the
peer reviewed literature.

Biofoam is primarily available as a wedge system used for correcting bony
deformities and re-aligning osteotomy procedures, and was previously available as
part of a fixation surface for tibial baseplates in TKA and acetabular cups in THA
(Fig. 3.5). Similar to many of the newer open-cell porous materials, there is no
current peer-reviewed literature available on the clinical outcomes of Biofoam,
and as such, caution must be used in interpreting its success.

Fig. 3.5 Titanium foam coated tibial baseplate and acetabular components currently available
for clinical use
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3.6.3 Tritanium (Stryker, Mahwah, NJ)

Tritanium is an open-cell, highly porous, three-dimensional coating/material
manufactured by Stryker (Mahwah, NJ) and is currently used in clinical ortho-
paedic practice. This metallic foam is a biologically-inspired reticulated porous
titanium coating, manufactured from a commercially pure titanium matrix. Pro-
cessing of this material begins with a machined polyurethane foam shell, which is
then coated with commercially pure titanium using a Low Temperature Arc Vapor
Deposition (LTAVD). Of note, the coating thickness is variable, which can alter
stiffness and pore size, both of which can ultimately alter clinical performance.
The LTAVD coated foam shell undergoes a forging process to a Ti-6Al-4 V alloy
shell, after which a final sintering is performed with the addition of anatomically
positioned screw holes.

With regard to its biomaterial properties, Tritanium maintains porosity of 72 %,
an average pore size of 546 microns, and a high coefficient of friction of 1.01. In a
canine model comparing Tritanium to conventional CoCr beaded surfaces, Tri-
tanium had higher bone penetration and greater tensile strength than the beaded
surfaces. Further, nearly all titanium foam channels were inhabited with new bone
permeating throughout the porous surface’s interstices as demonstrated via
microscopic evaluation [24]. Other similar animal studies (both rabbit and canine
models) have further demonstrated the bone ingrowth potential of Tritanium
acetabular cups [24].

Currently, Tritanium is available in the form of coating for THA acetabular
components (Fig. 3.6). In addition, Tritanium was recently introduced as available
as stand-alone augments for revision THA. Unlike the previously mentioned open-
cell porous materials, limited peer-reviewed literature describing clinical outcomes
following Tritanium coated implants is available. In a recent prospective study,
Ramappa et al. [9] analyzed 43 acetabular revisions using Tritanium coated ace-
tabular components and revealed 96 % osseointegration at 6 weeks post-

Fig. 3.6 High-power photomicrograph of Tritanium metallic coating and its application to a
primary total hip acetabular component. (Courtesy of Stryker, Mahwah, NJ)
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operatively. In this cohort, one acetabular cup failed via aseptic loosening and
protrusion medially in a patient with a pelvic discontinuity (extensive bone loss).
While promising with regard to its biomaterial properties, Tritanium is currently
limited by its lack of peer-reviewed outcomes data. Further research and devel-
opment is clearly warranted to determine possible future applications of this
promising material.

3.6.4 Gription (Depuy, Warsaw, IN)

Gription is a recently released, ultra-porous, super-textured, commercially pure
titanium coating material currently used in multiple areas of orthopaedic surgery
including THA and TKA. Released by Depuy (Warsaw, IN) as an improvement on
the already successful PorocoatTM porous coating, Gription fabrication is thought to
involve attaching titanium shards to the underlying Porocoat surface in an attempt
to roughen the surface, increase the coefficient of friction, and ultimately increase
bone-implant stability under high loads. The coating itself is composed of super-
textured asperity topography (STAT), which combines macro and micro-texture
topographies in an effort to create an environment prime for bone ingrowth and

Fig. 3.7 High power photographs of Gription coating—note the intricate nanotexture of the
metallic struts. Current applications include acetabular components and augments, pictured here.
(Courtesy of Depuy, Warsaw, IN)
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proliferation. The biomaterial properties of Gription improve upon conventional
coatings with a 63 % porosity, average pore size of 300 microns, and coefficient of
friction of 1.2, which is currently the highest of all contemporary open-cell struc-
tured metallic coatings. These properties have the potential to improve initial fix-
ation (improves stability), long-term fixation (improves bone ingrowth), and
mechanical integrity (improves biomechanical strength).

Currently, Gription is used as the surface coating material in the Pinnacle
acetabular cup system, in the Trilock femoral stem implant, as well as in revision
TKA metaphyseal sleeves. Further, Gription titanium foam augments, buttresses,
and shims are now available for revision THA (Fig. 3.7) in patients with severe
acetabular bone loss as part of the Pinnacle revision system for THA (Depuy,
Warsaw, IN). Similarly, Gription titanium foam cones are available as both
femoral and tibial augments in patients with severe bone loss in the setting of
revision TKA. Due to its relatively recent launch, there is no peer-reviewed lit-
erature available regarding the clinical outcomes associated with implants coated
with Gription. Nevertheless, early success with acetabular components for primary
and revision THA led to the expansion of this coating to femoral stems and
primary and revision TKA as well as the creation of stand-alone Gription titanium
foam implants.

3.6.5 StikTite (Smith and Nephew, Memphis, TN)

StikTite (Smith and Nephew, Memphis, TN) is an open-cell, highly porous
metallic coating used in orthopaedic implants. StikTite is comprised of a sintered
asymmetrical three-dimensional titanium powder coating, designed to improve the
scratch-fit feel encountered during insertion of the implant. The biomaterial
properties of StikTite include a porosity of 60 % with an average pore size of 200
microns and a coefficient of friction between approximately 0.9 (cortical bone) and
1.4 (cancellous bone). Unpublished data reports excellent biomaterial properties
with StikTite as compared to trabecular metal, in regards to coefficient of friction
and initial fixation strength.

Clinically, StikTite is only available as an acetabular coating on the relatively
new R3 shell, with new applications currently under development. While there is
relatively little clinical data available on the clinical perfomance of StikTite, a
recent study by Bourne et al. [122] analyzed the R3 acetabular cup in a pro-
spective study using radiostereometric analysis (RSA). The authors found less
micromotion in the R3 cup coated with StikTite compared to a sintered bead
porous coating (Roughcoat); further, the authors reported a higher coefficient of
friction in the StikTite coated R3 cup than in the specimens coated with trabecular
metal.

84 R. M. Frank et al.



3.7 Tantalum-Based

3.7.1 Trabecular Metal (Zimmer, Warsaw, IN)

Trabecular metal is an open-cell, highly-porous construct manufactured by Zim-
mer (Warsaw, IN). It is made from tantalum, a transition metal, which is relatively
inert in vivo, as evidenced by its long-term use in various medical devices
including pacemaker electrodes, foil and mesh for nerve repair, and cranioplasty
plates [21, 45, 57]. Porous tantalum is created via the pyrolysis of a thermosetting
polymer foam precursor that creates a low-density, reticulated, vitreous carbon
skeleton [90]. The reticulated polymer foam precursor naturally forms a repeating
dodechaedron structural array of regular pores. Commercially pure tantalum is
then deposited on this interconnected carbon scaffold using a complex process of
chemical vapor deposition and infiltration. This process involves heating the
tantalum to a gaseous state and then depositing it evenly on the struts as a solid
material. Together, this process creates a highly-porous coating with a configu-
ration similar to cancellous bone (Fig. 3.8).

Typically, strut coating ranges from 40 to 60 microns, however the thickness
can be changed to alter pore size and mechanical properties of the metallic foam.
Trabecular metal possesses mechanical properties of low stiffness, increased
porosity, and a high coefficient of friction. The coefficient of friction has been
found to be 0.88 and modulus of elasticity has been found to be 3 GPa for the bulk
porous foam. Trabecular metal orthopaedic implants possess an average pore size
of 400–600 microns and a volume porosity of 75–85 % (99 % tantalum, 1 %
vitreous carbon by weight) [21, 45, 57]. Despite a low modulus of elasticity and
highly porous structure, trabecular metal is able to withstand physiologic loads and
support bone ingrowth under such stresses (Table 3.2) [123]. Further, tantalum has
been shown to be corrosion resistant, with a theoretical benefit of decreased stress
shielding, the potential for immediate postoperative weight bearing, and a more
normal pattern of bone remodeling adjacent to the component.

Fig. 3.8 High power
photomicrograph of the
dodecohedron array of porous
tantalum. Notice the
roughened nanotexturing that
lends a high coefficient of
friction to this metallic foam.
(Courtesy of Zimmer,
Warsaw, IN)
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A major advantage of trabecular metal is its wider availability in various
orthopaedic applications as compared to the other open-celled structured porous
materials (Fig. 3.9). This is because the carbon scaffold can be manufactured in a
variety of shapes and sizes, after which the tantalum metal can be deposited on its
surface, via a deposition process described above. Current orthopaedic applica-
tions [57] include use in acetabular components, femoral stems, tibia components,
patellar components, spine implants, and humeral stems in TSA. Further, trabec-
ular metal can be used as a stand-alone material in a variety of ways, including
acetabular augments, patellar augments, and osteonecrosis implants.

The biologic properties of trabecular metal have been thoroughly evaluated in
the basic science literature. With regard to bone ingrowth, Bobyn et al. reported a
bone ingrowth rate of 80 % in a canine model at retrieval one year following
implantation of acetabular components. Furthermore, the authors demonstrated, on
histological analysis, haversian remodeling within the pores at the time of
retrieval. Finally, the authors biomechanically demonstrated superior shear fixa-
tion strength in samples with trabecular metal as compared to samples with sin-
tered CoCr beads [90, 124]. Similarly, trabecular metal has shown favorable
results with fibrous tissue ingrowth within the pores of the metal coating. Fibrous
tissue ingrowth is of growing importance to the development of megaprotheses
[124], in which ligamentous, tendinous, and even vascularized soft tissue may
incorporate into the trabecular metal pores, increasing implant stability and
strength. This may lead to better outcomes in revision/oncology hip surgery with
successful abductor reattachment as well as the possibility of extensor mechanism
reconstruction via patella tendon fixation to a proximal tibial replacement in
revision/oncology knee surgery. Previous studies have again demonstrated supe-
rior fibrous tissue ingrowth in trabecular metal coated implants as compared to
sintered beaded porous coated implants (canine model).

Porous tantalum has also been labeled as chondroconductive [57, 125] in
several in vitro based studies. As originally defined by Gordon et al. [126],
chondroconductivity is essentially providing a scaffolding for growth of cartilage

Fig. 3.9 Wide array of orthopaedic applications exist for porous tantalum including primary and
revision THA, primary and revision TKA and total and reverse shoulder arthroplasty. (Courtesy
of Zimmer, Warsaw, IN)
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and supporting structures. In their animal model, canine and emu chondrocytes
were placed on porous tantalum segments from a commercially available ace-
tabular component. Quantitative histomorphometry techniques were applied to the
culture samples and the authors found evidence of tissue growth into and onto the
porous tantalum after 4 weeks. Of note, only samples from dynamic cultures
showed evidence of hyaline cartilage and matrix formation; cultures taken from
static samples did not show detectable matrix formation or collagen. In another
animal model study performed by Mardones et al. [127], periosteum from rabbits
was placed on porous tantalum cylinders. Following 6 weeks of culture under
chondrogenic conditions, the authors found hyaline-like cartilage outgrowth on the
surface of the cylinders with associated fibrous growth within the tantalum scaffold
pores. Biomechanical testing of these chondral-porous composites compared to
native rabbit femoral condyle osteochondral plugs showed similar performance
with regard to stress and strain. While the results from these in vitro studies clearly
cannot be directly translated into a true in vivo outcome, the results are certainly
encouraging with regard to the creation of a cartilaginous-tantalum composite for
future resurfacing and arthroplasty-based procedures.

Both acetabular components (modular, monoblock and all-porous tanta-
lum; ±screw fixation) and femoral stem implants utilizing trabecular metal
coatings are available for use in both primary and revision THA. Additionally, a
wide variety of trabecular metal augmentation implants are available that can be
used as structural bone graft substitutes [128–130]. Porous tantalum implants of all
applications have been reported on to a greater extent than any of the other
metallic foams in the latest generation of orthopaedic implants [21, 45, 57]. In a
recent series of 43 revision THA procedures, Weeden et al. [131] investigated the
use of porous tantalum acetabular components. Of note, in 26 of the 43 revisions,
acetabular augments were used. At an average of 2.8 years follow-up, 42 of the 43
components were stable (98 %) and 1 failed due to septic loosening. Longer-term
outcomes following THA with porous tantalum monoblock acetabular components
have been encouraging, with no radiographic evidence of failure or loosening at
8–10 years following implantation [10].

Other authors have reported similar encouraging outcomes following the use of
porous tantalum acetabular components in both primary and revision THA pro-
cedures. In 2002, Christie [26] described the outcomes of 54 THA operations using
a porous tantalum monoblock acetabular component; amongst these cases they
reported an only 1 % dislocation rate at latest follow-up [26]. Similarly in 2003,
Lewis et al. [132] reported on 259 monoblock THA procedures with porous tan-
talum acetabular components with a follow-up period of 24–60 months. In this
time frame, the authors reported a 9 % dislocation rate, with 245 THAs being
stable without screws at the most recent follow-up. Gruen et al. [133] reported on a
total of 414 THA procedures utilizing monoblock porous tantalum acetabular
component at an average 33 months (minimum 24 months) following surgery.
Initial postoperative radiographs in this cohort revealed 19 % of hips with ace-
tabular gaps in 100 zones, while at final follow-up, 84 % of the zones with gaps
were completely filled in with host bone. There was no radiographic evidence of
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gap progression, periacetabular radiolucencies, or lysis, and no revision procedures
had been performed. In 2005, Bargiotas et al. [134] reported on 102 monoblock
THA procedures (90 primary, 12 revision) utilizing porous acetabular components
with peripheral screw augmentation. At average follow-up of 50 months, the
authors reported no dislocations and a 1 % revision rate. Also in 2005, Unger et al.
[22] described the outcomes following 50 THA procedures with porous tantalum
monoblock acetabular components. At an average 42 months post-operatively, the
authors reported a 7 % dislocation rate and 7 % reoperation rate. While osseoin-
tegration has not been a concern with this monoblock component several limita-
tions can be noted from these studies including; inability to use highly-cross linked
polyethylene, increased dislocation rates due to prominent liner edge and inability
to perform and isolated liner exchange in the future.

More recently, Macharas et al. [20] reported on 86 monoblock THA procedures
with porous tantalum coated acetabular components at an average 7.3 years fol-
lowing implantation. The authors found no cases of osteolysis nor did they find any
evidence of radiolucent lines on radiographic follow-up. Perhaps most encourag-
ing is a recent long-term computed tomography (CT) based study examining
specifically for the presence of osteolysis following THA. In 2011, Moen et al.
[135] retrospectively reported on 51 patients who had a THA using a monoblock
porous tantalum acetabular cup. At an average 10.3 years following surgery, 0/51
patients had CT evidence of osteolysis. In 2012, Nakashima et al. [136] reported
on 82 hips (79 patients) at an average 61.2 months following primary THA with a
porous tantalum modular acetabular component. At final follow-up, no periace-
tabular osteolysis was noted, and the survival rate of the implant was 100 %. The
authors did describe 15 hips (18.3 %) with filling gaps on initial postoperative
radiographs, however all gaps showed adequate bone filling within 12 months.

When compared with primary THA operations, revision procedures utilizing
porous tantalum coated acetabular components have produced similar encouraging
outcomes. In 2005, Sporer and Paprosky [137] reported on 28 revision THA pro-
cedures with a porous coated acetabular component at approximately 36 months
follow-up. In this cohort, the authors reported a 1 % dislocation rate as well as 1 %
reoperation rate. All revisions in this cohort were for Paprosky type IIIA defects.
The same group reported on the use of the porous tantalum revision shell as an
‘‘internal plate’’ to treat pelvic discontinuity and acetabular fractures in cases of
revision THA [138]. Out of a cohort of 13 hips, 12 hips demonstrated radiographic
stability without the need for repeat surgery at an average follow-up of 2.6 years
post-operatively. Mardones et al. [139] described 114 revision THA procedures
using porous coated acetabular components at an average 2 years following surgery
and noted 97.3 % with complete incorporation of host bone. The authors did report
a 4 % dislocation rate and a 6 % reoperation rate in this series (note, this data
represents individually published subsets of the published results by Bobyn et al.
[140] as described below). In the original study by Bobyn et al. [140], 261 revision
THAs with porous coated acetabular components were followed for an average
24–48 months. Remarkably, the authors reported an absence of radiolucent lines as
well as stable reconstruction in 260/261 hips with one patient experiencing
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migration with pelvic discontinuity. Finally, in 2005, Malkani et al. [141] described
18 revision THA procedures utilizing porous coated acetabular components at an
average 2 years following surgery. At final follow-up, the authors reported 17/18
hips (94.4 %) with evidence of bone ingrowth and a reoperation rate of 2 %. A
summary of these outcomes for both primary and revision THA procedures using
porous coated acetabular components is provided in Table 3.3.

Table 3.3 Outcomes of primary and revision total hip arthroplasty procedures using porous
tantalum acetabular components

Author Years Component N Follow-
up

Dislocation
(%)

Reoperation
(%)

Notes

Lewis 2003 Monoblock 250 24–60 m 9 n/a 245 THAs stable
without screw
fixation

Gruen 2005 Monoblock 574 33 m 6 10 Initial postop XR
with 19 % of
hips with
acetabular gaps
in 100 zones;
final XR showed
84 % of these
gaps completely
filled. No RLL or
osteolysis

Bargiotas 2005 Monoblock 102 50 m 0 1 Includes 90 primary,
12 secondary
procedures

Macheras 2005 Monoblock 86 7.3 y 0 0 No RLL or
osteolysis

Sporer 2006 Revision 28 36 m 1 1 Paprosky Tpe IIIA
defects

Sporer 2005 Revision 13 31 m 0 0 Proposky Type IIIB
defects

Unger 2005 Monoblock 60 42 m 7 7 5 revision
monoblock cups
used with screw
augmentation

Mardones 2005 Revision 114 24 m 4 6 97.3 % complete
incorporation

Bobyn 2004 Revision 261 24–48 m n/a 1 1 failure (pelvic
discontinuity)

Malkani 2005 Revision 18 24 m 1 2 94.4 % with
evidence of bone
ingrowth

Moen 2011 Monoblock 51 10.3 y 0 0 None with CT
evidence of
osteolysis

Nakashima 2012 Modular
acetabular
component

82 61.2 m 0 0 No periacetabular
osteolysis
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With regard to TKA surgery, both tibial (modular mono block) and patella
components (monoblock) utilizing trabecular metal coatings are available for
clinical use. A variety of tibial cones, femoral cones, and standard augments can be
used in the revision TKA setting to provide structural support and to manage
complex bony deficiencies [42, 142].

A variety of clinical and radiographic studies have evaluated the utilization of
porous tantalum coated TKA components with promising results. Bobyn et al.
140] described 101 monoblock tibia porous tantalum components at 6–24 month
follow-up after primary TKA (72 cemented, 29 uncemented). Upon the final report
there were no described complications or revisions. Siffri et al. also described their
use of monoblock porous tantalum tibia components in 53 primary TKAs (all
cemented). The authors found that at a minimum of 2 years postoperatively, 0/53
patients had evidence of radiolucent lines or osteolysis on radiographs, while 1/53
patients required revision surgery. In 2004, Stulberg et al. [143] reported on 43
knee augments utilizing porous tantalum augments and found that at 1–5 years
postoperatively, four revision procedures were required (2 cases of aseptic loos-
ening and 2 cases of infection). Two studies describing the use of porous tantalum
salvage patella components have also been described. In 2003, Nelson et al. [144]
described 20 cases at an average 23 months following surgery and found that the
average arc of motion increased from 102.8� to 108.4� following surgery. Of note,
11 of the 20 patients did have reported complications, including 3 patella fractures
and 8 cases of post-operative knee pain. In 2004, Nasser et al. [47] also described
11 cases of revision knee arthroplasty with porous tantalum salvage patella
components. At an average 32 months following surgery, the authors described an
improvement in the average range of motion from 62� to 103�. In this series, 1/11
patients experienced a traumatic patella fracture postoperatively and no revision
procedures were described. These authors were able to conclude that the salvage
patella performed better when there was a remaining bed of cancellous bone to fix
the component to and not just fibrous tissue.

Recently, Meneghini et al. [42] reported on the utilization of porous tantalum
cones for structural support in 15 revision TKA procedures. At an average
34 months post-operatively, the authors found no evidence of loosening; and, all
cases demonstrated osseointegration. Similarly, in 2009, Long et al. [41] described
16 cases of revision TKA utilizing porous tantalum tibial cones at an average
31 months (minimum 24 months) following implantation. These revision proce-
dures were performed for either aseptic loosening (13) or staged reimplantation for
infection (3). At final follow-up, 14 knees were noted to be functioning well with
signs of stable osteointegreation into the cones. Of note, 2 knees experienced
recurrent sepsis and required removal of the cone. Recently in 2011, Howard et al.
[33] reported on their early results following the use of porous tantalum femoral
cones in 24 revision TKAs at an average 33 months (minimum 24 months) fol-
lowing implantation. These revision procedures were performed for a variety of
reasons, including aseptic loosening (11), staged reimplantation for infection (7),
severe osteolysis (3), periprosthetic fracture (2), and severe instability (1). The
authors reported improvements in the Knee Society score from 55 to 81 at final
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follow-up as well as good radiographic fixation of the cone at an average
35 months in 20/20 patients (not all patients had asdequate radiographs). A
summary of these outcomes for both primary and revision TKA procedures using
porous coated acetabular components is provided in Table 3.4.

Another important clinical application of trabecular metal is the porous tanta-
lum rod, available for the treatment of early stages of femoral head osteonecrosis.
During the pre-collapse stages of the disease process, a porous tantalum coated rod
can support the overlying cartilage as the areas of osteonecrosis regenerates with
promising clinical outcomes [145, 146]. The overall goal is to provide the over-
lying cartilage with some amount of subchondral support while the avascular
lesion attempts to reconstitute itself within the femoral head. Of note, subtro-
chanteric fracture after implantation of a porous tantalum rod in this patient
population has been reported [147], and thus caution must be exercised when using
this prosthesis in this patient population. Overall, further long-term outcomes
studies are warranted to determine the medium and long-term outcomes and
potential complications associated with the use of porous tantalum coated rods in
patients with femoral head osteonecrosis.

Encouraging results have been demonstrated in both animal model [59, 60, 65]
and clinical [64] studies examining spinal fusion with porous tantalum cages. In a
goat model, Sidhu et al. studied the effects of porous tantalum blocks with and
without recombinant bone morphogenic protein-2 (rhBMP-2) in anterior cervical
interbody fusion, and noted a positive trend with improved bone ingrowth in the
rhBMP-2 group. In a pig model, Zou et al. described bone ingrowth and successful
lumbar spinal fusion utilizing porous tantalum rings and cages. When compared to
carbon-fiber cages, the authors found pedicle screw fixation of the fusion level in
specimens with porous tantalum cages afforded improved fusion rates and bone
ingrowth rates. Further, the authors reported less bone graft requirements and
enhanced remodeling effects in the porous tantalum group.

In a prospective, randomized clinical trial conducted by Wigfield et al. [64] the
use of porous tantalum implants in patients undergoing cervical interbody fusion
was studied. While the study’s enrollment was initially halted out of concern for
possible delayed or non-fusion outcomes in the porous tantalum groups, ultimately
all patients achieved successful fusion at 12 months. In another recent prospective,
randomized clinical trial, Lofgren et al. [51] compared the results of anterior
cervical decompression and fusion (ACDF) with trabecular metal implantation to
ACDF with the Smith-Robinson (SR) autograft technique. The authors reported
shorter operative times with TM implantation (P = 0.001), however the fusion
rates were lower in the trabecular metal group (P \ 0.05). Perhaps most important
to note, however, is that the authors demonstrated no statistically significant dif-
ferences in clinical outcomes between the two groups. Similar findings were
reported in a recent study by Kasliwal et al. [50] in their multicenter investigation
analyzing the outcomes following porous tantalum cervical interbody fusion. At 2-
year follow-up, the authors found decreased fusion rates and increased risk of
device fragmentation in patients in the tantalum group as compared with the
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control group of iliac autograft fusion. Thus, further long-term study is needed to
determine the efficacy and safety of porous tantalum applications in the spine.

While certainly advantageous with regard to its similar biomaterial properties,
nearly unlimited potential for fabricating shapes, and encouraging long-term
clinical and radiographic outcomes ([10 years) [10], the manufacturing cost for
tantalum is relatively high, and as such, the material is not as readily available as
titanium. The manufacturing process itself, however, is relatively ‘‘green’’ in that
the tantalum that is left over from the process is recycled to the semiconductor
industry as an oxide powder and the water is pure and passed down the drain.

3.8 Safety of Metal in Orthopaedic Surgery

A discussion on the application of porous metals in orthopaedic surgery would not
be complete without mention of the possible pitfalls associated in general with the
use of metallic implants. In particular, the potential development of adverse local
tissue reaction (ALTR) and metallosis due to the release of metallic debris locally
and systemically has received substantial attention in both the academic and public
arenas. While not associated specifically with porous metals, such as those
described in this chapter, it is crucial to understand the potential unwanted local
[148] and/or systemic effects [149–154] of metal debris release. Additionally,
while porous tantalum as a bulk form is inert, there are always concerns regarding
tantalum and titanium debris and its local reactivity. Therefore when using aug-
ments, cones and sleeves it is best to currently use a small coating of cement
between the rough edges of these adjacent porous surfaces. With regard to metal-
on-metal total hip arthroplasty applications, some more recent, longer-term out-
comes studies in the literature have suggested that elevated serum ion levels have
no lasting clinical effects, and that the level of ions actually decreases over time,
however this warrants further study with randomized, level I studies [155–157].
Interestingly, recent work by Berntein et al. [158] has shown that increases in
serum metal ions do not alter the levels of oxidative stress markers found in the
serum. Certainly, further basic science and clinical research is warranted to
evaluate possible associations between porous coated implants and release of
metallic debris both locally and systemically as well as to evaluate if release of
debris causes any significant lasting clinical effects.

3.9 Future Developments

The recent advancements in the research and development of porous coatings for
use in bone and soft tissue implant procedures have initiated a new and exciting era
of porous materials in orthopaedic surgery. As newer porous coated implants (open-
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cell) are adapted into everyday clinical practice, it will become easier to analyze a
given component’s potential for success at long-term follow-up. Furthermore, new
applications for porous coated implants remain under investigation and include
bone graft substitutes, tendon reconstruction, cartilage restoration and as drug
delivery agents. While current reports are encouraging, improved long-term clinical
outcomes studies are needed to better understand the role of newer porous coated
implants in the field of orthopaedic surgery.
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Chapter 4
Biofunctional Coatings for Dental
Implants

Xi Chen, Yuping Li and Conrado Aparicio

Abstract Success of dental implant materials depends on their integration into the
adjacent soft and hard tissues where critical interactions take place at the interface
between the surface of the metal and the biological components. The properties of
the dental implant surface, such as surface morphology, surface energy, and
chemistry affect cell responses and tissue regeneration. Therefore, modifications of
the surfaces of the implant to minimize the nonspecific adsorption of proteins and
to mediate bone osseointegration and tissue healing are research subjects of major
interest. One promising approach consists of functionalizing dental implant
materials by incorporating biological molecules with known bioactivities. Bioac-
tive components such as extracellular matrix proteins, growth factors, and peptides
have been covalently immobilized on surfaces to investigate their potential benefit
in the clinical success of dental implants. The immobilization by means of primary
bonds between the surface and the biomolecules can enhance stability and
retention of the biomolecules on the implant and preserve biological activity
compared to physically adsorbed molecules. We introduce here methodologies to
covalently anchor biomolecules on the surface of dental implants. We thoroughly
review the chemical strategies and biomolecules used as well as their effects on
different biological responses of interest, such as osteoblasts response to improve
osseointegration, antimicrobial properties, and in vivo integration. The stable
immobilization of biomolecules on implants to form a bioactive surface can be an
effective and novel approach to achieve implantation success in all clinical
scenarios.
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4.1 Introduction

4.1.1 Need for Improving Surface Properties of Dental
Implants

Commercially pure titanium (c.p. Ti) is the dominant material for making dental
implants because it is biocompatible by combining very high corrosion resistance
in contact with biological fluids and appropriate mechanical properties, namely
high strength, high fracture toughness, and relatively low modulus of elasticity [1,
2]. In the last three decades, titanium dental implants have become successful for
the replacement of teeth lost due to decay, trauma or disease. Generally, more than
90 % of implant success rates are achieved after 10–15 years of implantation [3,
4]. The most important factor for dental implant success is the osseointegration of
the metallic device; i.e., the formation of a strong and long-lasting connection
between the implant surface and the peri-implant bone that results in a stable
mechanical fixation of the implant in the bone bed [5].

In spite of the high rate of dental implant success, surface modification of
implants remains a very active area of research [6–8] as titanium is a bioinert
material with passive interactions with the biological environment. Titanium does
not trigger any specific positive reactions in the surrounding biological environ-
ment to improve the process of bone healing [9]. As a result, implants get os-
seointegrated following an osseoconductive process that ends up with a successful
performance that entirely relies in mechanical considerations. However, the pro-
cess of osseointegration is also fully dependent on the biological interactions at the
metal surface. The process starts with wetting of the surface and rapid adsorption
of biologically active molecules, and follows with recruitment of osseoprogenitor
cells that finally orchestrate the regeneration of the tissue [10] and facilitates the
reduction of the foreign body reaction [11, 12].

All of those biological interactions can hence be conditioned by the properties
of the implant surface and thus, implants have room for improvement as:

• Under healthy conditions the process of bone regeneration is very slow and is far
from allowing early or immediate loading of implants [13]. That has significant
implications in terms of reduced patient morbidity and health care costs [14].

• It is counter indicated to place these implants in patients that present compro-
mised clinical scenarios (in elderly, smokers, traumatic damage, systemic dis-
eases) [15] and

• Infection of the surface of implants may result in short or long-term failure of
the implants in place [6].

Surface modification of titanium dental implants in order to enhance its
osseointegration, peri-implant bone regeneration, and/or antimicrobial properties
includes several approaches and techniques (Fig. 4.1). Among them, the most
traditional surface treatments to modify topography at the micro and nanoscale, to
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increase hydrophilicity, or to obtain inorganic coatings made of calcium phos-
phates not only are still actively investigated but have found already room in the
market. Those are briefly presented in the next section of this introduction.

4.1.2 Traditional Approaches to Modify Dental Implant
Surfaces

The increase of surface micro-roughness was the first attempt to improve osseo-
integration with the rationale that direct contact of rough implants with newly-
formed bone would result in higher micromechanical retention than a smooth or
as-machined implant. As a matter of fact, this has been proved to be a successful
approach, and implant surface topography is nowadays modified in commercially
available products [7, 8] by chemical etching [16], by grit-blasting [17], by
plasma-spraying titanium coatings [18], by electrochemical processes with dif-
ferent solutions [19], or by a combination of some of them [20]. Later, intensive
and prolific research assessed other beneficial effects in the biological response to
rough metallic surfaces, such as improved cellular attachment and osteoblast-like
cell activity [21–23], selective protein adsorption, and collagen synthesis [24] as
well as more intensive bone implant contact and higher mechanical retention than
as-machined implants when implanted in vivo [12, 23, 25]. We concluded that
Ra = 4.5 lm was optimal for cell response and protein adsorption [26, 27], but

Fig. 4.1 Classification of strategies to modify or coat titanium surfaces to improve clinical
performance of dental implants
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this is still a controversial subject [8] and nowadays most of dental implant sys-
tems have a microrough surface with values of Ra = 1–5 lm.

More recently the exploration of the benefits of modifying the topography of
metallic implants with nanofeatures with different size, distribution, and shape has
became a hot topic of research [28, 29]. The simplest process to incorporate
nanotopographical details to an implant surface is by etching titanium with a
mixture of acids. Recent studies showed that surfaces with nanoscale features
stimulate additional biological effects in vitro and in vivo, e.g., by producing an
accelerating integration [30]. In fact, micro and nanorough surfaces have been
recently used in some commercial products with good clinical results that, how-
ever, have not yet reached the clinical evidence stage [30, 31].

Increasing surface roughness influences other important physicochemical
properties. For instance, it increases surface energy, which has a strong impact on
the interactions of the metal with the surrounding biological system [32]. Of current
clinical interest is the development of metallic surfaces that have high surface
energy with superhydrophilic properties. Those surfaces are obtained by a process
that delivers a metallic surface permanently free of hydrocarbons, which are
hydrophobic in nature and that otherwise can be readily adsorbed on the titanium
surface. The resulting superhydrophilic surfaces have been claimed to accelerate
early processes of bone healing [33] as fibronectin, osteocalcin, and growth factors
are preferentially adsorbed on them, thereby favoring bone growth right at the
surface of the implant [34]. Other approaches to increase surface energy and
hydrophilicity of titanium that produced promising in vitro and in vivo outcomes
have been recently developed, such as the use of ultraviolet irradiation [35].

Another group of traditional surface treatments for dental implants has focused
on coating the surface of titanium with a layer of calcium-phosphates [7, 36] as
none of the previously introduced surface treatments change the intrinsic bioinert
chemical characteristics of the titanium surfaces and are limited in their ability to
accelerate and improve osseointegration. The deposition of bioactive calcium-
phosphate minerals, such as apatite, can enhance implant performance at an early
stage after implantation by an osseoinductive process of regeneration around the
implant. This is because the biological nature of apatites, which represent the
mineral phase in bone, have the potential to actively signal the cells that inter-
rogate the surface after implantation.

A first generation of thick coatings applied on titanium dental implants by a
plasma-sprayed or electrodeposition processes showed that response [37]. But
later, it was also demonstrated that the chemical and structural heterogeneity of the
layers obtained resulted in heterogeneous degradation of the layer and eventually
mechanical failure and delamination [38]. As a result of the process of degrada-
tion, in vivo reactivity of delaminated fragments from the calcium-phosphate layer
resulted in adverse tissue reactions and failure of the implants at mid- and long-
term after implantation [39].

To avoid the problems of the thick calcium-phosphate layers deposited by
plasma-spray at high temperatures, a series of new treatments to obtain thin layers
at room temperature using biomimetically-inspired processes was published
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during the 1990s [40–44]. The traditional biomimetic treatments for obtaining a
bioactive layer of calcium-phosphates are widely based on etching the surface of
titanium to obtain a nanoporous, highly reactive, and strongly negatively charged
surface. In some cases the etched surface is thermally treated to mechanically
stabilize the oxides formed [45]. Then, the treated surface is immersed at 37 �C in
a solution with controlled supersaturation levels of calcium and phosphate, such as
Kokubo’s Simulated Body Fluid (SBF) [46]. As a result of a cascade of ionic and
electrostatic interactions between SBF and the surface, the local pH at the surface
increases and thus, the relative supersaturation of the solution with respect to
apatite increases. That triggers a sequential electrostatic attraction of calcium and
phosphate ions to the metallic surface and precipitation of a continuous coating of
carbonated apatite that is strongly bonded to the metal [47]. One important con-
sideration is that, as described, the surfaces can be coated with apatite by
immersion in SBF before implantation, but the etched surface implanted in vivo is
also able to induce the formation of the apatite layer and thus, it is potentially
bioactive [48].

As a further step, we developed a new surface treatment, 2Step, for titanium
dental implants that combines microroughness and potential bioactivity by first,
grit blasting, and second, alkaline etching and thermally treating the implant
surface. We demonstrated the potential bioactivity of the 2Step surfaces [49] by
growing in vitro HA layers in SBF and assessing that the preferential nucleation of
apatite crystals took place on the bottom of the microrough features. This phe-
nomenon accelerated the in vitro formation of the apatite layer in comparison to
smooth surfaces with the same chemical treatment. Those implant surfaces were
also tested to prove that they induce preferential differentiation of MG63 cells into
the osteoblastic lineage [50]. We recently concluded that the 2Step implants
accelerated bone tissue regeneration and increased mechanical retention in man-
dible and maxilla of minipigs at short periods of implantation in comparison with
microrough, HF-etched, and as-machined titanium implants [48]. This was mostly
attributed to the ability of 2Step implants to form in vivo a layer of apatitic mineral
that coated the implant and could rapidly stimulate (1) bone nucleation directly on
the implant surface; and (2) bone growth from the implant surface (Fig. 4.2).

4.2 Functionalization of Dental Implants with Biochemical
Coatings

Currently, surface modification of dental implants using biochemical methods
bring an attractive new approach to promote implant success as it aims inducing
specific cell and tissue responses using critical biological components (Fig. 4.3).
The regeneration of bone highly depends on the communication between cells and
extracellular matrix components. Thus, the extracellular matrix proteins and its
components, growth factors and bone morphogenetic proteins govern various key
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Fig. 4.2 a SEM picture of the interface between a 2Step implant and bone after 10 weeks of
implantation. The image shows the presence of an apatitic layer on top of the 2Step cpTi implant.
Locations used for microprobe chemical analysis on the apatitic layer (point 1) and bone (point 2)
had Ca/P molar ratio of 1.70 and 1.66, respectively; b Representative histology (980) of a 2Step
dental implant after 2 weeks of implantation showing the growth of immature bone from the
surface of the implant and that nucleated on top of the surface. Reproduced with permission from
[48]

Fig. 4.3 Different approaches to coat titanium dental implants with bioactive peptides and
proteins. a Covalently-bonded peptides with one bioactive signal (o); b Co-immobilization of
peptides with multiple bioactivities (o, D); c Immobilization of peptides incorporating an
enzyme-cleavable motif (X); d Physical adsorption of proteins; e Covalently-bonded proteins
with one bioactive signal (o); f Covalently-bonded proteins with multiple bioactivities (o, D)
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biological events, including cell adhesion, proliferation and differentiation.
Immobilization of bioactive molecules on the surface of the implant potentially
provides control over the tissue implant interface with further improvement of cell
communication; tissue and bone repair.

These approaches depend on key factors for being effective on displaying
biomolecules on the surface of a dental implant and retaining the molecular bio-
activity. The specific chemistry used to retain the molecule on the surface and the
selection and further modification of the biomolecule to also favor chemical and
mechanical stability of the coating are among the most important ones. The rest of
this chapter thoroughly reviews the newest strategies based on stable functional
coatings made of different biomolecules of interest.

4.2.1 Methods for Immobilizing Biomolecules on Implant
Surfaces

The methods for surface modification of biomaterials with biomolecules are not
only an alternative to physicochemical and morphological modification, but also a
supplement to improve dental implant performance. Those methods are based on
current understanding of the biology and biochemistry of cellular function and
differentiation, especially on lessons learned from the mechanisms of cells
adherent to substrates [51] and the role of biomolecules in regulating cell differ-
entiation and remodeling of tissues. The goal of biological surface modification is
to immobilize proteins, peptides and polysaccharides on biomaterials to induce
specific cell and tissue response [14] as well as minimize the unspecific adsorption
of tissue fluid proteins [52]. The display of those molecules on the surface of
dental implants should enhance peri-implant bone healing and/or prevent bacteria
colonization of the surface [6].

To design a methodology to decorate the surface of a dental implant with
biomolecules there are two main factors to be considered to improve their clinical
performance: (1) the temporal stability of the bioactive molecules presented at the
implant-tissue interface; and (2) the density and accessibility of the bioactive sites.
Cells need to interact with the implant for a certain period of time to initiate
cellular events, implying the biomolecules must be stable at the interface during
that period. The concentration of the bioactive molecules must be above threshold
levels to successfully induce the targeted cellular activity [53].

There are three main methods for surface immobilization of biomolecules [54]
that have been extensively studied for coating surfaces for dental implant appli-
cations. The simplest one is by physical absorption of the organic molecules onto
the surface, which can be achieved by immersing the substrate into a solution of
the bioactive molecule. Another method consists of embedding the biomolecules
into a bioresorbable material that is used for coating the implant surface. The third
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method, which is the focus of this chapter relies on directly conjugate the bio-
molecules to the surface by covalent bonding or molecular self-assembly.

The simplicity of physical adsorption of biomolecules on the implant surface is
the most attractive characteristic of this strategy. However, the physical adsorption
method provides little control over both the density and the retention with time of
the biomolecules on the surface. As the microenvironment around the implant
changes during its time of application and the attachment of the molecules depends
on secondary weak bonds—hydrogen bonds, electrostatic attraction, etc., the
adsorbed molecules on the implant surface can be easily detached from the surface
by desorption or displacement by other molecules. Thus, the surface can rapidly
lose their bioactive properties. That makes this method far from ideal to fabricate a
stable and long lasting coating. Others have proved that titanium surfaces coated
with physically-adsorbed bone morphogenic protein lost 96 % of their bioactivity
after the first hours in contact with biological fluids [55]. Moreover, this method
can not precisely control the surface density and/or orientation of the molecules,
which are vital for regulating the interactions of the implant with the biological
agents—proteins, cells, tissues. The conformation of the biomolecules can also
change during time and thus, lose their bioactivity [56].

Alternatively, covalently bonding biomolecules to implant surfaces provides
coatings that are more stable and more resistant to disruption not only under harsh
physiological conditions but also during fabrication of the coating and implanta-
tion at the time of the surgery. Overall, this can help for preserving the biological
activity of the bound biomolecules [57].

The covalent bonding of the biomolecules also provides the potential to control
their density and orientation, e.g., aligning and/or exposing the appropriate active
sites at the interface, and thus provoking a more specific and rapid host reaction
[58, 59]. The way the orientation and density of the immobilized molecules can be
controlled depends on:

• the characteristics of the metallic substrate, in this case the nature of the pas-
sivating titanium oxide that naturally covers the surface and that provides plenty
of hydroxyl groups under adequate fabrication conditions. Functional groups
such as amino, carboxyl, and thiol can also be deposited on metallic surfaces by
plasma treatment [60], by photo-initiated polymerization, by chemical etching
[59], or by ion beam etching [61], which could be further used to attach
biomolecules.

• the chemistry/molecule used as a linker between the surface and the biomole-
cule, which in some cases incorporates additional properties—hydrophobicity,
electrostatic charges, etc.

• the design/modification of the biomolecule to be anchored, which in many cases
includes additional chemical groups to physically separate the biomolecule from
the coated surface and thus, facilitating the access of the cells to the bioactive
cues.
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The rest of this section presents the chemical strategies—functional groups and
molecular linkers—that have been mostly used to functionalize titanium with
active molecules for dental applications. The next section thoroughly reviews the
biomolecules that have been investigated with strategies for designing more spe-
cific and effective bioactive coatings and, hence, the main applications of those
coatings are also introduced.

4.2.2 Coupling of Biomolecules with Silane Agents

Silane coupling agents have been used to anchor peptides, enzymes and adhesive
proteins on different biomaterials, such as Ti, NiTi, Ti-6Al-4V and Co-Cr-Mo [59,
62–65]. Covalent anchoring of biomolecules by silane chemistry is a simple and
versatile method to modify surface properties. Silane coupling agents with dif-
ferent end functional groups are attached via reaction with the oxidized metal
surface, which is activated to display reactive groups. The functional groups of the
silane molecule at the opposite end are used to couple the bioactive molecules,
either directly or via a cross-linker molecule. Generally, the process of silanization
with biomolecules can be grouped into four types of directed reactions, namely
thiol-, amino-, carboxyl-, and chloro- (Fig. 4.4) according to the functional end
group in the silane molecule. The selection of the chemical group is based on the
active residues of the biomolecules that are aimed to be used in the immobilization
process. The ductile alkyl spacers on silane agents; i.e., the central part of the
molecule can partially absorb the biomaterial-tissue interfacial stresses and may be
also used to appropriately orientate and expose the bioactive molecules at the
biomaterial interface in an arrangement to induce the desired tissue responses.
Additionally, the alkyl spacer can also be used to adjust the hydrophobic properties
of the final coating [66].

Silanes with different terminal functionalities deposited on model substrates
such as gold can form stable self-assembled monolayers (SAMs), but the

Fig. 4.4 Silane coupling agents with different functional end groups: a amine-, b carboxyl-,
c chloro- that have been used to covalently-anchor biological molecules on Ti surfaces using
appropriate chemistry and, in some cases, specific design of the biofunctional molecules
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formation of SAMs on imperfect surfaces of polycrystalline metals such as dental
implants, has proved to be a more difficult task. To graft silane agents to poly-
crystalline metal oxides the surface of the metal is first activated to form hydroxyl
groups. Etching or plasma treatment of the titanium surface are often used to that
purpose. Then hydrolysis of the alkoxy groups of the silane followed by con-
densation of the surface hydroxyls with the formed silanols at the silane molecules
occur. On the one hand, in hydrous conditions, hydrolysis of the alkoxy groups
occur immediately in solution, provoking condensation between silanols before
contacting with the metal surface and thus, resulting in an uncontrollable and in-
homogeneous polymerized silane multilayer. On the other hand, in anhydrous
conditions, hydrolysis and condensation only occur when the silane molecules
directly contact with the H2O layer adsorbed on the metal oxide surface. Conse-
quently, the silane monomers polymerize before reaching the metal oxide surface,
preventing the formation of a uniform silane layer on polycrystalline metal sur-
faces. Nevertheless, anhydrous silanization has been found to yield better coverage
and higher stability of coupled silanes compared to hydrous silanization [67].

Conventional, well established, and commercially-exploited techniques for
immobilization of biomolecules on synthetic substrates use carbodiimades and
glutaraldehydes as linkers to anchor terminal amino groups of biomolecules to
silane agents [59, 68], or maleiimides to biomolecules with cysteinethiol groups
[61, 69].

The titanium surface can be also modified by surface-initiated atom-transfer
radical polymerization (ATRP) of vinyl monomers [70]. Atom transfer radical
polymerization (ATRP) is a recently-developed conveniently-controlled radical
polymerization method [71–73]. ATRP fabricates polymers with narrowly-dis-
persed molecular weights because the method allows for the polymerization and
block copolymerization of a wide range of functional monomers in a controlled
manner. In addition, the tolerance of ATRP to polar functionality allows the
direct polymerization of functional monomers without protection and deprotec-
tion procedures. Functional monomers such as poly(ethylene glycol)methacrylate,
(2-dimethylamino)-ethyl methacrylate, and 2-hydrozyethyl methacrylate as well
as their block copolymers can be tethered on the titanium surface to form
polymer brushes by first silane coupling the surface with an agent that contains
the ATRP initiator. Through the transferring of the ATRP initiator, such as
chloride, functional monomers can be anchored to the surface in desired amount
and orientation. The surface initiated ATRP produce a polymer-coated titanium
surface with well-controlled hydrophilicity/hydrophobicity [70] that can be
converted into carboxyl or amine groups. Those groups can then be further used
to immobilize the target biomolecules, such as antibacterial agents or proteins of
interest [74].
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4.2.3 Coupling of Biomolecules with Thiols Forming Self-
Assembled Monolayers

Titanium can be coated with a thin layer of gold to further introduce alkanethiols
coupling agents to the metal surface. Gold surfaces are not toxic to living cells and
biocompatible with conditions used for cell culture. Covalent binding of thiols on
gold surfaces is a simple and cost efficient method for surface modification [75].
Peptides with terminal cysteine groups can be covalently bonded to gold through
the thiol groups of cysteine to form monolayers (Fig. 4.5).

Recently, self-assembled monolayers of alkane phosphates or phosphonates
have been used on titanium or titanium alloy surfaces via reaction of phosphonic
acids with their native oxides [76]. However, the harsh conditions needed, such as
the use of anhydrous organic solvents and high temperatures might not be com-
patible with the stability of the biomolecules. The use of bisphosphonic acids with
greater affinity to titanium surface to form monolayers on titanium has been also
reported [77], as it requires less harsh conditions to be incorporated on the metallic
surface.

4.2.4 Coupling of Biomolecules Using Tresyl Chloride
Activation

Immobilizing biomolecules to various hydroxyl groups by using highly reactive
sulfonyl chlorides, such as 2,2,2-trifluoroethanesulfonyl chloride (tresyl chloride)
has been reported [78]. This process involves casting the tresyl chloride solution
on the titanium substrate for two days followed by protein immobilization through
the interaction between the amino groups of the protein and the tresyl chloride
activated hydroxyl groups on the titanium surface.

Fig. 4.5 Peptides with
biofunctional end groups can
be self-assembled on Au-
coated titanium surfaces by
incorporating thiol groups to
covalently interact with the
gold coating
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4.2.5 Use of Spacer Assistant for Coupling Biomolecules

The non-treated titanium surfaces and most of the ones coated with biomolecules
following the aforementioned methods lack the property of resisting unspecific
protein adsorption from the biological medium. The massive uncontrolled
adsorption of proteins from the medium can form an effective barrier on the metal
surface that may hinder the desired interactions between the bioactive molecules
and cells during the process of healing and tissue regeneration. One effective way
to minimize unspecific protein adsorption onto titanium surfaces that has been
now vastly investigated is the use of a poly (L-lysine)-graft-poly (ethylene glycol)
(PLL-g-PEG) molecules in an assembly on the surface of the biomaterial medi-
ated by electrostatic attractions [79–81]. Once the titanium surface is coated with
PLL-g-PEG, the biomolecules can be covalently attached via vinyl sulfone-
cysteine coupling reaction to the PEG side chains [82]. The result is a coating
that blocks non-specific protein adsorption while promoting appropriate cell
interactions.

4.2.6 Oligonucleotide Mediated Immobilization
of Biomolecules

A novel and recently developed method for surface modification of titanium and
titanium alloys is based on the immobilization of bioactive molecules using
electrochemically fixed nucleic acids [83, 84]. In this method, the first step is the
regioselectively adsorption of nucleic acid single strands on the air-formed
passive layer of titanium alloys via 50-terminally phosphorylated sites. Adsorp-
tion is followed by anodic polarization during which the single stranded nucleic
acids; i.e., the anchor strands are entrapped and fixed on the titanium oxide layer
by partial incorporation. The next step is the hybridization of the anchor strands
with complementary strands that will be further conjugated with bioactive
molecules.

This method, as a difference to all previously introduced, does not use an
additional chemical agent for surface modification and thus, it is free from
potential hazards that those synthetic linkers pose when applied in vivo. In
addition, the release behavior of the bioactive molecules can be controlled by
adjusting the hybrid stability. The successful use of this method for anchoring
osteogenic growth factors on titanium and their slow release from the surfaces
has been reported and positively compared to physically adsorbed biomolecules
[85].
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4.3 Biomolecules to Coat Titanium for Improving
the Clinical Performance of Dental Implants

There is a debate on whether using short synthetic peptides or long chain extra-
cellular matrix (ECM) proteins is the best approach for designing biomaterials that
guide cell response for tissue engineering and regenerative medicine (Fig. 4.3).
The ECM of bone, which is synthesized, deposited and mineralized by osteoblasts,
consists of 90 % collagenous proteins (type I collagen 97 % and type V collagen
3 %) and 10 % non-collagenous proteins (osteocalcin, osteonectin, bone sialo-
proteins, proteoglycans, osteopontin, fibronectin, growth factors, etc.,) [86]. ECM
proteins mediate cell response—adhesion, proliferation and differentiation. Pep-
tides are the functional motifs in ECM proteins which have specific bioactive
functions, such as recognizing corresponding integrins on the cell membrane and
thus, attach to them. Both ECM proteins [87–89] and short peptides [90–92] were
proved to be effective in enhancing cell performance after being used to coat the
surface of biomaterials. Both have advantages and disadvantages from both, the
biological and chemical point of view.

The most advantageous property of peptides is that they are small and chem-
ically defined [93], which implies that they can be easily synthesized, modified or
reconstructed. By using techniques such as solid phase peptide synthesis (SPPS),
peptides of up to 30–50 aminoacids can be routinely prepared with good yields
[94]. Peptides with diverse functions, such as cell adhesion induction, enzyme-
controlled, or antimicrobial properties can be precisely conjugated to biomaterial
surfaces comparing with large molecules, such as proteins. Also, non-native
chemistries and functional groups can also be conveniently incorporated in the
peptide sequence with no much difficulty [93]. However, the short length of
peptides limits their ability to selectively acquire the most desired conformation to
achieve their bio-function. Also, although they might be retained in higher
amounts than proteins and other larger biomolecules, the achievement of full
coverage of the surface is challenging. Thus, they can be readily cleaved from the
surface by proteases unless specific strategies, such as some of the ones introduced
bellow, that aim to overcome this drawback are used to immobilize them.

Proteins have the main advantage that they carry the whole biochemical
information needed for retaining the desired conformation and multiple biofunc-
tions and not just part of it, as it is the case for short peptides. For instance, SPARC
contains both hydroxyapatite bonding sequence (glutamic acid-rich sequence) and
plasmin cleavable sequences; and bone sialoprotein possesses both hydroxyapatite
bonding domain and cell recruitment domain. Therefore, ECM proteins have the
intrinsic potential of contributing to multi-functionalization of titanium surfaces.
However, most of the aforementioned advantages for the use of peptides are
significant hurdles for the ease of use and appropriate performance of macrobio-
molecules attached to titanium surfaces as ECM proteins are difficult to be
reconstructed, synthesized, and modified. Additionally, proteins from animal ori-
gin raise concerns about infection and immunological undesired reactions, which
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requires significant attention and expenses to be highly purified [93]. The alter-
native recombinant synthesis is a high-investment and expensive methodology for
producing these same molecules.

4.3.1 Peptides

4.3.1.1 Peptides to Enhance Cell Recruitment

RGD-Containing Peptides

Extracellular matrix governs various cellular events of cells, including cell
adhesion, proliferation and differentiation [95]. A heterodimeric cell membrane
receptor family known as integrins is involved in cell adhesion to extracellular
matrix proteins [96] by interacting with short amino acid sequences present in
molecules of the ECM. Especially, the RGD (Arginine-Glycine-Aspartate) amino
acid sequence is identified as a key mediator of cell adhesion through interaction
with integrins at the cell membrane [97]. RGD peptide is found in most ECM
molecules including fibronectin, vitronectin, type I collagen, osteopontin and bone
sialoprotein [98]. Thus, synthetic peptides that contain the RGD amino acid
sequence can induce and thus, enhance cell attachment [91]. Covalently immo-
bilized peptides with RGD sequences to implant surfaces has been recognized as a
strategy for enhancing cell interaction with implants [69] and is the most used one
in the category of coatings with biological molecules.

The RGD cell-adhesive sequences derived from fibronectin have been widely
investigated. It has reported that the binding ability of fibronectin to cells can be
due to the tetrapeptide L-arginyl-glycyl-L-aspartyl-Lserine (RGDS), a sequence
which is a part of the cell adhesion domain of fibronectin [91]. Synthetic peptides
containing GRGDSP (glycine-arginine-glycine-aspartate-serine-proline) can reg-
ulate cell attachment activity of the parent molecule [99] and have been used to
modify the surface of titanium with enhanced cell attachment. However, these
biomimetic strategies yielded only marginal enhancement in tissue healing in vivo.

Peptides with RGD motifs and sequences containing GRGDSP derived from
human vitronectin are known to affect osteoblast adhesion by activating a2b1,
a1b1, avb3 and other integrins expressed on osteoblasts and osteoclasts [92].
Titanium alloy surfaces with immobilized RGD sequences displayed significantly
increased levels of osteocalcin and pro-collagen Ia1 mRNAs, compared with the
untreated Ti6Al4 V.

RGD-containing peptides derived from bone sialoprotein induced high cell
adhesion strength [100]. A peptide with 15 amino acids having an RGD sequence
which is unique to bone sialoprotein was linked to amino functionalized surfaces.
The effects of the RGD-peptide on cell adhesion were compared with those
induced by the arginine-glycine-glutamate (RGE) peptide. The cell detachment
study using a radial flow apparatus showed that the RGD-grafted surface induced
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significantly higher cell adhesion strength than the RGE-grafted surface. The cell
contact area and focal contact patches on the periphery of the bone cells were
considerably enhanced by the RGD-containing peptide surface as well.

Fibronectin type III 7th to 10th domain (FNIII7-10) attached to titanium sur-
faces using silanization and poly(oligo(ethylene glycol) methacrylate) polymeri-
zation was recently evaluated for in vitro osteoblastic cell differentiation and
in vivo osseointegration [101]. Results demonstrated that a5b1-integrin-specific
fibronectin fragment FNIII7-10-functionalized titanium improved implant osseo-
integration compared to RGD-functionalized and unmodified titanium. Moreover,
bioactive peptides promoting integrin binding specificity regulated marrow-
derived progenitor osteoblastic differentiation and enhanced healing response and
integration.

Synergistic RGD and PHSRN Peptides

More recently, a Proline-Histidine-Serine-Arginine-Asparagine (PHSRN) sequence
in the 9th type III repeating unit of fibronectin was found to have synergistic effect
with RGD in improving cell adhesion. Many authors have demonstrated that multi-
component peptide systems containing both RGD (the primary recognition site for
a5b1 integrin) and PHSRN (the synergistic site for a5b1 integrins, in fibronectin 9th
type III repeating unit) were more efficient in increasing cell adhesion, spreading,
proliferation, and differentiation than the RGD peptide alone [102–107]. In the
native conformation of fibronectin, RGD and PHSRN are spaced by approximately
40 aminoacids [103]. Therefore, the distance between PHSRN and RGD and the
conformation of that part of the protein are important for the synergistic interaction
of the two peptides. Ochsenhirt et al. [108] reported that the alternation of the
concentration of RGD and PHSRN on the functionalized surface led to changes in
the RGD-PHSRN distance and thus, influenced cell performance. They assessed that
the distance which most closely mimicked the natural RGD-PHSRN distance sig-
nificantly enhanced cell spreading. Vogel showed that small mechanical forces, in
the range of tens of pN, can partially unfold fibronectin and change the RGD-
PHSRN distance [109, 110]. A switch in integrin specificity from a5b1 in non
stretched status to avb3 in stretched status was followed by this conformational
change [109, 110]. In addition, structure, conformation, orientation and spatial
distribution of RGD and PHSRN peptides are all important parameters in affecting
the bioactivity of the modified surface.

Non RGD-Peptides

The triple-helical type I collagen-mimicking peptide with glycine-phenylanlanine-
hydroxyproline-glycine-glutamate-glycine-arginine (GFOGER) has been investi-
gated by Reyes et al. [111]. Integrin a2b1 can recognize the GFOGER motif in
residues 502–508 of the a1(I) chain of type I collagen. The adhesion of cells is
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entirely dependent on the triple-helical conformation of the ligand in a similar way
to what happens to native collagen. Results showed that immobilized peptides
exhibited higher cell adhesion activity than physically adsorbed peptides. The
GFOGER peptide promoted cell adhesion, mimicked the post-adhesion signaling
characteristics of collagen surfaces that involves interaction with a2b1 the integrins
and further enhances cell differentiation.

The heparin-binding motif of human vitronectin precursor, phenylalamine-
arginine-histidine-arginine-asparagine-arginine-lysine-tyrosine (FRHRNRKGY)
was also investigated by being covalently immobilized on titanium surfaces [112].
Results demonstrated that FRHRNRKGY peptide preferentially promoted human
osteoblast cell adhesion on the functionalized metal surfaces.

4.3.1.2 Peptides to Enhance Biomineralization

Osteoinductive surfaces that will produce osteogenesis around dental implants
have been pursued to significantly improve their clinical performance. This is
because it accelerates the process of osseointegration and can induce direct bonds
between the surface of the implant and the newly-formed bone. The aforemen-
tioned inorganic coatings made of calcium-phosphates aim to do so by mimicking
the extracellular matrix of bone in one of its components; i.e., its mineral phase.
One further step to obtain biomimetic coatings incorporating calcium phosphates
is the use of organic components known to have a role in ECM mineralization
[113] to coat titanium surfaces and regulate nucleation and growth of the calcium-
phosphates that form on the functionalized surface of the implant [65].

Benesch et al. reviewed proteins and corresponding peptides that have relevant
roles in controlling biomineralization at different stages of tissue regeneration for
different hard tissues in our body. Those are non-collagenous proteins that asso-
ciate to collagen, which in its fibrillar assembly serves as a template for bone
mineral nucleation and growth [114].

Osteopontin [115–117] and statherin [118–120] can inhibit mineral nucleation
and growth by recognition of the mineral surface and adsorption on it. We have
immobilized on titanium a recombinant molecule that contains the 15-aminoacid
N-terminus peptide of the salivary protein statherin to take advantage of its affinity
to calcium-phosphates [65]. We demonstrated that surfaces with the conjugated
statherin-derived peptide were able to nucleate and control growth of calcium
phosphate nanominerals and induced preferential differentiation of osteoblasts-like
cells compared to non-coated surfaces and surfaces with physical absorbed
molecules.

Osteocalcin also inhibits nucleation and growth of apatite crystals in vitro, but
considering its late appearance during bone formation, it might be important in
bone remodeling [121, 122].

Glutamic acid rich sequences of osteonectin and, most significantly bone
sialoprotein are responsible for improvement of mineralization [123, 124].
Sialoprotein is an effective apatite nucleator in vitro. The functional motifs in bone
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sialoprotein are long sequences of glutamic acids –E4, E6 and E8–. Therefore, a
highly negatively charged multi-Glutamic acid peptide sequence is supposed to be
able to enhance surface mineralization and hence improve osteoblast
differentiation.

4.3.1.3 Antibiotics and Antimicrobial Peptides

Infections are the most prevalent cause of failure for dental implants and ortho-
pedic prosthesis. The inflammatory response to bacteria on the implant surface is
called peri-implantitis, which may finally result in bone loss and implant failure.
Peri-implantitis can happen immediately after oral surgery or months or years
later. The literature has shown that peri-implantitis can affect up to 14 % of
implants after 5 years; however, the relevant incidence may be higher due to poor
clinical diagnosis and the short duration of reporting clinical studies [125]. The
implant surface has a higher risk of infection comparing with natural tooth surface
because it accumulates serum proteins which promote bacterial adherence and
colonization faster. This is even more prone to happen on the current devices as
they all incorporate microroughness surfaces that further facilitate bacteria
attachment.

Existing approaches for surface modification of implants to reduce bacterial
formation include the immobilization of antibiotics [126, 127]. Gentamicin have
been loaded into nanotubes [128], poly (D,L-lactide) coating [129] or porous
hydroxyapatite coatings [130] on titanium implants. The antibiotic-hydroxyapa-
tite-coatings exhibited significant improvement in infection prevention [131].
Antibiotics have been normally physically adsorbed on titanium surfaces for ease
of processing and prevention of degradation of the molecules that some fabrication
methods would provoke; e.g., high temperatures when incorporated on plasma-
sprayed hydroxyaptite coatings. The physical absorption process; however, limits
the loaded amount and release characteristics of the drugs. Loading antibiotics in
HA coatings, for example, led to 80–90 % of the total loaded drug being released
during the first 60 min in contact with fluids [132, 133] and drugs loaded into
nanotubes were fully released in 50–150 min [128]. Surfaces incorporating
chlorhexidine [134], sliver [135], poly lysine [136] and chitosan [137] have all
been developed. Recently, Vancomycin has been successfully covalently-bonded
to titanium and its antibacterial activity is retained even after incubation in PBS for
at least 11 months [138–141]. Comparing with the non covalent coatings that
quickly release antibiotics, covalently-bonded antibiotics remained active for
notably longer periods.

Although antibiotics coated on titanium proved to be effective, their use is
controversial because of their potential host cytotoxicity and bacterial resistance.
For instance, Weber and Lautenbach [142] noted that 41 % of bacteria isolated
postoperatively were resistant to gentamicin following the application of genta-
micin-impregnated bone cement. Other investigations also showed drug resistance
of bacteria isolated from orthopedic implants [143]. In addition, although
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antibiotics are normally thought to be biocompatible, their potential in inducing
host cytotoxicity have been also widely reported [144–148].

The use of antimicrobial peptides (AMPs) have recently raised as an alternative
antimicrobial approach with strong potential to improve dental implants perfor-
mance when immobilized on titanium. Naturally, the bacterial flora in the oral
cavity is mediated by the human innate immune system, which is rich in anti-
microbial proteins and peptides [149, 150]. These AMPs can kill bacteria directly
through membrane disruption, or act as immune modulators by enhancing bacteria
clearance using our innate defense system [151] (Fig. 4.6). The advantages of
using AMPs over antibiotics are 1) they are of human origin; hence, with potential
low host cytotoxicity. This is still disputable because some reports showed that
certain AMPs, such as LL-37, can freely translocate into cells and carry passenger
molecules into their nuclei [152, 153]. More studies are needed to evaluate subtle
toxicities of AMPs. 2) The co-evolution of AMPs with bacteria suggested low
bacterial resistance. In addition, the immunomodulatory properties of AMPs
would not be affected by antimicrobial resistance because of the irrelevance of
direct bacteria killing. 3) The exceptionally broad activity of AMPs indicates that a
single peptide can have activity against gram-negative and gram positive bacteria,
fungi, and even viruses and parasites [151]. However, the disadvantage of AMPs
involves the potential liability to proteases, which indicates the possibility of being
proteolytically degraded by enzymes secreted by the microbial flora.

Over 45 AMPs with different antimicrobial mechanisms have already been
identified from the human immune system, ranging from small cationic peptides to
enzymes and large agglutinating proteins [149]. They may act as metal ion che-
lators, protease inhibitors, or promoters of enhanced bacterial agglutination [149].

A few AMPs are in current clinical use, such as polymyxin B, which is in
clinical use for ophthalmic infections. But there are few reports regarding the
application of AMPs on titanium surfaces to prevent peri-implant infection.

Fig. 4.6 Current models of the mechanism of antimicrobial induced-killing peptides; a Barrel-
stave model; b Toroidal pore model; c Carpet model. Adapted with permission from [237]
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Kazemzadeh-Narbat et al. [154] used physically-adsorbed AMPs on micro-porous
calcium-phosphate coated titanium surfaces and proved that had efficient antimi-
crobial activity and acceptable biocompatibility. However, again, physical
adsorption of AMPs resulted in a rapid burst out of the agent from the surface,
which quickly lost its antimicrobial ability. In addition, non-covalent coatings may
develop a concentration gradient from the surface that would lead to the devel-
opment of drug resistance as bacteria get the possibility of gradually respond to the
antimicrobial challenge [155, 156]. Recently, the same research group built up a
covalently anchored antimicrobial coating on titanium surfaces based on hydro-
philic polymer brushes conjugated with the AMPs [157]. The hydrophilic polymer
brushes were tethered on titanium using ATRP. The surfaces were maleimide
functionalized, and cysteine modified AMPs were finally conjugated to the coat-
ings. These tethered AMPs demonstrated excellent in vitro and in vivo antimi-
crobial activity with no toxicity to osteoblasts. We have also immobilized AMPs
derived from the parotid secretory protein using silane chemistry. Our results
proved the sustained antimicrobial activity of the AMPs, resistance to form bac-
teria biofilm, and appropriate cytocompatibility [158].

It is worth noting that AMPs may suffer conformational changes after being
tethered on the surface. It has been previously suggested that soluble AMPs change
their conformation when interacted with bacterial membrane and their subsequent
incorporation is one mechanism for their antimicrobial activities [159, 160]. Gao
et al. [157] confirmed this hypothesis by demonstrating the alteration of CD
spectra of soluble AMPs after interacting with a modal bacterial lipid membrane.
Most interestingly the unlikely soluble AMPs, such as polymer brush conjugated
AMPs changed conformation to a substantially less degree. The spatial confine-
ments of AMPs after being tethered could hinder their complete penetration into
the bacterial membrane. Therefore, the induced disturbance to the bacteria
membrane may trigger other cell death mechanisms that finally confer their
antimicrobial effect.

4.3.1.4 Enzyme-Cleavable Peptides

The importance of proteolytic susceptibility of peptides relies on their ability of
building up a degradable system conducted by enzyme secreted by cells. The
degradation of coatings can trigger controlled release of important motifs that
would add another level of sophistication to the coatings on dental implants. For
example, many implant related infections occur not only as a consequence of the
initial exposure during the surgery but also after a long time of implantation, from
months to years, as bacteria enter into the body through the lungs or wounds and
find the surface of the implant an ideal location to be colonized. A coating with
controlled and sustained release of antimicrobial agents is an obvious improved
system to work towards the long-term success of dental implants.

Biodegradable polymers, such as poly(lactic-co-glycolic acid) (PLGA), have
been widely utilized as degradable carriers in drug delivery and the application of
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antibiotics loaded on PLGA for periodontitis treatment have been also investigated
[161–163]. PLGA degradation is mediated by hydrolysis and thus, with no specific
control. On the contrary, given that most of enzymes are cell secreted, the release
of antimicrobials mediated by enzyme-cleavable peptides is therefore ‘‘cell
mediated’’, in a process that simulates the natural degradation of the ECM.

Two main categories of proteolyzable peptides are matrix metalloproteases
(MMP)-cleavable and plasmin-cleavable peptides [93]. MMP family are produced
by plenty of cells such as activated inflammatory cells (neutrophils and macro-
phages), epithelial cells and fibroblasts. Besides, osteoclasts can secrete MMPs to
degrade collagen and other components of the ECM of soft tissues, which is the
main problem related to periodontitis. Therefore, with the continuous secretion of
MMPs in the peri-implant environment by inflammatory cells in early implantation
stages and osteoclasts in late bone formation stages, MMP-cleavable peptides are
suitable candidates for antimicrobial agent controlled-release systems. Plasmin
acts during wound healing to degrade provisional fibrin matrix generated during
clot formation. It is secreted by blood endothelial cells and platelets. The wound
healing process following implantation may activate plasmin in the peri-implant
environment and thus, cleave suitable plasmin-cleavable peptides.

The most widely used MMP-cleavable peptides are GPQG;IAGQ and
GPQG;IWGQ. GPQG;IAGQ is the MMP substrate site found within the alpha
chain of type I collagen, and GPQG;IWGQ incorporates an amino acid substi-
tution (A/W) to enhance enzymatic activity [164]. Other important peptides
include VPMS;MR and its modified VPMS;MRG and VPMS;MRGG sequences
[93]. Patterson and Hubbell [165] used a combinatorial method of oriented peptide
libraries to test degradation rate of 17 MMP sensitive aminoacid sequences. They
used GPQG;IAGQ (GPQG;IWGQ) as reference peptides, and they assessed
different degradation times for all tested MMP sensitive sequences ranging from
less than 2 days to more than 10 days when incubated with MMPs. When incu-
bated with cells, EGTKKGHK was degraded after 26 days, which constituted the
fastest time for degradation, whereas GPQG;IAGQ took the longest time to be
fully degraded. Therefore, proper selection of the MMP-cleavable peptide can be
done according to the degradation time needed to optimize the antimicrobial
delivery process. It is worth noting that 3D hydrogels incorporating the MMP-
cleavable peptides with the fastest degradation times increased cell spreading and
proliferation.

The most widely used plasmin-cleavable peptide is HPVE;LLAR. This peptide
is also sensitive to a number of MMPs (MMP-2, MMP-7, MMP-9 and MMP-13)
[93]. Many of the plasmin-cleavable peptides are derived from secreted protein
acidic rich in cysteine (SPARC). SPARC, also referred to as BM-40 or osteo-
nectin, is a ECM protein that has been discovered to bind hydroxyapatite to type I
collagen in bone. As a large protein with 4 domains, SPARC contains both hy-
droxyaptite bonding sequence (glutamic acid-rich sequence) and plasmin-cleav-
able sequences which makes this protein a target for further research. Patterson
[166] also tested the degradation time of a total of 12 peptides derived from
SPARC and demonstrated their different degradation rates when submitted to
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plasmin-rich media. Again, this shows the potential for time control of antimi-
crobial agent release. However, peptide sensitivity to proteases is not the only
factor that may determine release rates of the molecules of interest. For instance,
the concentration of protease on the surface and the number of cleavable sites
tethered on the implant surface should also be considered [167].

MMP- and plasmin-cleavable systems have been already tested in several
hydrogel models. Aulisa et al. [168] developed s self-assembly method for pep-
tides that were organized with triblock ABA structure in which the central B
domain contained alternating hydrophilic and hydrophobic amino acids. On the
one hand, the hydrophobic amino acids can drive peptides to be packed together to
form ‘‘hydrophobic sandwich’’ structures. On the other hand, the hydrophilic
amino acids are the functional motifs, such as MMP-cleavable sites. Proteolytic
degradation was confirmed by mass spectrometry and transmission electron
microscopy [169]. Galler et al. [170] tested self-assembled peptide-amphiphile
nanofibers as scaffolds for pulpal stem cells. These peptide amphiphiles were
designed with 4 functional groups: an alkyl tail, an enzyme-cleavable site, a
glutamic acid for calcium binding, and a RGD group for cell recruitment. Other
researches used polyethylene glycol diacrylate (PEGDA) monomer with MMP
sensitive crosslinkers to form a degradable PEGDA hydrogel network [167].
Those experiments, either through self assembly [171] or UV crosslinking, were
aimed to be applied as scaffolds for tissue engineering and regenerative medicine.
The covalent bonding of MMP-cleavable peptides on solid substrates has been just
rarely investigated. Tokatlian et al. reported on the immobilization of
GPQG;IAGQ coated nanoparticles on tissue culture plastic surfaces using biotin
and streptavidin as cross-linking system [172].

4.3.1.5 Multifunctional Coatings with a Combination of Peptides

As previously discussed, surface modification of titanium surface to improve
osseointegration of dental implants by improving cell recruitment and differenti-
ation, biomineral formation, or antimicrobial activity has been widely investigated.
However, the fabrication of advanced multifunctional coatings that bear both bone
regenerative and antimicrobial signals is an ambitious and desired goal that has
been seldom pursued. It is a challenging task, though, as it requires original
designs for the bioactive molecules as well as the methodological steps to obtain a
robust and active coating.

The competition between bacterial adhesion and tissue integration was
described by Gristina [173] as the ‘‘race for the surface’’. The general concept is
that if the bacteria first colonize the surface of the implant to form a biofilm they
win the race as bacteria in biofilms are difficult to eradicate and become resistant to
antimicrobial agents. Thus, cells from the tissue in regeneration can not displace
bacteria from the surface, which leads to decreased tissue integration, occurrence
of infection, and failed osseointegration. Therefore, the simultaneous prevention of
bacteria adhesion and promotion of cell recruitment and differentiation on the
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implant surface can be regarded as crucial in facilitating cells to win the race and
improve clinical performance of dental implants [174].

A post-implantation period of 6 h has been identified as the ‘‘decisive period’’
when an implant is particularly susceptible to bacteria colonization [175]. To
properly balance osseointegration and antimicrobial activity on the surface of the
implant, prevention of bacterial adhesion and stimulation of cellular response
should to be accomplished in early stages after implantation. A barrier of hydro-
philic polymers, either anionic (dextran [176] or hyaluronic acid [137, 177]) or
highly flexible (polyethylene glycol (PEG) [178, 179]) have been used on Ti
surfaces to control bacterial adhesion. They notably hinder protein adsorption as
well as bacterial and cell adhesion due to their non-fouling properties that are
acquired by either electrostatic repulsion or formation of a hydration shell. Those
polymers are susceptible to further functionalization with bioactive molecules to
stimulate osseointegration. By further incorporating cell integrin specific recep-
tors, such as RGD or bone morphogenetic proteins, which are not recognizable by
main bacteria in implant infection [180], simultaneous increased of osteoblastic
functions and decreased bacteria adhesion were observed [181, 182].

Multifunctional coatings with a mixture of peptides with other combinations of
bioactivities have been also recently studied. For instance, we fabricated silanized
titanium surfaces with combination in parallel of RGD and PHSRN peptides that
demonstrated the targeted synergistic effect of the two peptides on osteoblast
adhesion [183] (Fig. 4.7).

4.3.2 ECM Proteins

4.3.2.1 Collagen

Collagen is the major component of connective tissues and accounts for approx-
imately 30 % of all proteins in the human body. Collagen is often found in every
major tissue that requires strength and flexibility, such as tendons, skin, bones, and

Fig. 4.7 Dual-functional coatings on Ti by co-immobilization of PHSRN- (red/dark tag-labeled
in a) and RGD-containing (green/light tag-labeled in b) oligopeptides. The overlapping of the
two fluorescent signals at the surface of the dual-functional coating gave a yellow/brighter figure
shown in (c)
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fascia. Collagen plays a critical role in the evolution of large complex organisms
where it provides an insoluble scaffold for shape and form, for the attachment of
macromolecules, glycoproteins, hydrated polymers and inorganic ions, as well as
cell attachment. Collagen type I and its active peptides play an important role in
osteoblast response [96]. Collagen can accelerate cell adhesion [184] and promote
osteoblast proliferation and differentiation [185].

Collagen and collagen fibrils have been covalently bonded to the surface of
titanium implants by silane chemistry. Collagen type I immobilized to titanium
surfaces using acrylic acid grafting enhanced early osseointegration in in vivo
studies [186]. A significant increase rate of bone growth and bone-to-implant
contact in rabbit fermur on collagen modified titanium implants was assessed in
comparison to non-coated surfaces. That was even though a lower proliferation
rate of SaOS-2 and a non-significant difference in alkaline phosphatase production
was previously detected for the collagen-coated titanium surfaces.

The effect of collagen-modified surfaces on osseointegration of trabecular bone
has also been studied [187]. Results indicated that a significant increase in bone-to-
implant contact and enhanced bone in-growth can be achieved with collagen-
coated implants when compared to control titanium surfaces. Since bone formation
around implants is highly dependent on the recruitment of undifferentiated mes-
enchymal cells with osteogenic differentiation capability, it was suggested that the
collagen layer on implants provided biological advantages over the non-coated
surfaces to adhere and proliferate mesenchymal cells.

The covalent immobilization of type I collagen on implant surfaces can increase
their enzymatic and mechanical stability [188]. It has been recently reported that
the stability of the collagen on the substrate plays an important role on cellular
response [189]. Fibrillar type I collagen was covalently attached via animated
metal surfaces and aspartic and glutamic acid residues in type I collagen that were
activated using an EDC/NHS cross-linking system. An increase in cell adhesion
was found on collagen modified surfaces in comparison to non-coated oxidized
surfaces. Osteoblast-like cells proliferation was also significantly enhanced on
collagen modified titanium and cobalt alloys. However, a significantly increased
cell proliferation on collagen-coated commercially pure titanium was not found
compared with non-coated surfaces of the same metal. In this case, it was sug-
gested that type I collagen is an attractive material for orthopedic and dental
implant coatings due to its osteoconductivity and its potential to serve as a bio-
compatible carrier for bioactive molecules.

4.3.2.2 Non-Collagenous ECM Proteins

Fibronectin and Laminin

Fibronectin is a high molecular weight (400 kDa) glycoprotein having two
homologous subunits which are held by two disulfide bonds near the carboxyl
termini. Fibronectin is expressed during early stages of bone development to
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promote bone mineralization [190, 191]. Endo et al. [62] reported on covalent-
immobilization of human plasma fibronectin on NiTi substrates using silane
chemistry and its effect on cell response. The results showed a significant increase
on fibroblast spreading on the coated surfaces. We recently also assessed that
fibronectin-coated titanium surfaces significantly influenced adhesion and differ-
entiation of SaOS-2 cells both at the gene expression and protein production levels
[44, 192].

Laminin-5, a component of basement membranes, plays a crucial role in the
assembly and maintenance of hemidemosomes which connect the gingival epi-
thelium to dental implants [193]. Laminin has been used to promote the formation
of a biological seal around the transmucosal portion of dental implants. The
laminin-5-derived peptide coating strongly favored the formation of hemidesmo-
somes [194, 195]. Lange et al. [196] immobilized laminin and human epidermal
growth factor (EGF) to promote adhesion of epithelial cells. Laminin and EGF
showed inhibition on adsorption of salivary proteins and bacteria while enhanced
epithelial adhesion.

Growth Factors

While RGD-peptides have been the molecules most largely investigated to mediate
adhesion of cells to substrates, immobilized growth factors have been the selected
ones to study modulation of subsequent cell functions, such as proliferation, dif-
ferentiation, and activity on biomaterial surfaces [197]. However, compared to
investigations with peptides, only a few reports have focused on chemical
immobilization of growth factors on implant surfaces. Most of the published work
is on physical adsorption and/or local administration of these proteins both in
in vitro and in vivo experiments.

Platelet-derived growth factor and insulin-like growth factor have been applied
to the insertion site of titanium dental implants and implanted in dogs with a
notable increase in bone regeneration [198]. EGF was immobilized on polystyrene
plates and induced phosphorylation of the RGF receptor [199]. Immobilized EGF
was as effective as a soluble growth factor in stimulating DNA synthesis in
hepatocytes, too [200].

Bone morphogenetic proteins (BMP) belong to the TGF-b superfamily. They
were originally identified as active components in bone extracts capable of
inducing bone formation at ectopic sites. Three members of the family, namely
BMP-2, BMP-4 and BMP-7 are expressed in bone. BMPs are able to regulate
Runx2 activity through several ways, for example, through Protein Kinase D [201]
or SMAD pathway [202], to regulate osteoblast differentiation.

BMP-2 has been known to play an important role in bone-healing processes and
to enhance therapeutic efficacy. BMP-2 is one of the most effective osseoinductive
factors as demonstrated in many works in the literature [203]. It has been suc-
cessfully applied in repairing segmental defects and alveolar bone defects in
conjunction with implants [204, 205] and Seol et al. [206] used a synthetic binding
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motif to BMP-2 and showed that surfaces modified with BMP-2 enhanced cell
attachment and significantly increased bone growth when implanted in canine
mandibles in vivo compared to untreated titanium surfaces.

BMP-4 can induce osteoblastic responses in non-osteroblastic cells [207].
BMP-4 was immobilized on NH2-rich metal surfaces. Significant amounts of
BMP-4 were retained on the functionlized surfaces, which resulted on higher
osteoblastic activity when compared with surfaces with no biomolecules or with
lower density of initial NH2 groups [60]. Some researchers have suggested that
BMPs are better to regulate bone growth around dental implants than the widely
used RGD peptide because RGDs are cell unspecific [14, 208] whereas BMPs are
not. However, as a locally distributed growth factor, the long term effects of BMPs
to systemic organs need to be further investigated [209].

ECM Glycosaminoglycans

Proteoglycans and their glycosaminoglycans interact with ECM molecules like
collagen and bone cells like osteoblasts and osteoclasts. These molecules further
mediate the attachment of cytokines and growth factors to the ECM or the cell
surface [210]. However, the interactions of proteoglycans and glycosaminoglycans
with cytokines and growth factors are complex in nature. A glycosaminoglycan
and chondroitin sulphate enhanced bone remodeling at peri-implant interfaces
when co-adsorbed with collagen [211].

Hyaluronan, also called hyaluronic acid, is a linear polysaccharide with bio-
activity during cell proliferation, repair and regeneration [212]. Even though
hyaluronan-functionalized titanium surfaces inhibited osteoblast adhesion, the
interaction of hyaluronan with its receptors on cell surface is modulated by
interactions with cytokines transitorily expressed on wound healing [213]. Hya-
luronan covalently coupled to titanium surfaces induced a significant improvement
on bone-to-implant contact and bone ingrowth after 4 weeks of implantation
in vivo studies [214]. Those improvements were more notable on trabecular bone
than on cortical bone.

Biomineralization-Related Proteins with Potential Application as Coatings for
Dental Implants

Glycosylated proteins with RGD motifs. Investigations on ECM proteins with
bone/teeth specific functions led to the discovery of the SIBLINGS family (Small
Integrin-Binding LIgand N-linked Glycoprotein), which included Bone sialopro-
tein (BSP), dentin matrix protein 1 (DMP1), dentin sialophosphoprotein (DSPP),
enamelin (ENAM), matrix extracellular phosphoglycoprotein (MEPE), and oste-
opontin (OPN) [215]. All proteins of the SIBLINGS family contain an RGD
sequence which is able to bind to integrin receptors on the cell membrane, as
described in a previous section of this chapter. The family is also characterized by
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extensive post translational modifications including N- and O-linked oligosac-
charides, many of them rich in sialic acid [216]. Two members of the SIBLINGS
family that have specific roles in bone regeneration are OPN and BSP.

OPN is expressed in osteoblasts just prior to mineralization. It has high affinity
for calcium and it can mediate cell matrix interactions as it contains the RGD
motif. OPN plays a notable role on binding osteoclasts to hydroxyapatite, thus
causing bone resorption. An osteopontin knock-out mouse model showed signif-
icance resistance to bone resorption [217]. Other reports indicated that OPN is
required for bone resorption as it increases angiogenesis, vascularization, and
accumulation of osteoclasts [218].

BSP is a highly phosphorylated protein which is rich in polyglutamic regions.
Thus, BSP is an effective apatite nucleator in vitro [219, 220]. BSP has been
shown to be linear with minimal secondary structure [221, 222], but it contains
several spatially segmented motifs that can bind collagen [223, 224], matrix
metalloproteinases [225], hydroxyapatite [226] and cell membrane integrins [227,
228]. The spatiotemporal expression of BSP at sites of de novo bone indicates its
effect in the onset of mineralization [229]. Studies showed that interference of BSP
and osteoblast binding by addition of anti-BSP antibody leaded to compromised
osteoblast differentiation and reduced mineralization [230]. In contrast, increased
BSP expression improved osteoblast differentiation as well as mineralized nodule
formation [231].

gamma-carboxylated(GLA)proteins. Vitamin K dependent c-carboxylase can
add carboxyl groups to glutamic acids and thus form GLA proteins. Two acidic
carboxyl groups in GLA contribute to calcium binding activity. Two major
members in this family are Matrix Gla protein (MGP) and osteocalcin (OCN).
OCN is specifically secreted by osteoblasts and osteoclasts in bone while MGP is
also highly expressed in cartilage and arteries. MGP is a powerful mineralization
inhibitor. MGP deficient mice showed severe calcification of arteries and cartilage
[232]. Osteocalcin also inhibits nucleation and growth of apatite crystals in vitro,
but considering its late appearance during bone formation, it might be important in
bone remodeling [121].

Alkaline phosphatase (ALP) has a prominent role in bone formation with
multiple functions, including local regulation of phosphate supersaturation [233,
234]. ALP has been already covalently-anchored to an oxide layer of titanium
using silane chemistry without losing its enzymatic activity [59].

Osteonectin was one of the first ECM proteins postulated to have bone specific
functions [235]. The name ‘‘osteonectin’’ means bone connector because this
protein has a strong affinity for both collagen and inorganic calcium-phosphate
minerals. It is theorized to be a positive regulator of bone formation by improving
mineral nucleation. Experiments in mice showed that mutation of the osteonectin
gene caused osteopenia—resulting from low bone turnover—with defects in both
osteoblast and osteoclast activity [236]. A glutamate-rich region in osteonectin has
been suggested to be the site for hydroxyapatite bonding [123].

Elastin-like recombinamers with bone-mineralizing peptide sequences.
Recombinant polymers with bio-mimetic activities can be covalently coated on Ti
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surfaces. In our lab, we have covalently-functionalized nano-rough Ti surface with
a genetically synthesized elastin-like recombinamers carrying a peptide sequence
derived from statherin (HSS), a multifunctional salivary protein. We further
mineralized the HSS coatings using a enzymatically-controlled biomimetic min-
eralization process, in which the obtained homogeneous layer of mineral preserved
the nano-rough topography of the metallic substrate (Fig. 4.8) [65]. This mineral
layer was composed of amorphous calcium phosphate nanoparticles of 10–40 nm
in diameter. Cell culture studies demonstrated that the cellular adhesion was
improved on the HSS-coated Ti after 7 days of biomineralization. Furthermore,
cell differentiation to osteoblasts (expression of ALP and OCN) was stimulated
during 21 days of culture. The biomimetic mineralized Ti surfaces that were
covalently-functionalized with statherin derived recombinant biopolymers pos-
sessed compositional and topographical features mimicking the natural bone, and
are of potential interest for implant applications.

4.4 Outlook

Even though titanium has been now used for several decades to produce dental
implants there is still significant research dedicated to improve its interactions with
cells and tissues. Among the different strategies reviewed here, we believe that
those focusing on obtaining multifunctional coatings are the ones with the highest

Fig. 4.8 SEM image of a Ti surface etched, coated with a recombinamer carrying a peptide
sequence derived from statherin, and mineralization during 7 days through an enzymatically-
controlled biomimetic process. The image shows a coarse mineralized nanorod-like texture that
suggested that calcium phosphate minerals formed specifically around the surface of function-
alized Ti preserving the original nanorough texture
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potential to significantly impact clinical performance of dental implants in the near
future. In that respect, the use of biomolecules to be covalently anchored to the
metal surface is a very attractive strategy as it provides with the desired versatility
and extraordinary specificity. However, notable achievements are still to be
accomplished before these coatings will be available in the dental office. For
instance, the most effective chemical strategies for the immobilization of the
molecules to increase implant shelf life and avoid rapid degradation of the coating
after implantation as well as the methods of sterilization to be applied need to be
further studied. In years to come it is expected that researchers of different dis-
ciplines—engineering, chemistry, biology, dentistry—will continue developing
together new dental implants to expand their application and to improve their
clinical outcome both at short and long term after implantation.
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Chapter 5
Nano-Bio Structures Developed
via Electrophoresis

Cyrus Zamani

Abstract In recent decades, application of electric fields for manipulation of
biological particles has been witnessing a rapid growth. Electrophoresis, in par-
ticular, now is a phenomenon with widespread use in biological applications and
processes for manipulation of biological species such as cells, enzymes and pro-
teins. Electrophoretic deposition (EPD) is a cheap and versatile technique based on
electrophoresis in which charged particles suspended in a liquid medium move
toward a substrate and deposit there following the electric field lines. Historically,
only DC fields have been tried for material deposition since it was theoretically
accepted that AC electric fields cause particles oscillate at their position due to
field reversal in each half cycle. Recently, however, researchers showed that
alternating fields can also be employed for material deposition, a fact which
attracted the attention of scientists to its potentiality in separation, trapping,
assembling, transportation and characterization of nano/bio particles. Works on
bio-particles are performed in a wide range of frequencies. However, low fre-
quencies (below 10 kHz) are not preferred for manipulation of biosepecies. Thus,
experimental and theoretical studies have been focused on application of high
frequency AC electric fields so far. Ceramic particles, in contrast, are not sensitive
to non-aqueous medium without the risk of electrolysis and working at low fre-
quencies becomes possible. Therefore, low frequency AC electrophoretic depo-
sition (LFACEPD) is considered as a promising process for manipulation and
controlled deposition of bioactive ceramic oxide thin films. This chapter deals with
electrophoretic manipulation of oxide nanoparticles—through experiments as well
as theoretical computations—for being deposited as bioactive thin films on sub-
strates of various conductivities introducing some phenomena arising in such
systems.
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5.1 Introduction

The need for small-size products forced researchers in academia and industry to
dedicate their time to the effective methods for downsizing components during the
last decade. This, of course, requires processes which can be adapted to the
miniaturization trends. Compared to conventional devices, advanced miniaturized
instruments are expected to operate in a faster and more efficient manner. Started
with electronic parts, downsizing is now extended to all product categories and
scientific fields including chemical and biological systems. Thus, thanks to
nanotechnology, large size and expensive equipment are now being substituted
with portable products which in many cases are even offered for personal use. The
miniaturization strategies are mainly based on substitution of bulk materials with
thick or thin films (of the same material or modified compositions). Biomedical
and biological thin and thick films are produced through various methods such
as spin coating [1], electrospray deposition [2] pulsed laser deposition [3, 4],
Langmuir–blodgett [5–7], sputtering [8], layer by layer assembly [9–13], and sol-
gel [14] successfully which give coatings in the range of a few nanometers to
several millimeters depending on the technique and adjusted parameters (see
Table 5.1). Each method comes with its advantages and drawbacks. But all these
methods require expensive specialty equipment. Electrophoretic deposition (EPD),
on the other hand, is considered as one of those enabling technologies which does
not require sophisticated systems, a fact which has attracted the attention of sci-
entists to extend its field of applications from ceramic particles to biological
species. Usually, EPD is used for coating purposes although it has been also
introduced as a near-net-shape manufacturing process [15–17]. In addition to its
traditional use in separation of bioparticles such as proteins and DNA [18], suc-
cessful deposition of thick and thin films of bioactive materials and biological
species is already reported [19–22]. Electrophoretic deposition is now used as an
industrial process. However, the process is not fully understood and many aspects

Table 5.1 Typical thickness
ranges obtained by using
various coating processes

Process Typical thickness
range

Powder metallurgy [50 microns
Screen printing [10 microns
Dip coating 50–1,000 microns
Thermal spraying [10 microns
CVD and PVD 0.5–50 microns
Sol-gel 5 nm–10 microns
Sputtering and ion implantation 10 nm–1 micron
Pulsed laser deposition (PLD) 1–200 nm
Electrophoresis 100 nm–100 microns
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remain challenging [23]. This chapter tries to review the applications of electro-
phoretic set-ups in deposition of thick and thin nanobiomaterials. The main focus
will be on the non-uniform AC electric fields which appear to be the most
promising area in particle manipulation and deposition.

5.2 Electrophoresis: Principles

Migration of charged species under the influence of an electric field is called
electrophoresis. The phenomenon occurs in a liquid medium in which, particles are
suspended. It is generally said that positively charged particles move towards
negative electrode (cathode) while negatively charged particles are attracted by
positive electrode (anode), Fig. 5.1; thus resulting into deposition of the materials
in the form of thick or thin films. Electrophoretic deposition (EPD) is, therefore,
considered as a two-step (i.e. particle movement and subsequent deposition on
electrode) material-processing technique with several parameters which should be
optimized to obtain the desired product. Deposited material is, usually, a powder
compact which needs further densification process. The phenomenon has been the
topic of many publications and is already reviewed in many aspects [24–31]. In
this section, therefore, the process is briefly described in order to provide the basic
knowledge needed for manipulation of nano/bio particles for their deposition and
in vivo applications.

Fig. 5.1 Schematic
illustration of a simple
electrophoretic setup.
Charged particles move
towards oppositely-charged
electrode
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5.3 Governing Equations

In electrophoresis, only charged particles can move in response to the applied field.
Particle velocity is dictated by the net charge surrounding the particle which is
different from the surface charge. In fact, formation of a double layer in the
vicinity of the particle surface with oppositely-charged ions and the corresponding
zeta potential determine its speed inside the liquid medium.

A charged particle (q) exposed to uniform electric field (E) will experience the
force (F) defined as follows (known as electrophoretic force):

~Fe ¼ q~E ð5:1Þ

The electrophoretic force is opposed by a friction force, a retardation force due
to the effect of applied field on counter ions, and a relaxation force originated from
displacement between the centers of positive and negative charges (asymmetric
double layer), Fig. 5.2. The classical approach to solve the electrophoretic system
ignores all decelerating forces except friction force so that:

Ftot ¼ ~Fe þ~Ff ð5:2Þ

~Ff is the friction force exerted by the suspending medium and can be calculated
from:

~Ff ¼ �f~v ð5:3Þ

where f and ~v are friction coefficient and particle velocity vector. The friction
coefficient, itself, is a function of particle’s shape and size and can cause particle to
reach a terminal velocity (~v):

~v ¼ q~E

f
ð5:4Þ

The ability of particles to move through the suspending medium is determined
with its mobility defined as:

Fig. 5.2 Forces exerted on a
particle in an electrophoretic
assembly
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l ¼ ~v
~E

ð5:5Þ

In electrophoresis, it is assumed that with addition of particles, the solution is
polarized. To have the system completely known, electrical potential, fluid flow,
and conservation of mass (represented by Poisson, Navier-Stokes, and Nernst-
Planck equations respectively) should be solved simultaneously. This is a difficult
task as no analytical solution exists. Therefore the following equation (proposed
by Henry) gives an estimate of the mobility for low surface charge density
particles:

l ¼ 2en
3g

� �
f ðjaÞ ð5:6Þ

where e; n; g; a, and j are dielectric constant of the solution, zeta-potential,
solution’s viscosity, Particle radius, and the inverse of Debye-length respectively
[32]. Debye-length (j�1) is a deterministic feature of the aqueous systems con-
taining charged particles [33]. Poisson-Boltzmann equation (PB) is used to predict
the Debye-length:

j�1 ¼ 2e2z2n1
ekBT

� ��1=2

ð5:7Þ

where e, z, n1, kB, and T are the charge of electron, valence of the ionic species,
ionic concentration, Boltzmann constant, and temperature respectively.

For extremely small particles, j is so small (j�1 becomes too large) that ja
approaches zero and f ðjaÞ reaches its limit (f ðjaÞ ¼ 1). For large particles, on the
other hand, f ðjaÞ ¼ 1:5 [34].

5.4 DC and AC Electrophoresis

When working with linear fields, DC currents can drive particles toward the
oppositely signed electrode. Symmetric AC fields, however, make particles
oscillate around a fixed point. Until recently, it was believed that employing AC
fields does not result in electrophoresis and this, forced scientists stay away of AC
fields for electrophoretic deposition.

Recently, the possibility of electrophoretic in AC fields was reported where
researchers make use of modified alternating current in such a way that a net
electrophoresis occurs [35–37]. Here, the signals are different in positive and
negative part though the net integral is zero in a full cycle (Fig. 5.3). Therefore the
relationship between electrophoretic mobility and the electric field is no longer
linear, a fact which produces net particle movement in the medium. If the system
parameters are adjusted properly (so that a sufficiently asymmetric field is
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produced), this behavior can be used in creating deposited layers through directing
suspended particles towards substrates.

5.5 Dielectrophoresis

In electrophoresis, charged particles move following the field lines. In other words,
electric charges are needed for the particle to be affected by the field. Dielectro-
phoresis (the term first used by Pohl [38]), however, occurs when neutral dielectric
particles (suspended in a liquid medium) are subjected to a non-uniform electric
field resulting to its polarization [39, 40]. This surface charge redistribution gives
particle the chance to move in the applied field (Fig. 5.4).

Dielectrophoresis (DEP) has the potentiality to manipulate all kinds of particles
whether charged or neutral [41]. The disadvantage is that, in DEP, polarization
forces are weak. Thus, large field gradients are needed in order to have the par-
ticles moving inside the system. Manipulation of particles will require a force
balance in which DEP force is balanced with the drag force (originated from
hydrodynamic interaction between particles in the medium), the Brownian motion
(random motion of particles in response to temperature), and the buoyancy force
(the force exerted by the fluid which opposes the particle weight). In other words,
the total force experienced by particle can be written as:

FTotal ¼ FDEP þ FDrag þ FBrownian þ FBouyancy ð5:8Þ

The drag force is a linear function of particle velocity and depends on the
particle shape and fluid’s viscosity. For a spherical particle of radius ‘‘a’’:

Fig. 5.3 A typical non-
symmetric AC cycle. In a full
cycle, the net integral is zero
(equal area for positive and
negative signals)
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FDrag ¼ �6pgaU ð5:9Þ

where g is the viscosity and U is the particle velocity. The shape dependence is
already discussed by several researchers [42–45]. The equation, moreover, does
not consider the fluid heating.

Particles suspended in a fluid are continuously hit by the fluid’s molecules.
These impingements gain importance especially when particles are extremely
small in size. Random impingements result in particle movement in random paths,
a phenomenon called Brownian motion, Fig. 5.5.

Based on the Einstein’s theory of Brownian motion, the main parameter in the
random displacement of small particles is the diffusion coefficient (D) and particles
follow a Gaussian profile:

Dxj j2¼ 2Dt ð5:10Þ

Fig. 5.4 Polarization and movement of dielectric particles by dielectrophoresis. Non-uniform
fields polarize neutral particles and help them move. The field gradient plays a key role in particle
trajectory

Fig. 5.5 Random movement
of the particle suspended in a
solution. Impingement of the
fluid’s molecules with
particles make them move
randomly
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D ¼ kT

f
ð5:11Þ

Dx is the displacement, k is the Boltzmann constant (1.38 9 10-16 erg/K), T is
temperature, and f is the friction factor. Then, the force is determined to be:

FBrownian ¼ 1

ffiffiffiffiffiffiffiffiffiffi
2kTf

Dt

r
ð5:12Þ

where 1 possesses a random value between 0 and 1, and Dt is the time interval.
The friction factor is different for particles of different geometries. Values are

compared in Table 5.2 [46–49].
Finally, the buoyancy force is calculated based on the following equation:

FBouyancy ¼ gðqparticle � qmediumÞVparticle ð5:13Þ

For spherical particle of radius ‘‘a’’:

FBouyancy ¼
4
3

pa3Dqg ð5:14Þ

where g is the gravitational acceleration and Dq is the density difference between
the particle and the suspending medium. For sub-micron particles, the buoyancy

Table 5.2 Friction factors for different geometries

Particle geometry Friction factor (f) Illustration

Spherical a1 ¼ a2 ¼ a3 ¼ rð Þ f ¼ 6pgr

Disk a1 ¼ a2 ¼ r � a3ð Þ moving
face parallel to a3

f ¼ 16gr

Disk a1 ¼ a2 ¼ r � a3ð Þ moving
edge perpendicular to a3

f ¼ 32
3 gr

Disk a1 ¼ a2 ¼ r � a3ð Þ random
movement

average fh i ¼ 12gr

Ellipsoid a1 � a2 ¼ a3ð Þ moving
parallel to a1

f ¼ 8pga1
2 ln 2a1=a2ð Þ�1

Ellipsoid a1 � a2 ¼ a3ð Þ moving
perpendicular to a1

f ¼ 16pga1
2 ln 2a1=a2ð Þ�1

Ellipsoid a1 � a2 ¼ a3ð Þ random
movement

average fh i ¼ 6pga1
2 ln 2a1=a2ð Þ

Cylinder (nanotube)
a1 ¼ a2 ¼ d=2; a3 ¼ lð Þ

f ¼ 3pgl
ln 2l=dð Þ
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force is neglected since it is overcome by other forces. The force, however, finds a
great importance when particles increase in mass which may result into their
sedimentation.

The force exerted on a particle in an AC field can be expressed as [50]:

FDEP ¼ C:emRe Kf

� �
r Ej j2 ð5:15Þ

In this equation, C is a factor which shows the dependency on particle geom-
etry, em is the real part of the permittivity of the liquid medium, Kf is a parameter
which depends on the complex permittivities of the medium and the suspended
particle, and E is the electric field. When dealing with spherical particles, Kf is
called Claussius-Mossotti factor defined as:

Kf ¼
e�p � e�m
e�p þ 2e�m

ð5:16Þ

where e�p and e�m are complex permittivity of the particle and medium respectively.
Kf is a unique property of the particle in the medium which is used for particle
manipulation [39].

In the case of isotropic spherical homogeneous particles, Eq. 5.15 can be re-
written as [51]:

FDEP ¼ 2pema3Re½KðxÞ�r Ej j2 ð5:17Þ

Equation 5.17 holds true only for DC or stationary AC fields. To calculate the
time-averaged force, both magnitude and phase of the field components should be
taken into account. Thus, the generalized form of the equation will be [39, 51]:

FDEP ¼ 2pema3fRe½KðxÞ�r Ej j2þIm K xð Þ½ �
X

E2rug ð5:18Þ

In the case of bacteria and cells, mobile ions in their structure determine their
conductivity so that:

e�p ¼ e0ep �
jrp

x
ð5:19Þ

In reality, few species come in a spherical homogeneous form and the majority
of particles especially biological materials are inhomogeneous. Therefore, above
models need some modifications for being applicable to biological species. The
most-widely used model for these materials is a multishell structure which can be
adapted to several categories of biological materials. Cells and bacteria are
modeled this way. Depending on the structure, different number of shells is
defined. In the case of viable cells with nucleus, the same model can be used
assuming a shell for the membrane around the nucleus which is then simplified to a
simple spherical model, Fig. 5.6. Detailed analysis of such structures is presented
in [40, 51] and is not discussed here.
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Elongated particles are immediately aligned with the electric field lines as it is
schematically illustrated in Fig. 5.7. For elongated cylindrical particles the
Claqussius-Mossotti factor and the geometry dependent parameter (C) are deter-
mined using following equations [52]:

Kf ¼
ep � em

em
ð5:20Þ

And

C ¼ p
6

r2l ð5:21Þ

In which, r is radius and l is the length of the cylinder. This is the case for many
biological and biomimetic materials. For an ellipsoid aligned with the field, DEP
force (Eq. 5.15) is determined from:

Fig. 5.6 A cell can be simplified for modeling. a, b The schematic illustration of the cell and its
cross section. c, d The whole cell internal sub-structure with cytoplasm is approximated with an
effective permittivity (e*cytoplasm) and the membrane possesses its own complex permittivity
(e*membrane). e Finally, the entire structure is calculated using an equivalent complex permittivity
(e*p) assuming a simple sphere (reproduced from [51] with permission)

Fig. 5.7 A nanotube under
dielectrophoresis aligned
following the field lines. The
net force exerted on the
nanotube can result in particle
movement towards high field
or low field regions (i.e.
downward or upward
respectively)
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FDEP ¼
2pabc

3
emRe K xð Þ½ �rE2 ð5:22Þ

where

K xð Þ ¼
e�p � e�m

e�p � e�m

	 

Aa þ e�m

ð5:23Þ

a, b, and c are ellipsoid’s semi-axes. a represents either the x, y, or z axis and A
is the depolarization factor [26]. Needle-shape viruses (like tobacco mosaic virus)
and many other biological species can be approximated using prolate ellipsoids
(a [ b = c).

Thus, deposition of thick or thin films of bioparticles in the form of cylinders
(e.g. carbon nanotubes [52, 53]), ellipsoids [54, 55], and filaments (e.g. actin [50],
some bacterial cells [56]) may be formulated using above equations. All these
equations assume a uniform and stable particle distribution in the suspension
which, in turn, is a challenging work especially for carbon nanotubes [57].

5.6 EPD of Thin Bioactive Films

Almost all classes of materials—whether organic or inorganic—are successfully
deposited via electrophoresis. Examples are metals, oxides, nitrides, borides, and
different families of polymeric materials such as resins, polyamides, poly-
urethanes, and various categories of copolymers [58].

Among numerous applications of EPD process, traditionally, the most evident
works are done in coating of surfaces. Biomedical applications started with
deposition of coatings on metallic substrates (stainless steels, titanium and tita-
nium alloys) for implants. In such applications, the coating is expected to offer a
bioactive surface (to support the ingrowth and osseointegration) with a high degree
of compatibility to the touching issue. Also, it acts as a barrier preventing direct
contact of the metallic implant with live tissues thus blocking the release of
dangerous metal ions. In this scenario, hydroxyapatite (HA) has a long history and
a great number of works have been concentrated on this material with the formula
Ca10(PO4)6(OH)2. The reason is its similarity to the main mineral component of
the bones and its ability to integrate in bone structure without the risk of
dissolution.

HA coatings are deposited in the form of porous thick films. The porous structure
is a must for osseointegration (direct connection between bone and the implant).
EPD is widely employed in preparation of such structures where fine particles of
PTFE or polystyrene (PS) are used as templates [59, 60]. The advantage of utilizing
polymers is that they facilitate low temperature processing of materials. These
templates are then burned out leaving pores inside the coating. Also, patterned HA
coatings can be prepared for biosensing or other applications [61].
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Apart from the classical case of HA, there exist several other categories of
biomedical materials deposited in the form of thick or thin films via EPD. Other
bioactive materials such as silicate glass, and bioceramics (e.g. zirconia, alumina,
nacre), Biocomposites (e.g. composites of HA with Fe3O4, CaO, CaCO3, or
polymer bioceramic composites), and functionally graded coatings are also
reported [62–67].

Electrochemical processes can accomplish several desirable effects for bio-
applications. In fact, using such methods it is possible to engineer the surface
morphology in order to enhance its bioactivity, and in vivo corrosion resistance.
Moreover, EPD processes are able to create coatings with controlled porous
structure for a programmable drug release inside the body [68]. Among different
classes of materials, those with mesoporous structure can offer a combination of
properties such as porous structure, mechanical strength and biocompatibility.
Mesoporous bioactive glass (MBG) is the most important material studied for
in vitro applications. The tunable pore size and controllable structure of the pores,
introduce this category of materials as a new generation of biomaterials for bone
reconstruction and regeneration, drug delivery, tissue engineering and even tumor
treatment [69–72]. The reason for this selection is that with implanting MBGs
inside the human body, a layer of hydroxycarbonate apatite (HCA, which makes
the inorganic part of the bone) is formed on the surface (i.e. a good bioactivity).
A TEM image of a thin film of MBG presented in Fig. 5.8 shows the ordered
mesostructure of the material with nanometric pore size. In Fig. 5.9, a mesoporous
silica layer is depicted which is covered by protein through EPD. Adsorption of
protein on the host surface is the first stage of integration between the host and
biomaterial and is of great importance since a good bonding is needed to guarantee
the growth of the tissue.

Fig. 5.8 TEM image of
MBG revealing ordered
mesostructure suitable for
in vitro applications
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5.7 EPD of Biological Entities

Technologies based on Electrophoresis are unique since they enable us to work in
a wide range of size from a few nanometers to several microns covering all
biological species from DNA to bacteria. Almost all biological species can be
manipulated by using electrophoresis. This is due to the fact that biological
materials are either charged or they can be polarized easily. From size charac-
teristics point of view, fortunately, a great number of members of the biomaterials’
family lie in the acceptable range (nm-microns) for EPD since they can be pre-
pared in the form of colloidal suspensions. Red blood cells, viruses, bacteria,
DNA, all and all are examples of such bioparticles. Usually, single molecules are a
few nanometers in size. Therefore, thin molecular layers can be deposited if a
proper technique is employed.

In addition to biological species, synthetic materials such as zirconia [73] and
carbon nano-tubes [74] have also gained a big attention due to their excellent
mechanical properties and compatibility to human-body. The extraordinary
combination of high strength and flexibility and their resistance to corrosion
introduces carbon nano-tubes as distinguished candidates for biological applica-
tions. Thus, a great effort is ongoing for deposition of thick and thin films of such
materials as well as other bioactive ceramics on different substrates both for
in vitro as well as in vivo applications. The majority of these works are based on
DEP technique.

Fig. 5.9 SEM image of
mesoporous silica with
enhanced bioactivity. The
protein layer covers the
surface
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5.8 Film Deposition: Simulation and Practice

Prediction of nano/bio particle trajectory is a must for processes such as sorting bio
species and bio-sensing. Manipulation and deposition of nanosized bioparticles
through electrophoretic processes require a deep knowledge on the behavior of the
system under study. In the case of biological systems, water is the preferred
medium. Water, however, is hydrolyzed when DC field are applied (this, in
practice, occurs at voltages about 3–4 V or above), a problem which may result in
high current densities and ruins the integrity of coating due to the formation of
hydrogen and oxygen bubbles on the electrode surface. To solve this problem,
several tricks are tried by researchers such as addition of chemical materials to the
system [75], application of membranes [76], absorbing hydrogen using palladium
electrode [77], or working at low voltages [78]. To these, the utilization of non-
aqueous solutions as the solvent should be added [79]. Nevertheless, none of the
proposed methods can prevent water decomposition and other strategies are nee-
ded to overcome this. Hirata suggested that AC electric fields at frequencies of
about 10 kHz can be used to deposit thick alumina layers from aqueous systems
[80] although his results confirm deposition through a diffusional mechanism
instead of an electrophoretic process. Neirinck et al. employed high frequency AC
fields for deposition of a-Al2O3 films [37]. They stated that although in AC field
particles are exerted to the field reversal in each half-cycle, the field for re-
suspending deposited particles is smaller than the deposition counterpart, thus only
particles weakly connected to the deposited layer are re-suspended. This gives
dense layers. The first report on deposition of Si thick films using non-uniform low
frequency AC field was published by Gardeshzadeh et al. [81]. Aimed at under-
standing the deposition mechanism for extending results to nanobiotechnology,
Riahifar et al. preformed a detailed study on electrophoretic deposition of nano-
bioparticles in non-uniform AC electric fields [82]. They analyzed the system
carefully taking all forces and possible phenomena into account and reached to this
conclusion that in a system comprised of parallel planar electrodes, there exists a
region above the electrode surface where particles can reach electrode surface
following the field lines while particles outside this volume keep in their position
oscillating around a fixed point. Inside this region—called electric field affected
zone (EFAZ)—the field is strong enough to overcome other forces pushing them
towards the substrate where they can deposit, Fig. 5.10. Therefore, different tra-
jectories are seen for particles located at different distances from electrode edge so
that some particles have no chance to reach to the substrate, Fig. 5.11. The
Brownian motion takes the role only if the particle size is below 50 nm which is
much smaller than the size of many biological species. Therefore, it is expected
that following the same trend, thin films of biological materials can also be
deposited.

Based on their findings, increasing frequency leaves no time for the particles to
move towards the substrate, so the chance of deposition is decreased. The process
starts from the electrode edge where the field is intense and as the time passes by,
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the deposited area is extended inside the gap, Fig. 5.12. It should be noted that
particles may also be pushed by the tangential force exerted by electroosmosis so
that a deposition band (parallel to the electrode edge) can be formed away from the
gap space [84]. For frequencies above 10 kHz, particles can aggregate forming
pearl chains. In this case, the field-induced force between particles is proportional

to r3em u�j j2E2 where u� is the Clausius–Mossotti factor [85]. For non-spherical
particles, the stability conditions are satisfied only when the elongated particle is
aligned with the longest axis along the field lines (the phenomenon is also called
electro-rotation and originates from the torque produced in the dipole as a result of
the separation of charge centers). An example of such chains are shown in
Fig. 5.13 where the chains of CdO are clearly seen in the SEM images.

Fig. 5.10 Particles located at
various distances from the
electrode surface experience
different electrophoretic
forces. Nano/bio particles
close to the surface have a
great chance to deposit on the
substrate since they are
subjected to substantially
intense field. Values in
micrometers show the
distances from electrode
surface (reproduced from
[83])

Fig. 5.11 Trajectory of two
particles located at different
positions with respect to the
electrode edge. Both particles
start at the same elevation.
Particle 1 moves towards
electrode which may result
into deposition. In contrast,
particle 2 does not have any
chance to reach to the surface
(reproduced from [83])
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Table 5.3 summarizes the observed mechanisms in different frequency
intervals.

5.9 EPD-Deposited Films: Emerging Applications

One of the interesting findings of Riahifar et al. is the possibility of deposition on
non-conducting substrates. Figure 5.14 depicts the field lines for 2 types of sub-
strates, i.e. an insulator (non-conductive) and an insulator with surface charges

Fig. 5.12 Film formation
process in a dielectrophoresis
assembly with in-plane
electrodes. Deposition starts
from electrode edges where
the field is intense. After
reaching to the gap, the film
starts to form and grow until
the gap is filled (reproduced
with permission from [83])

Fig. 5.13 A thin film of CdO
nanoparticles bridging the
gap. Pearl chain is a well-
suited structure for nano/bio
sensing
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(conductive) [86, 87]. Both simulations and experiments suggest deposition on
insulator surfaces with some charges on the surface (which is the case for many
ceramic materials). This feature may be used in deposition of thin or thick bio-
logical films on ceramic implants. An image of TiO2 nanoparticles deposited on
alumina substrate is presented in Fig. 5.15 where a rather homogeneous film is
obtained. Titania is a photoactive anti-pathogenic material presenting itself as a
disinfectant for viruses and bacteria. Usually, such biocide films are deposited via
sophisticated techniques such as CVD or sputtering [88, 89]. Now, these processes
may be substituted with EPD as a cheap, simple, and reliable method.

Table 5.3 Deposition mechanisms and possible applications of electrophoretically deposited
layers

Frequency
range

Proposed mechanism Application

\1 Hz Oscillatory EP force Coating implants
(only electrodes are covered) (equivalent to DC)

1 to 10 Hz Unsteady-state liquid flow (gap
filling)

Micro-patterning

10 Hz to
10 kHz

AC-electroosmosis Bioparticle separation, screening
nanomaterials

[10 kHz Pearl chain formation Thin and thick films for nano-bio sensing

Fig. 5.14 Effect of substrate
conductivity on field lines for
an electrophoretic assembly
with in-plane electrodes [86]
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5.10 Particle Separation and Sorting

As an important task in biology, bio species are sorted before being deposited on
the substrate. Separation of biospecies using DEP has almost a half century of
history [90].

The field of bioseparation is now of great importance not only in biology, but
also in engineering, protection of global environment, recycling and other disci-
pline. This, however, falls beyond the topic of this chapter and is not discussed
here. Instead, the focus will be on particle sorting for film deposition.

In an electrophoretic setup, sorting and separation of bioparticles and their
immobilization or deposition on the surface is done through adjusting process
parameters in a way that a combination of dielectrophoresis and AC-electroos-
mosis forces provides different paths for particles of different size, geometry or
chemical properties. This results to formation of organized films of sorted species
in various locations of the system as it is indicated schematically in Fig. 5.16. In
this figure (valid for low frequencies) DEP forces are in competition with the fluid
flow induced by electroosmosis. High degree of polarization occurred in rod-like
particles leads to strong interactions between particle and electrode edge following

Fig. 5.15 Mesostructured
TiO2 film deposited via
electrophoresis for in vitro
applications

Fig. 5.16 Sorting
nanobioparticles according to
their geometries. Non-
spherical particles move
towards the electrode edge
where the field is more
intense. On the other hand,
spherical objects tend to
cover the surface
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the field line intensities. So the DEP force can overcome other present forces and
rods move towards the edge and deposit there inside the gap. In the case of
spherical particles, however, swim away from the electrode edge, following the
fluid flow [91, 92].

5.11 Biosensing

Invented in 1916, biosensors—employed for bioanalysis—are considered as
valuable tools of biotechnology and medical sciences, agriculture and military (for
homeland security). Biosensors are known with several names like biochips,
immunosensors, glucometers etc. and are defined as (IUPAC definition): ‘‘An
electrochemical biosensor is a self-contained integrated device, which is capable
of providing specific quantitative or semi-quantitative analytical information using
a biological recognition element (biochemical receptor) which is retained in direct
spatial contact with an electrochemical transduction element’’ [93]. Therefore,
biosensors are members of chemical sensor family comprised of a biologically
driven entity coupled to a transducer analyzing biochemical species.

There exist numerous types of biosensors. Usually, a bioelement is coupled to a
sensor element in order to perform the sensing task. The bioelement (also called
bioreceptor) which receives the analyte (virus, microorganism, etc.) can be a film
made of molecules (e.g. an enzyme, DNA, protein, antibody) or a living biological
system (e.g. tissues or cells). The effect generated by bioreceptor—as a result of its
interaction with analyte—is converted to a measurable signal (electrochemical,
optical, or mass detection) which is then used as the sensor response to the bio-
logical species touching its surface.

Today, the emphasis is on downsizing biosensors in order to receive a high
signal-to-noise ratio. The strategy is based on application of methods which give
small sensors with high selectivity, specificity and sensitivity. Thus, advanced

Fig. 5.17 Optical image of a
thin film of TiO2 deposited on
alumina substrate with
interdigitated electrodes. The
device serves as an
electrochemical (bio) sensor
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miniaturized biosensors are armed with a single layer or composite thin films as
bioelement [94–101]. Currently, EPD is the most widely accepted method for
deposition of such layers [102–111]. The optical image of a TiO2 thin film
deposited on microelectrodes for biosensing is presented in Fig. 5.17. The elec-
trode spacing is completely filled.

5.12 Energy

Environmental issues and the need to renewable and clean energy resources on one
side, and problems such as the increasing demand, growing consumption and
unstable conditions of many countries with the major reserves of fossil fuels, on the
other side, are the main concern of energy sector and make the situation very
challenging. Nowadays, therefore, there is a great tendency to work on energy-
related issues, its production, storage, and transport. Biological thin films are now
extensively studied for applications in green energy systems. Application of
composite bio-films in advanced photovoltaic cells is converted to an emerging
field of research and innovation introducing the next generation of photovoltaic
systems called bio-photovoltaics (BPV). In bio-photovoltaic devices, a photosyn-
thetic organism (made from a biological material such as algae and cyanobacteria)
is used to convert the solar energy into electrical energy. This energy is then used to
provoke a chemical reaction or simply, it runs a current or voltage across the
system. In other words, the power is generated by harvesting electrons from pho-
tochemical and respiratory activities of photosynthetic microbes [112, 113]. The
process is shown in Fig. 5.18 schematically. The advantage of such devices over

Fig. 5.18 Working principle of a bio-photovoltaic (BPV) device (schematic illustration)
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existing PV cells is their low cost and more importantly, the ability to work con-
tinuously (i.e. day and night) and the drawback is their low efficiency.

BPVs, however, are still in laboratories needing intense research in order to
have it commercialized. Recently, scientists in Cambridge University reported a
prototype comprised of several small disk shape parts compacted in one sole
assembly. In their design, both electrodes are constructed from films of carbon
(cathode) and Algae (anode) separated by a proton exchange membrane [114].
Anode coating can be effectively performed by electrophoresis providing a thin
film of biological material of adequate homogeneity.

5.13 Conclusions

Electrophoresis is introduced as a reliable method for deposition of thin and thick
films of biomaterials for in vivo and in vitro conditions. Governing equations are
briefly reviewed based on which, particle trajectory in AC-electric fields are
modeled. Merits of the process for preparation of implants and bio-devices such as
biosensors are mentioned.
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Chapter 6
Diamond-Like Carbon Coated
on Polymers for Biomedical Applications

Atsushi Hotta and Terumitsu Hasebe

Abstract Diamond-like carbon (DLC) has been widely used for many industrial
applications characterized by their outstanding physical properties such as high
hardness, wear resistance, chemical inertness, and biological compatibility. As
DLC consists only of carbon and hydrogen, DLC could be one of the strongest
possible candidates for use as biomedical implants. DLC can also be effectively
coated on materials, including polymeric surfaces in order to modify the polymers
for highly-functionalized and highly-biocompatible materials. Considering bio-
medical applications, the base materials suitable for the deposition of DLC would
be polymers which can create soft, flexible, highly absorbent, cost-effective, and
hence human-friendly materials by carefully selecting and controlling the molec-
ular structures of the polymers.In this chapter, the development process of DLC for
biomedical applications was reviewed. The amorphous nature of DLC from the
viewpoint of the chemical structures was introduced and the possibility of doping/
alloying atomic elements such as fluorine (F) and silicon (Si) into DLC was dis-
cussed. The biocompatibility of the DLC and the alloyed DLC was then outlined.
The interface characteristics between DLC and the base materials for the practical
use of DLC were investigated, including the adhesion property and the surface
fracture analysis of DLC. The adhesion property of DLC, when coated on polymers,
was summarized, where the adhesion forces were found to be different from the
types of the polymers. The fracture surfaces of DLC coated on polymers were also
reviewed when the DLC-coated polymeric specimens were deformed, which would
possibly damage the eventual permeation characteristics of the specimens. The gas
and liquid permeation properties of DLC-coated polymers were also discussed. The
permeation properties would be particularly significant when the DLC-coated
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polymers were effectively used for e.g. drug-delivery systems and dermal (or
transdermal) patches. All these experimental achievements should be highly
important and widely applicable to the investigations of the next generation bio-
medical products using controlled microstructures of DLC/polymer composites.

6.1 Diamond-Like Carbon

6.1.1 DLC

Since the discovery of a diamond-like carbon film in 1971 by Aisenberg and
Chabot [1], active research has been conducted on amorphous carbon films
including diamond-like carbon (DLC). Amorphous carbon is a well-known
material that possesses mixed molecular structures of sp3 and sp2 carbon bonds
with hydrogen bonds. Over the last decade, especially DLC has been actively
studied in the field of material science and engineering. DLC consists of dense
amorphous carbon and/or hydrocarbon with high electrical resistivity, high
refractive index, and high chemical inertness. The mechanical properties of this
film lie between the properties of graphite and diamond; featuring a low-friction
coefficient, low wear rate, high hardness, excellent tribological properties, and
excellent corrosion resistance [2]. These distinguished mechanical, electrical,
optical, and chemical properties have propelled the use of DLC coatings in the
mechanical and electrical industries. Recently, DLC has been found useful in the
food/beverage and biomedical fields due to its excellent properties such as high gas
barrier property and high biocompatibility as well as many other useful mechan-
ical properties. DLC coating is also considered advantageous for widespread use as
e.g. a surface coating material for medical applications, such as coronary stents
[3–5], heart valves [6] and orthopedic implants [7]. By varying the molecular
compositions of amorphous carbon films, the physical properties of amorphous
carbon films can be readily and uniquely controlled to achieve enhanced material
qualities, where DLC presents high hardness, high electrical resistivity, high
refractive index, low friction coefficients, low wear rates, and chemical inertness
[8, 9]. Ferrari and Robertson carefully studied the compositions of DLC and
successfully completed a ternary phase diagram of carbon films shown in Fig. 6.1
[10]. They also reported that when the carbon films contained few hydrogen bonds,
the materials got harder and became well-suited for the hard-coating material
applicable to cutting tools. Hydrogenated amorphous carbon (a-C:H) contains sp3,
sp2 as well as hydrogen bonds and the resulting materials or films become
extremely smooth and flexible, hence a-C:H can be applied for lubricant com-
ponents and flexible plastics. Owing to these attractive physical properties,
amorphous carbon films including DLC and a-C:H in general are being widely
used in the mechanical and electrical fields.
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DLC can be synthesized by various techniques such as radio frequency plasma
enhanced chemical vapor deposition (RF-PECVD), plasma immersion ion
implantation and deposition (PIIID) and filtered cathodic vacuum arc (FCVA)
[11–13]. The properties of DLC are affected by the deposition techniques and the
synthesis conditions employed. For example, PECVD is a commonly used labo-
ratory technique with simple but proper control of the deposition parameters. The
precise controls of the deposition parameters directly affect the chemical structures
of the DLC films such as sp3/sp2 ratio and hydrogen content, changing the prop-
erties from polymer-like to diamond-like. The amorphous nature of DLC opens the
possibility of incorporating elements such as Si, F, P, Ag and N [14–28], which
imparts improved properties to DLC. Moreover, the properties can be controlled
by the content of sp3, sp2 and incorporated elements. For example, Kim et al.
investigated the effect of Si incorporation on the wear-corrosion properties of DLC
[19]. They reported that improved properties were obtained when the bonding ratio
of sp3/sp2 was increased by increasing the Si content from 0 at. % to 2 at. %.
Maguire et al. have demonstrated that Si incorporation enhanced the barrier
properties of DLC, which was also beneficial to the bioresponse [23].

6.1.2 Polymers for DLC Coating

The demand for polymeric materials has also been increasing and highly func-
tionalized polymers are much desired for wider applications to the production

Fig. 6.1 The ternary phase diagram of amorphous carbons. The physical and the chemical
properties of the amorphous carbons can be uniquely controlled by varying the compositions of
sp3, sp2 and, hydrogen bonds. [115]
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materials ranging from biomaterials to eco-friendly materials. Thermoplastic
polymers can be used as recyclable and biomedical materials due to the repro-
cessing nature of the thermoplasticity of the polymers. Polymers are also generally
very flexible as compared with other non-polymeric materials such as metals and
ceramics. Polymers are therefore regarded as base materials best suited for living
organism. In fact, our living body can be considered as hydrogels where biogenic
polymeric networks involve plenty of aqueous medium required for our complex
life activity. An attempt of combining hard DLC with such soft polymers would
expand the original capabilities of DLC and polymers. As was mentioned, DLC is
one of many useful approaches that are industrially broadly used for the surface
modification. The adhesion properties and the fracture mechanism are especially
important for the polymers to be used with DLC. These are discussed later in
Sects. 6.2.1 and 6.2.2 in addition to the explanation as to the barrier properties of
DLC-coated polymers for the application to gas barrier films and a new drug
eluting system.

6.1.3 Biomedical Properties of DLC

6.1.3.1 General Consideration for the Biocompatibility of DLC

Biomedical devices have proven to be effective for the treatment of specific dis-
eases and organ insufficiencies in the aging population. The healing response to
implanted biomedical materials normally involves varying degrees and stages of
inflammation and healing processes, which in some cases leads to serious device
failure. Carbon can be generally well tolerated in the human body. It has been
reported that DLC coatings did not induce any histological changes and that in fact
they showed excellent biocompatibility in an in vivo implantation model [29].
Thrombogenic complications also remain as one of the major and unsolved
problems for blood-contacting devices, such as cardiovascular and interventional
devices (stents, guide wires, and catheters), and artificial organs. The initial local
response to foreign materials and surfaces in the body is primarily catalyzed by
surface-absorbed proteins that can trigger numerous processes, such as cellular
activation, inflammatory and complement activation, and attraction of circulating
platelets. To reduce the risk of platelet aggregation/thromboembolism and com-
plications following the life-long course of anticoagulants, the improvement of the
biocompatibility and hemocompatibility of the used biomaterials has been highly
demanded. Surface coating is one highly efficient method of improving both the
mechanical and the physical properties of the implants that are in direct contact
with blood and tissue. Many groups have been consistently working on a variety of
blood-compatible coatings, including a photoheparin formulation. Heparin is a
potent anticoagulant purified for decades from ruminants or porcine tissues;
however, with the emergence of bovine spongiform encephalopathy (BSE), or mad
cow disease, only the porcine-derived heparin is allowed in the United States and
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Europe. Regulators in Europe, the United States and Japan are also concerned
about the possible side effects of the use of large amounts of heparin for patients,
which makes it difficult or even discontinues to bring heparin-coated products to
the market. Therefore, there has been an urgent need to develop non-biologic
alternatives to heparin coating for medical devices. In fact, some companies made
a decision to suspend the production of heparin-coated catheters and devices,
which should be highly inconvenient and disadvantageous both for medical doc-
tors and patients. Thus, there has been substantial interest in developing conve-
nient and effective ways to modify the surfaces of metal and polymer implants that
have been practically used, to increase the biocompatibility. A number of prom-
ising results for the surface modification by DLC coatings have been obtained by
extensive in vitro and in vivo preclinical studies. For examples, less platelet
adhesion and activation was found associated with a high albumin/fibrinogen
adsorption ratio on the DLC surfaces. Such excellent biocompatibility of DLC
films has also been confirmed in various types of cell culture [2, 5, 7, 30–34] and in
animal models [7, 29]. DLC coating is therefore being considered for widespread
use as a surface coating for coronary stents [3, 4], heart valves [6] and orthopedic
implants [7] in clinical situations.

6.1.3.2 Biomedical Studies and Applications of DLC

The characteristics of DLC described above meet the criteria of biomaterials and
thus provide an opportunity for DLC to be applied in the medical field [32, 35–39].
The potential for biomedical use can be determined by in vitro and in vivo studies
which involve the interaction between the materials and biological cells or pro-
teins. The first major event when a medical device comes into contact with blood
is the adsorption of plasma proteins as well as tissue and complement factors. The
presence of adsorbed proteins has a profound effect on the biocompatibility of
materials and the interaction with blood components. The amount and the com-
position of the proteins adsorbed on the surface are also important for the eval-
uation of the hemocompatibility of the materials. As a rule, gamma globulin and
fibrinogen promote platelet and leukocyte adhesion and possibly activation,
whereas albumin tends to neutralize these effects. The ratio of adsorbed albumin to
fibrinogen was reported to determine the hemocompatibility of biomaterials [32].
According to the report, platelet adhesion followed by aggregation and spreading
is the process by which platelets form thrombus. Platelets respond to minimal
stimulation and become activated when they come into contact with thrombogenic
surface such as injured endothelium, subendothelium and artificial surfaces.
Platelet activation is initiated by the interaction of an extracellular stimulus with
platelet surface, which involves the coupling of the agonist to specific receptors on
the platelet plasma membrane. During activation, platelets attach to the sample
surface and they change shape by developing pseudopodia as their activation level
increases. These activated platelets aggregate and lead to the thrombus formation
on the material surface. The biocompatibility of DLC was investigated in the

6 Diamond-Like Carbon 175



1990s through cell culturing and observing biotolerance after implantation in
animals [2, 38, 40]. Since then, a number of promising results have indicated good
biocompatibility of DLC through in vitro and in vivo preclinical studies. For
example, as mentioned above, less platelet adhesion and activation associated with
a high albumin/fibrinogen adsorption ratio on DLC surfaces and the excellent
biocompatibility of DLC were confirmed in various types of cell culture [7, 30, 31],
while it has also been reported that DLC would not induce any histological
changes, exhibiting excellent biocompatibility [29]. These studies have demon-
strated that DLC presents no toxicity toward certain living cells without inflam-
matory response or loss of cell integrity. In fact, Saito et al. confirmed that DLC
suppressed platelet adhesion and activation by in vitro experiments [41].

Owing to the detailed practical potential of DLC, manufacturers of various
surgical implants have considered a number of biomedical applications of DLC as
a surface coating material for coronary stents, heart valves and orthopedic implants
in the clinical situations. Stents are expandable mesh tubes usually made of metals
such as stainless steel, titanium alloy, cobalt chrome alloy, and nickel base alloy.
The implantation of such stents is a widely accepted procedure for the treatments
of artery diseases such as arteriosclerosis and cardiac infarction. Stents are care-
fully inserted into narrowed arteries before they are expanded to help the arteries
open to restore the blood flow. Although the metals used for the stents are nor-
mally excellent in the mechanical properties while the implantation continues to be
a growth area in the field of interventional procedures, the application of the stents
is basically still limited. This is mainly because the stents suffer from the draw-
backs such as occlusion, restenosis, and stent-related thrombosis. The major side-
effects of the stents are thrombosis and allergic reactions due to the release of
metal ions, which should be eventually prevented. Coating the stent surface with
biocompatible and protective materials is thus an effective way and DLC has
attracted much attention as such coating materials, having yielded a number of
promising results. The thrombogenicity of stents is associated with platelets,
predominantly with activated platelets. Patients undergoing coronary angioplasty
and stenting procedures are known to be at higher risk for reocclusion and
restenosis of the vessels when platelets express increased numbers of activation-
dependent antigens. Shear forces and blood-biomaterial interaction induce the
activation of platelets. Along with medical approaches and technical alterations to
the interventional procedures such as intravascular ultrasound-guided stenting and
high-pressure implantation techniques, a major focus of efforts to further reduce
stent-associated thrombosis and in-stent restenosis has been given to the
improvement of biocompatibility. One of the problems of vascular stenting is the
thrombogenicity of stent metal itself. In situ thrombus formation sets the stage for
the temporal cascade of molecular and cellular reactions that cause extracellular
matrix deposition by modified smooth muscle cells and remodeling, which leads to
restenosis due to intimal hyperplasia. All currently available stents are made of
metal and the most recent available stents are manufactured using SUS316L
stainless steel and nickel–titanium alloy (nitinol). Gutensohn et al. reported that a
significant release of metal ions such as nickel and chromium was detected from
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the surface of uncoated stent, which might enhance the platelet activation and
leukocyte activation in the surrounding tissue [4]. Some in vitro and in vivo studies
using DLC-coated stents have also been presented. Gutensohn et al. analyzed the
intensity of platelet activation antigens CD62p and CD63 in in vitro experiment
[4]. They showed that DLC coating onto SUS316L coronary stent resulted in a
decrease in the concentrations of CD62p and CD63 antigens indicating low
platelet activation on DLC and low tendency of thrombus formation. They also
mentioned that the metal ion release from SUS316L stents may negatively affect
the surface hemocompatibility, which could be suppressed by DLC coating.
Schaefer et al. reported a successful implantation of DLC-coated nitinol stents
[42]. There the DLC-coated stents were used for endovascular treatment of
superficial femoral artery occlusive disease and their results showed a 100 %
patency rate at 12 months after intervention. Because of the good hemocompati-
bility of DLC, some companies have already owned DLC-coated implants which
are either commercially available or in the state of development. For example,
Phytis, a medical device company, sells DLC-coated stents on which they report a
reduced rate of restenosis due to DLC coating and necessary target revasculari-
zation in only 3.27 % of the lesions treated. Airoldi et al., on the other hand,
reported that DLC-coated stents did not provide significant improvements over
stainless steel stents [3]. They randomly compared DLC-coated stents with
stainless steel stents during the treatment of coronary artery disease of 347
patients. The 6-month follow-up results showed no significant differences in rates
of binary restenosis and cumulative major adverse cardiac events. Hence, to
confirm the potential of DLC-coated stents, more systematic in vitro and in vivo
analyses on the performance of DLC-coated stents should be required. In this
article later, we will report that drug-eluting stent has a dramatic impact on en-
dovascular therapy for coronary artery diseases. Avoiding systemic toxicity, stent-
based local drug release at the site of vascular injury via a polymeric-coated stent
is an attractive therapeutic method of achieving an effective local concentration of
drug for a designed period. The safety and the efficacy of such an approach
critically depend on the delicate combination of drugs, polymers, and the kinetics
of release. Drug-eluting stent is a device releasing into the bloodstream with single
or multiple bioactive agents that can deposit in the blood or affect tissues adjacent
to the stent. Drugs can be simply linked to the stent surface, embedded and
released from within the coated polymer materials or surrounded by and released
through a carrier. The carrier can coat (strut-adherent) or span (strut-spanning) the
stent struts. A recently published pooled analysis of 11 experimental trials sug-
gested that drug-eluting stents showed benefits over bare metal stents by reducing
the need for later revascularization and the risk of cardiac events [43]. Although
the safety profiles of coronary drug-eluting stents did not seem to differ from those
of bare metal stents in the short-to-medium term, concern has arisen about the
potential for late stent thromboses related to a delayed endothelialization of the
stent struts. McFadden et al. suggested that the potential risk of stent occlusions
should be considered when the discontinuation of antiplatelet therapy was con-
templated in patients with drug-eluting stents [44]. Their findings had potentially
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serious clinical implications. Future stents should be made less thrombogenic and
biocompatible by modifying the metallic surface or coating it with antithrombotic
and/or antiproliferative agents or a membrane eluting antithrombotic and/or
antiproliferative drugs. Therefore later in Sect. 6.4, a new coronary artery stent was
proposed, consisting of DLC-coated polymer containing drug, which could over-
come such current embarrassing biomedical situations.

6.1.4 Fluorine-Incorporated DLC and Other Doped DLC

Saito et al. synthesized fluorine-incorporated DLC (F-DLC) and verified that
F-DLC significantly reduced platelet adhesion and activation when compared with
DLC [41]. The scanning electron microscopic (SEM) images of adherent platelets
of their experiment are shown in Fig. 6.2. As mentioned above, the ratio of
adsorbed albumin to fibrinogen determines the hemocompatibility of biomaterials.
Hasebe et al. investigated the ability of DLC and F-DLC to adsorb albumin and
fibrinogen. As shown in Fig. 6.3, and found that a higher ratio of albumin to
fibrinogen adsorption was observed on DLC when compared with polycarbonate
(control) [17]. F-DLC presented an even higher ratio of albumin to fibrinogen
adsorption, which could account for the excellent hemocompatibility of DLC as
well as F-DLC. The detailed biocompatibility of F-DLC will be explained later in
Sect. 6.1.6.

One of the major limitations of the hard coating technology is the emergence of
micro-cracks on the coated surfaces [45]. After the hard coatings with possible
high internal stress, interface cracks could lead to the complete delamination of the
coating. The flaking of DLC coatings was occasionally observed not on the
polymer substrates, but especially on the metal substrates due to the poor adhesion
with metals and cracking. The crack spacing was observed to increase with
thickness, being saturated beyond *500 nm [23]. The DLC coatings must
therefore be optimized in order to minimize the risk of film breakdown. Doping of
some elements into DLC films or use of a-Si:H/a-Si:C:H interlayer possibly helps
minimize the risk of an adhesion failure or film cracking. There have been several

Fig. 6.2 SEM images of adherent platelets on a Si, b DLC, and c F-DLC surfaces [116]
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recent attempts to improve the tribological properties of DLC coatings by adding
elements such as Si, F, N, O, W, V, Co, Mo, Ti, and B, or combinations of these
elements into the film [32, 46]. Different film properties, such as tribological
properties, electrical conductivity, surface energy, and biological reactions of cells,
when in contact with surface, could therefore be continuously adapted to desired
values. For example, surface fluorination of materials has generally been found to
create surfaces with improved blood compatibility, hydrophobicity, and chemical
stability [47]. It has been reported that the incorporation of fluorine into the DLC
film greatly reduces the surface energy [48, 49] and the film hardness, largely
preserving other DLC properties [50]. The elastic features of F-DLC would be
advantageous for the coating of three-dimensional medical devices. Saito et al.
have recently reported quantitative and morphological studies of platelet adhesion
to DLC films or F-DLC-coated silicon (Si) and bare Si substrates incubated in
platelet-rich plasma [41]. In the study, it was found that F-DLC showed the best
antithrombogenicity among the tested samples. In addition, F-DLC coating
reduced the number of platelets, which also inhibited platelet activation on the film
surface with statistical significance. The same tendency of platelet attachment and
activation has been confirmed on DLC or F-DLC films deposited on polymers as
when using Si substrates. The data demonstrate that F-DLC is a promising

Fig. 6.3 Albumin (a) and fibrinogen (b) absorption on uncoated, DLC-coated and F-DLC coated
PC substrates. Protein levels were assessed using the micro-BCA assay. The albumin/fibrinogen
ratio is shown in (c) [116]
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candidate for the coating material targeting blood contacting devices, such as
cardiovascular interventional devices, artificial organs, and pacemakers.

6.1.5 Structural Analysis of F-DLC

As was mentioned above, F-DLC has recently drawn a great deal of attention as a
more non-thrombogenic coating than conventional DLC for blood-contacting
medical devices. The quantitative depth profiling of F-DLC film by X-ray pho-
toelectron spectroscopy (XPS) was conducted in order to elucidate the effects of
fluorine and fluorine distribution in F-DLC film in connection with the prevention
of surface blood adhesion. F-DLC films were prepared on silicon substrates using
the radio frequency plasma enhanced chemical vapor deposition method, and the
thickness of films was detected as *50 nm. 50-nm-thick F-DLC film samples
were etched at 10-nm thickness intervals using argon plasma for each surface
specimen to be examined by XPS. Each etched film layer was incubated thereafter
with platelet-rich plasma isolated from human whole blood, and the platelet-
covered area per unit area was evaluated for each surface. XPS spectra revealed
the localization of doped fluorine in the topmost thin layer of the film. Platelet-
covered areas represented progressively larger portions of the surfaces of deeper
etched layers, corresponding to the decreasing fluorine content in such sample
surfaces. These results indicated that the localized fluorine in the top-most thin
layer was one of the key factors in the promotion of the non-thrombogenicity of
F-DLC film.

A large number of medical devices such as hip joints, vascular grafts, artificial
heart valves, interventional devices (stents, guidewires, and catheters), dental roots,
and intraocular lenses have been gaining prominence with the development of
medical engineering and are increasingly implanted into human bodies every year.
However, almost all biomaterials are far from completely biostable or inert and
thrombogenic complications remain among the main problems associated with
blood-contacting devices. As was already mentioned, diamond-like carbon (DLC)
has been actively studied, and a number of promising results have indicated the
good biocompatibility, hemocompatibility, and non-thrombogenicity of DLC film
[2, 5, 7, 30, 31, 33, 34]. In addition, we previously introduced the fluorine doping in
DLC film (F-DLC) that markedly enhanced nonthrombogenicity in human blood
[16, 41, 51]. The key factors for the nonthrombogenicity of F-DLC, such as those
concerning mediated proteins, surface chemical properties, wettability, and surface
structure will be summarized. The mechanisms of this non-thrombogenicity have
not been fully elucidated. Here in this section, particularly the distribution of
fluorine in F-DLC film was examined for the evaluation of the relationship between
such distribution and the non-thrombogenic properties of F-DLC in human blood.
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6.1.5.1 XPS Depth Profiles of F-DLC Film

Figure 6.4 shows the C1 s and F1 s XPS spectra for each F-DLC film surface. The
horizontal axis corresponds to binding energy (eV) and the vertical axis to
intensity (arb. unit). The spectrum of the top-most surface could be divided
into four main peaks, which were centered at *284.4 (C–C bond), *287.0
(C–CF), *289.0 (C–F) and *292.0 eV (C–F2), respectively. While the peak
intensity figures for the C–C bond increased, those for bonds between carbon and
fluorine such as C–CF, C–F, and C–F2 decreased from the top-most surface
through successively deeper etched layers. In addition, the peak intensity of the
F1 s spectra dramatically decreased from the top-most surface to successively
deeper etched layers. These results indicate that doped fluorine was localized in the
top-most thin layer of the film. From the deconvolution of the C1 s spectrum,
fluorine-to-carbon ratios (F/C) can easily be calculated based on the integrated
intensity of the various components of the C1 s spectrum by the following
equation:

F

C
¼ 3ICF3 þ 2ICF2 þ ICF

IC1s
ð6:1Þ

where C1 s is the total area under the C1 s signal and C1x is the peak area of each
fluorinated group [52]. The values of the XPS chemical composition (atomic
percent) for F-DLC film samples were calculated based on the area of each peak of
C bonds, which were expressed as the mean values of 3 replicates with its
corresponding standard deviation. The values were compared using a t test, and the
differences were considered statistically significant when p was less than 0.05. The
fluorine contents in each F-DLC film layer were calculated, and the depth (nm) and
the vertical axis to F/C (at. %) was analyzed. The values for F/C on the topmost
surface, ‘‘-10’’, ‘‘-20’’, ‘‘-30’’ and ‘‘-40 nm,’’ were 23.2 ± 1.0, 14.4 ± 1.3,

Fig. 6.4 C1 s and F1 s spectra from XPS for the top-most surface of F-DLC film and each
exposed layer by argon etching process [117]
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14.0 ± 1.3, 14.4 ± 0.7, and 14.7 ± 0.8 %, respectively. It was found that, among
all surfaces, the F/C ratio for the top-most surface was the highest, and there were
no significant differences in ratio among deeper layers. These results would be
attributable to the competition between the attachment of CFx species and the
etching of fluorine atoms in the process of film growth [53–56]. It was reported that
the higher electronegativity of fluorine with respect to hydrogen promoted the
formation of C–F bonds (5.6 eV) that were stronger than C–H bonds (3.5 eV) [57].
These data indicate that the C–H bonds are broken more easily than the C–F
bonds, which provides the opportunity for the substitution of fluorine for hydrogen,
eventually leading to the stability of the film. In addition, increasing the
fluorination of the film could contribute to the formation of C–F bonds rather than
C–H bonds [58]. However, the formations of CF, CF2, and particularly CF3 would
lead to the termination of the carbon network, which could be an obstacle to the
growth of the film. Therefore, fluorine atoms that were known to etch a fluorinated
layer would definitely dominate the process of the ablation of the newly formed
fluorinated layer during the deposition of the film, while both fluorine atoms and
CFx species could contribute to the formation of a fluorinated layer [53, 54, 56]. At
the end of the deposition, such an ablation is less likely to occur, because the top-
most surface is the terminal portion of the film and there will be no further need to
help and induce the grow. As a result of higher bonding energy, the bonds
saturated by fluorine atoms in the terminal positions do not allow for the
substitution with hydrogen, particularly in the top-most surface reactions [59].
These phenomena can represent a possible reason why, among all surfaces, the
top-most surface had the highest F/C ratio.

6.1.5.2 Contact Angle Measurement

From the results of the measurements of the contact angles of purified water droplets
on the surfaces of F-DLC films, it was found that the contact angle was significantly
higher for the top-most surface of F-DLC (81 ± 3�) than for the other etched surfaces
of ‘‘- 10’’, ‘‘-20’’, ‘‘-30’’, and ‘‘-40 nm’’ surfaces, for which the values were
56 ± 4�, 50 ± 6�, 45 ± 6�, and 50 ± 4�, respectively (‘‘the top-most surface’’
versus ‘‘each etched surface’’; p \ 0.05).The results indicate that the top-most sur-
face was the most hydrophobic. This was highly due to the presence of polar bonds
such as C–F and C–CF in the top-most surface, as was mentioned above.

6.1.5.3 Surface Roughness

Ra was observed via AFM for the top-most surface and each etched layer,
and the resulting values for the top-most surface and the ‘‘-10’’, ‘‘-20’’, ‘‘-30’’ and
‘‘-40 nm’’ surfaces were 0.5 ± 0.1, 1.1 ± 0.6, 1.3 ± 0.5, 1.3 ± 0.5, and
0.7 ± 0.2 nm, respectively (‘‘the top-most surface’’ versus ‘‘each etched surface’’;
p \ 0.05). Although argon plasma etching increased surface roughness, all Ra values
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were less than 100 nm. According to the studies, which will also be introduced later
[60], it was proven that this range of surface roughness (less than 100 nm) did not
affect the degree of nonthrombogenicity of F-DLC film.

6.1.5.4 Platelet Adhesion and Activation

Using computer-aided image analysis, the number of adherent platelets and
platelet-covered area were determined as markers of surface thrombogenicity. Both
the number of platelets and changes in morphological shape in active platelets are
factors relating to platelet-covered surface area of the substrate. Thus, calculating
platelet-covered area/unit area provides an index that reflects platelet adhesion and
activation. By investigating the representative optical microscopic images of
adherent platelets on each surface, it was found that the number of adherent
platelets was progressively higher for each deeper etched layer. Figure 6.5 indicates
platelet-covered area per unit area (67,500 lm2) for each surface of F-DLC film.
Among all surfaces, the value for the top-most surface was the lowest, indicating
that the platelet adhesion on the top-most surface was significantly inhibited as
compared with that on other etched layers.

In summary, F-DLC films were deposited on Si substrates using the RFCVD
method from a mixture of acetylene (C2H2) and hexafluoroethane (C2F6). Local-
ized fluorine was observed in the several nanometers of the top-most thin layer via
XPS measurements. This concentration of fluorine improved the water-shedding
property of the film. This study was limited in that depth profiling focused par-
ticularly on fluorine distribution on an argon-etched surface measured via XPS. To
obtain more precise information on the variation of composition with depth below
the initial surface of F-DLC film, SIMS (secondary ion mass spectrometry) or
Auger depth profiling would be more useful for the analysis of distribution of
fluorine and other elements; however, in this case, with regard to practical
applications relating to blood-contacting medical devices, the objective was to
determine the exact effects of fluorine incorporated in DLC film by incubating each
etched surface of F-DLC film with human blood. The results of the platelet

Fig. 6.5 Platelet-covered
area per unit area at each
layer with different depths of
F-DLC film [117]
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incubation study indicated that a fluorine-rich top-most surface dramatically
inhibits platelet adhesion, and the number of adherent platelets increases with
the decrease of the fluorine content. From this study, it can be concluded that the
localization of fluorine in the top-most surface is a key factor in promoting the
non-thrombogenicity of F-DLC film.

6.1.6 Biomedical Properties of F-DLC

The first major event when a medical device comes in contact with blood is the
adsorption of plasma proteins. As was mentioned above, the protein adsorption on
the material surface leads to the activation of the blood coagulation cascade and
the inflammatory process, which could impair the lifetime of the material. Various
efforts have been made to minimize protein adsorption and platelet adhesion.
Diamond-like carbon (DLC) has indeed received much attention because of their
antithrombogenicity. In addition, coating silicon substrates with fluorine-doped
diamond-like carbon (F-DLC) was found to drastically suppress platelet adhesion
and activation. In this section, the protein adsorption on the material surfaces was
evaluated and the relationship between protein adsorption and platelet behaviors
was clarified, using polycarbonate and DLC- or F-DLC-coated polycarbonate. The
adsorption of albumin and fibrinogen were assessed using a colorimetric protein
assay, and platelet adhesion and activation were examined using a differential
interference contrast microscope. A higher ratio of albumin to fibrinogen
adsorption was observed on F-DLC than on DLC and polycarbonate films, indi-
cating that the F-DLC film should prevent thrombus formation more effectively.
Platelet adhesion and activation on the F-DLC films were more strongly sup-
pressed as the amount of fluorine doping was increased. These results show that the
F-DLC coating may be highly useful for blood-contacting devices.

Blood-contacting medical devices are widely used to treat specific diseases;
however, almost all biomaterials have been far from being completely biocom-
patible and inert. As was summarized above, the biocompatibility of blood-con-
tacting devices is mainly related to the thrombotic response that they induce and
the thrombogenic complications caused by the materials could eventually trigger
life-threatening device failure. Platelet adhesion and activation following
adsorption of proteins on foreign surfaces plays a central role in thrombosis. The
first event when a medical device comes in contact with blood is the adsorption of
plasma proteins [52]. This leads to the platelet adhesion and activation and sub-
sequently to thrombus formation. Therefore, to determine the biocompatibility of a
new material, blood protein adsorption on the material surfaces, and adhesion/
activation of platelets must be assessed. To improve the blood compatibility of
blood-contacting devices, surface modifications or surface coatings should be
carefully considered. Heparin, as was mentioned above, is indeed a potent anti-
coagulant purified for decades from ruminants or porcine tissues; however, with
the emergence of bovine spongiform encephalopathy, or mad cow disease, only
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porcine-derived heparin is allowed in the United States and Europe. Therefore,
there is an urgent need to develop nonbiologic alternatives to heparin coating for
medical devices. A fluorinated diamond-like carbon (F-DLC) coating on stainless
steel (SUS316L) was found to present better biocompatibility than a DLC coating
in an in vitro rotation model, using human whole blood [16]. Furthermore, doping
fluorine into DLC films greatly reduced its Young’s modulus and surface free
energy [61, 62], while largely preserving its other properties [50]. The incorpo-
ration of fluorine also improved the flexibility of DLC [61, 62] which allowed its
use in medical devices where the coating was subjected to substantial deformation
and movement, such as in tubes, guidewires, and stents. In this section, we
summarized the hemocompatibility of F-DLC films on a polycarbonate (PC)
surface, which is commonly used in various blood-contacting medical devices.
Several types of F-DLC films were synthesized on PC substrates by varying the
ratio of hexafluoroethane (C2F6) and acetylene (C2H2). Accordingly, the abilities
to adsorb albumin and fibrinogen were measured, and the adsorption and the
morphology of platelets were investigated, which adhered to the surfaces, followed
by the incubation with platelet-rich plasma (PRP).

6.1.6.1 Characterization of Films

The chemical structure of the F-DLC films was examined by XPS. The C1 s
spectrum of the F-DLC film could be deconvoluted into five Gaussian peaks
corresponding to CF3 (293.2 eV), CF2 (290.95 eV), CF (288.8 eV), CCFx

(286.5 eV), and CC (284.9 eV). The absolute binding energies of CF3, CF2, CF,
CCFx, and CC are within previously reported ranges [57, 62–64] of 292.6–294,
290.3–292, 287.8–289.3, 285.5–287.3, and 283.4–285 eV, respectively. The ratio
of fluorine to carbon atoms (F/C) can be calculated by Eq. (6.1) in Sect. 6.1.5.1
from the integrated intensity of the various components in the deconvoluted C1 s
spectrum [52]. The results from the deconvolution of the C1 s spectrum are shown
in Fig. 6.6. The values of XPS chemical composition (atomic percent) of F-DLC
films were calculated by the area of each peak of C bonds and expressed as mean
percent ± standard deviation (n = 3). From the calculation, it was found that the
main peaks of all F-DLC films were CC bond. As shown in Fig. 6.6, F-DLC20 and
F-DLC40 films contained few fluorine bonds. The F-DLC60 film, however, had a
much higher level of fluorine than the F-DLC20 and F-DLC40 films. Furthermore,
the F-DLC80 film had a *25 % fluorine-to-carbon ratio.

6.1.6.2 Contact Angle Measurements

Contact angles of a drop of water (10 lL) on F-DLC films were measured. The
contact angle was significantly higher for PC (substrate) (85.7� ± 1.3�) than
for the substrates coated with DLC (64.9� ± 1.6�), F-DLC20 (65.1� ± 2.7�),
F-DLC40 (64.9� ± 1.6�), or F-DLC60 (77.6� ± 2.9�) (p \ 0.05). The contact
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angle for F-DLC40 was the lowest, and it was nearly to the same as that for
F-DLC20 (no statistical difference). The contact angle for the DLC-coated sub-
strate was significantly lower than that for F-DLC20 or F-DLC40 (p \ 0.05). The
F-DLC60 group had a significantly higher contact angle (77.6� ± 2.9�) than that
of F-DLC20 or F-DLC40 (p \ 0.05), and F-DLC80 had the highest contact angle
(90.9� ± 3.5�; p \ 0.05 for F-DLC80 versus F-DLC60 and for F-DLC versus the
PC substrate). The contact angles of F-DLC films increased as the ratio of C2F6 to
C2H2 increased. According to Fig. 6.6 the fluorine-to-carbon (F/C) ratios in
F-DLC20 and F-DLC40 films were much lower (nearly equal to 0) than those
of F-DLC60 and F-DLC80. The F/C ratios were much higher in the F-DLC60 and
F-DLC80 films, indicating that they were highly hydrophobic. The large ratios of
fluorine-to-carbon could lead to a low surface energy on F-DLC films and increase
the contact angles of water drops on them. The high hydrophobicity of F-DLC60
or F-DLC80 was consistent with their fluorine-to-carbon ratios (Fig. 6.6).

6.1.6.3 Platelet Adhesion

Figure 6.7 shows the number of platelets per unit area adhering to the surfaces of
PC substrates and substrates coated with DLC, F-DLC20, F-DLC40, F-DLC60,
and F-DLC80 films after 60-min incubation with PRP. The number of platelets
adhering to DLC films was approximately one third of that on PC substrates;
however, there were no significant differences in the number of adherent platelets
between DLC, F-DLC20, and F-DLC40 films. The number of platelets adhering to
F-DLC60 and F-DLC80 films was significantly lower than the number on DLC
films. Thus, as the F/C ratios in the F-DLC films increased, the number of adherent
platelets decreased.

Fig. 6.6 F/C ratio in the F-
DLC films determined by
XPS [17]
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6.1.6.4 Platelet Activation

Representative DIC microscopic images of platelets on a PC substrate or substrates
coated with DLC and F-DLC80 films are shown in Fig. 6.8a and Fig. 6.8b,
respectively. The cellular morphology was divided into five grades according to
Goodman et al. [65] and Allen et al. [66] as mentioned earlier. Many activated
platelets in a spread state (grades 4 and 5) were adhered to the PC substrates
(Fig. 6.8a). It was found that almost all platelets attached to DLC films were in
grades 3 and 4. The morphologies of the platelets on F-DLC20, F-DLC40, and
F-DLC60 films were analyzed. Inactivated platelets (grade 1) and slightly acti-
vated platelets (grade 2) were observed on F-DLC films, and a few of the platelets
extended pseudopodia, indicating an early stage of activation (grade 3). Very few
of the platelets adhering to F-DLC80 films were activated (Fig. 6.8b). Figure 6.9
shows the number of adherent platelets per unit area (1,500 lm2) according to
morphological grade. Platelets adhering to the PC surface were most frequently
grade 5, whereas those on the DLC and F-DLC surfaces were mostly grade 2 and
grades 1/2, respectively.

6.1.6.5 Protein Adsorption

The amount of albumin and fibrinogen adsorbed to the PC substrate and the
substrates coated with DLC and F-DLC60 was measured using the micro-BCA
assay (Fig. 6.3). As shown in Fig. 6.3a, the PC substrate adsorbed the highest level
of albumin. The second highest adsorption was by the DLC-coated substrate, and
the least was adsorbed by the F-DLC60-coated substrate. The same order of
protein adsorption was observed using fibrinogen (Fig. 6.3b). A higher ratio of
albumin to fibrinogen adsorption was observed on the substrate coated with
F-DLC60 compared with the DLC-coated substrate or the PC substrate (Fig. 6.3c).

Fig. 6.7 The number of
platelets adhering per unit
area (1,500 lm2) after
60 min on PC substrates and
substrates coated with DLC
or F-DLC [17]
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These results indicate that the F-DLC60 coating should prevent the thrombus
formation most effectively.

The adsorption of protein on uncoated PC and PC coated with DLC or F-DLC
was investigated, and the relationship between protein adsorption and the
adsorption and behavior of platelets was examined. When a foreign material is
exposed to blood, it first adsorbs plasma proteins, leading to the activation of
coagulation pathways or the adhesion and activation of platelets, and finally the
formation of an insoluble fibrin network or thrombus. Because plasma proteins are
rapidly adsorbed onto the surface of foreign biomaterials, they have profound
effects on the biocompatibility of biomaterials and their interactions with blood
components [67, 68]. It is generally recognized that platelet adhesion to surfaces is
inhibited by the prior adsorption of albumin but enhanced by the adsorption of
gamma globulin or fibrinogen [69]. Therefore, the amount and nature of the
plasma proteins adsorbed on the surface are crucial determinants of the biocom-
patibility of biomaterials. Albumin and fibrinogen as plasma proteins were studied
because the ratio of albumin to fibrinogen has been reported to be useful for
assessing the biocompatibility of a biomaterial. Specifically, a higher ratio of
albumin/fibrinogen corresponds to the lower number of adherent platelets on the

Fig. 6.9 The number of
platelets adhering per unit
area (1,500 lm2) after
60 min on PC substrataes and
substrates coated with DLC
or F-DLC according to
morphological grades [17]

Fig. 6.8 Representative DIC microscopic images of platelets adhering to (a) PC substrates or
substrates coated with (b) F-DLC80 after 60-min incubation [17]
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sample surfaces [35, 54]. Albumin is the major constituent of blood plasma and is
one of the smallest plasma proteins. Many previous studies show that adsorption of
albumin passivates biomaterial surfaces, reducing both proinflammatory and
thrombogenic responses [70–72]. Fibrinogen is a key protein in the blood coag-
ulation cascade, which enhances the adhesion and activation of platelets [58].
Fibrinogen supports platelet adhesion and aggregation through its binding to the
platelet membrane glycoprotein GPIIb/IIIa [66], and its conformational changes at
the cell surface are crucial for the interaction [53]. Moreover, fibrinogen has a
critical role in attracting inflammatory cells to biomaterials [73]. The results
introduced in this section showed that F-DLC60 films exhibited the highest
albumin to fibrinogen ratio, which may be related to the low number of adhering
platelets and, therefore, a low tendency to induce thrombus formation. From the
experimental results, F-DLC films showed higher levels of CF bonds than CH
bonds. The stable bonding of carbon and fluorine atoms in F-DLC films lowered
the surface energy, which could result in the reduced adsorption of protein. The
lower surface energy of the F-DLC films was also supported by the contact angle
measurements. For example, F-DLC80 films were the most hydrophobic surfaces,
indicating that they had the lowest surface energy. The plasma protein adsorption
was significantly considered to be influenced by the interfacial energy between the
implant surface and protein plasma. The reduction of the surface energy with
varying F content was believed mainly due to the change of bonds in the film, that
is, CC bond decreased and CF, CF2 increased, which was also summarized in the
previous section. Other studies have revealed that the roughness and the micro-
structure played negligible roles on affecting the film surface energy. DLC has
been reported to have a higher albumin to fibrinogen adsorption ratio than Ti, TiN,
and TiC surfaces, indicating that DLC may prevent thrombus formation [54]. Dion
et al. also reported a higher albumin/fibrinogen adsorption ratio on DLC compared
with silicone. Based on a review of the literature, Cui and Li stated that DLC and
amorphous CN films showed good tissue and blood compatibility in vitro and that
DLC had a high albumin/fibrinogen adsorption ratio [35]. Notably, the albumin to
fibrinogen adsorption ratio for F-DLC was higher than that for DLC films, which
were already known to suppress thrombus formation. A thrombus was formed by
platelet adhesion followed by aggregation and spreading. As mentioned earlier,
interaction of platelets with the foreign surfaces was determined by the nature of
the proteins adsorbed on the biomaterial surfaces from the blood plasma. The
numbers of platelets adhering to F-DLC60 and F-DLC80 films was drastically
lower than with DLC, F-DLC20, and F-DLC40 films. In addition, the inclusion of
fluorine in the DLC films inhibited platelet activation, with higher F/C ratios
corresponding to greater inhibition of platelet activation. The tendency of platelets
to adhere also corresponded with the albumin/fibrinogen adsorption ratio of the
sample surface, and the higher albumin/fibrinogen ratio for the F-DLC corre-
sponded to a suppression of platelet adhesion. Furthermore, the albumin/fibrinogen
ratio also affected the behavior of the platelets: the higher the albumin/fibrinogen
ratio, the lower the number of activated platelets. Upon platelet activation, a
conformational change in GPIIb/IIIa led to the exposure of a high-affinity binding
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site for soluble fibrinogen [74]. Binding of fibrinogen to GPIIb/IIIa led to platelet
aggregation via fibrinogen-mediated crosslinking of GPIIb/IIIa on two different
platelets. In this way, protein adsorption was closely connected to platelet acti-
vation and adhesion. We reported the adhesion and activation of platelets fol-
lowing incubation of silicon substrates and silicon coated with DLC or F-DLC
with PRP [41]. In those experiments, the F-DLC coating dramatically reduced the
number and the activation of adherent platelets. In contrast to silicon, which had a
hydrophilic surface, PC had relatively a hydrophobic surface; however, despite the
high hydrophobicity of PC, it bound and activated many more platelets than DLC-
coated or F-DLC-coated PC. These results suggested that the wettability was not
the only determinant of blood compatibility. Further investigation should be
necessary to clarify which other factors were closely associated with biomaterial-
induced thrombosis, including, for example, the specific chemical composition, the
surface free energy, and the surface energy components (dispersive and polar
components). In addition, further studies would also be to evaluate the availability
of F-DLC coating for three-dimensional medical devices without the risk of film
breakdown in various clinical settings.

In summary, PC substrates were coated with F-DLC films containing different
amounts of fluorine by varying the ratio of C2F6 to C2H2. The hemocompatibility
of the F-DLC films was evaluated by analyzing the adhesion and the activation of
adherent platelets. The correlation between the adsorption of blood protein and the
behaviors of adherent platelets was clarified. F-DLC films presented lower num-
bers of adherent platelets and less platelet activation than PC and DLC-coated
substrates. Increasing the doped amount of fluorine into the F-DLC films resulted
in greater suppression of platelet adhesion and activation. Moreover, F-DLC had
the highest ratio of albumin/fibrinogen adsorption. Therefore, the F-DLC coating
may be useful for blood-contacting medical devices.

6.1.7 Effects of Surface Roughness on Anti-Thrombogenicity
of DLC and F-DLC

It is widely believed that the surface roughness of biomaterials is a key factor that
influences thrombogenicity. As was mentioned above, diamond-like carbon (DLC)
is being considered for widespread clinical use as a surface coating for cardio-
vascular devices. We also already mentioned that fluorine doping in DLC films
(F-DLC) markedly inhibits platelet adhesion and activation in human blood. To
evaluate the effects of surface roughness of coatings on the thrombus formation,
DLC and F-DLC films were deposited on the three different roughness-controlled
polycarbonate (PC) substrates, and the platelet adhesion and the platelet activation
were investigated on each substrate. The surface roughness of DLC-coated PC and
F-DLC-coated PC ranged from 4.1 to 97 nm. In this range, there were no sig-
nificant differences in the platelet-covered area among the three grades of differing
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surface roughness for each coated surface. However, evaluation of the F-DLC
films revealed significant reductions in platelet adhesion and activation when
compared with DLC films for every grade of roughness, suggesting that the
inherent chemical characteristics of the surface, such as wettability, interfacial free
energy, and higher ratios of albumin/fibrinogen adsorption, might be more
important in the mechanism of the non-thrombogenicity of F-DLC.

Biomedical devices, such as artificial hearts, and interventional tools (stents,
guidewires, catheters, etc.) now play a major role in treating disease and organ
insufficiency in the aging population. However, human immune reactions to bio-
materials implanted in the body work against the intention to heal disease, and may
even cause serious harm or death [16]. Thrombus generation on the surface of the
blood-contacting medical devices is a particularly major problem. Thrombus
formation not only hinders medical placement, but also acts as a trigger of cardiac
infarction, brain infarction and loss of eyesight. Platelets play a central role in the
hemostatic process, including recognizing the site of injury, recruiting additional
platelets via intercellular signaling, adhering to one another, and interacting with
the coagulation cascade to form a hemostatic plug [75]. Therefore, studying the
interactions between platelets and the surface of biomaterials is necessary to
overcome thrombogenic problems. For example, metallic stents are used as
medical devices that can provide endovascular scaffolding to relieve vascular
obstruction. They are commonly made of 316L stainless steel or nitinol (nickel–
titanium alloy) and exert continuous radial pressure on diseased artery, resulting in
a compression of atherosclerotic plaques, sealing of dissections, and vessel
expansion. However, as was already mentioned, re-narrowing of the vessel
remains a major problem after stent placement, and can trigger life-threatening
device failure [41]. Interactions between metallic devices and living tissues
(including blood and arteries) occurring at their interface and the surface prop-
erties of metallic devices play key roles in their safe, long-term implantation, while
the material and surface patterns of intravascular stents play a pivotal role in
activating platelets and triggering adherence of inflammatory cells that leads to the
re-narrowing caused by neointimal hyperplasia [41]. Surface modification is one
method of improving both the mechanical and physical properties of implants in
direct contact with blood and tissue. Surface modification is a general concept that
can be divided into surface treatments and surface coatings, or a combination of
both. Surface treatments include mechanical and electrochemical polishing,
ultrasonic cleaning, chemical etching and degreasing, as well as low pressure
plasma etching, while surface coatings could be obtained by wet processes, such as
dip coating, or dry processes, such as low pressure plasma deposition [76]. In such
situation, diamond-like carbon (DLC) films have indeed attracted much attention
as anti-thrombus coatings that reduce adhesion and activation of platelets [4, 16,
41, 77, 78]. Furthermore, as was mentioned, attempts to improve the anti-thrombus
and physical properties have involved adding elements such as fluorine [16, 41, 79],
silicon [25], phosphorus [20] and boron [80] to DLC. Also as was mentioned in the
previous section, fluorinated DLC (F-DLC) films have performed particularly well
in both blood adaptability and in vivo biocompatibility [79]. There should be
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numerous mechanisms that prevent the adhesion and activation of platelets on
DLC or doped-DLC, mediated proteins, chemical properties of the surfaces,
wettability and surface structures. Surface roughness of biomaterials is also con-
sidered to be an important factor [81–84] in thrombosis. Hence polishing methods
for material surfaces are an important subject of study in order to enhance the anti-
thrombogenicity of biomaterials for medical applications [85], and many stent
manufacturing companies believe that electrochemical polishing is vital for their
products. However, there is little information on how roughness affects the
thrombogenicity of DLC-coated substrates. Therefore the relationship between
surface roughness of DLC and F-DLC, and hemocompatibility on incubation with
platelet-rich plasma (PRP) isolated from human whole blood was investigated.

6.1.7.1 Polished SUS316L and Molded PC

SUS316L and molded PC with three different surface roughnesses were prepared.
Ra was observed in a 50 9 50 lm area, and the values are listed in Table 6.1.
From the AFM images of SUS316L and PC, it was found that Ra was well
controlled, ranging from 1 to 100 nm. The surface of SUS316L was well-followed
by PC. Thus, the Ra of SUS316L closely corresponded to that of PC, indicating
good transfer of the surface profile from SUS316L to PC. The Ra of DLC and
F-DLC deposited on Ra-controlled PC substrates was measured by AFM and the
values are also listed in Table 6.1.

6.1.7.2 Platelet Adhesion and Activation

Platelets play a key role in biomaterial-associated thrombosis, and a reduction in
platelet adhesion activation is vital for the eventual success of numerous blood-
contacting medical applications. Hence the platelet adhesion was studied by Ra-
controlled PC substrates (‘‘Non-polished grade’’, ‘‘Medical grade’’, and ‘‘Most
polished grade’’) coated with DLC or F-DLC, and the relationship between surface
roughness and behavior of human platelets was examined using the glutardial-
dehyde induced fluorescence technique (GIFT) [51]. GIFT uses the epifluores-
cence of glutardialdehyde-fixed platelets, as detected by fluorescence microscopy,
and is suitable for opaque and transparent materials [51]. Early platelet activation
produces cytoskeletal reorganization that results in characteristic cell shape

Table 6.1 Surface roughness (Ra) [nm] of each sample surface determined by AFM [60]

Roughness substrates Non-polished grade Medical grade Most polished grade

SUS 100 ± 5 51 ± 16 2.2 ± 0.5
PC 83 ± 6 52 ± 13 3.7 ± 1.2
DLC 97 ± 4 27 ± 6 8.4 ± 0.3
F-DLC 81 ± 9 16 ? 4 4.1 ± 0.3
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changes: platelets lose their discoid shape and begin to develop thin pseudopodia.
At more advanced stages, they become large, spiny spheres completely covered by
pseudopodia, and finally, become fully spread [65]. In the present study, using
computer-aided image analysis, the number of adherent platelets and platelet-
covered area was determined as markers of surface thrombogenicity. Both the
number of platelets and the changes in morphological shape in active platelets
contribute to the platelet-covered surface area of the substrate. Thus, calculating
the platelet-covered area/unit area is an index that reflects platelet adhesion and
activation. Representative fluorescence microscopic images of platelets on dif-
ferent grades of Ra-controlled PC substrates coated with DLC or F-DLC films
were measured. The number of platelets adhering to F-DLC films was lower than
the number on DLC films in every substrate with the same roughness. The ratio of
platelets-covered area was measured by counting and analyzing the platelets per
unit area (37,500 lm2) adhering to the surfaces of substrates coated with DLC and
F-DLC films after 60 min incubation with PRP, which was presented in Fig. 6.10.
The proportion of platelet-covered area for F-DLC was significantly lower than
that for DLC in each Ra-controlled substrate. Moreover, there were no significant
differences in the proportion of platelet-covered area among the three Ra-
controlled surfaces in either the DLC or F-DLC group. According to previous
papers, there is a relationship between surface roughness and material thrombosis,
as determined by qualitative SEM evaluation [81, 82, 84]; however, the effects of
surface roughness at the nano-order scale on material thrombosis were not dis-
cussed. Tsunoda et al. [83] suggested that cellulose hollow-fiber dialysis mem-
branes having rough surfaces had high platelet adhesion ratios and poor
hemocompatibility, whereas those with smoother surfaces had lower platelet
adhesion ratios and better hemocompatibility. They measured the surface rough-
ness by AFM, and found a range of 10–100 nm. Therefore, in terms of the dialysis
membrane surface, the difference in nano-order roughness had a clear effect on
thrombogenicity. In the present study, the roughness of the tested surfaces of the
samples ranged from 2 to 100 nm; however, there were no significant differences
in thrombogenicity among the different grades of Ra-controlled PC substrates

Fig. 6.10 Ratio of platelet-
covered area per unit area
(37,500 lm2) on the surfaces
of substrates coated with
DLC and F-DLC films after
60-min incubation with
human platelet-rich plasma
(PRP) [60]

6 Diamond-Like Carbon 193



coated with DLC or F-DLC film. In addition, platelet adhesion and activation on
F-DLC was markedly suppressed when compared to those on DLC films in all
roughness groups, which suggests that nano-order surface roughness (below
100 nm) of DLC and F-DLC had no obvious effects on non-thrombogenic prop-
erties when compared with the effect of fluorine doping. Coating with DLC or F-
DLC appears to be a promising technique for blood-contacting devices [16, 41]. It
is generally believed to be necessary for manufacturing companies to polish
substrates using methods like electrochemical polishing or electrochemical buffing
when producing biomaterials for blood-contacting medical devices. However, it is
both expensive and time-consuming to polish the surface of three-dimensional
substrates prior to deposition of DLC or F-DLC film. The results suggest that
pursuing such high levels of smoothness should be unnecessary when DLC or
F-DLC film is used as an antithrombogenic coating for blood-contacting medical
devices. In this present study, the effects of surface roughness of DLC and F-DLC
films under static conditions were evaluated using human PRP. This method is a
simple screening technique for evaluating the thrombogenicity of newly developed
biomaterials; however, thrombosis is fundamentally linked to thermodynamics, as
blood transports cells and proteins to the thrombus and applies stresses that may
disrupt the thrombus [84]. Thus, further studies are necessary to evaluate the
relationship between the surface roughness of DLC and F-DLC and thromboge-
nicity under flow conditions.

In summary, the relationship between the surface roughness of DLC and
F-DLC deposited on three types of Ra-controlled PC substrate and the degree of
platelet adhesion and activation on the sample surfaces was investigated. AFM
measurements revealed the surface roughness of DLC-coated PC and F-DLC-
coated PC ranged from 4.1 to 97 nm (Ra). In this range, there were no significant
differences in platelet-covered area among the three grades of surface roughness
for each coated surface. However, evaluation of F-DLC films incubated with PRP
showed significant reductions in platelet adhesion and activation when compared
with DLC for every grade of roughness, thus suggesting that the inherent chemical
characteristics of the surface, such as wettability, interfacial free energy and higher
ratio of albumin/fibrinogen adsorption, might be more important in the mechanism
of F-DLC non-thrombogenicity. However, further studies, including dynamic
evaluation, are needed.

6.2 DLC on Polymers

6.2.1 Adhesion

In this section, the adhesion between DLC and polyethylene (PE), the most widely
used plastic, was discussed. Polyethylene (PE) is a semi-crystalline polymer
widely used in consumer products and for molding materials due to its excellent
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thermal properties. Among its mostly remarkable physical and chemical proper-
ties, however, one rather annoying characteristic that may have limited the
expansive usage of PE was its poor adhesion property. Here the adhesion between
diamond-like Carbon (DLC) and high-density polyethylene (HDPE) was investi-
gated. The peel strength of DLC-deposited HDPE was found to be 20 times as high
as that of non-treated HDPE. Further improvement in adhesion was observed in
fluorinated DLC (F-DLC). By applying fluorine (C2F6) etching to DLC, the peel
strength eventually increased up to 60 times as compared with that of pure HDPE
without any pretreatment. From the surface observation and the experimental
results of the surface free energy of modified HDPE, it is surmised that the
mechanism behind this phenomenon is principally due to the formation of nano-
scale anchors that were formed during the DLC deposition process. Further etching
of the HDPE substrate by fluorine radicals eventually increased the number of the
anchors, leading to a significant improvement in the adhesion between HDPE and
F-DLC.

Recently the demand for polymeric materials has been increasing and func-
tionalization of polymers is much desired for wider applications. Polyethylene
(PE) is a semi-crystalline polyolefin widely used as, for example, plastic films for
food packaging and flexible pipes for sewage systems. Due to its excellent
physical and chemical properties, its lightness, low cost, and easiness in molding,
PE is one of the most used semi-crystalline polymers. The poor adhesion of PE on
one hand, has created a best plastic glove to handle strong adhesives such as Super
Glue, the super-bonding cyanoacrylate glue. On the other hand, there has been
substantial interest in developing bonding methods to enhance the adhesion
property of PE [86–88]. Accordingly, the processes such as corona discharge,
flame treatment, plasma treatment, and primer treatment have been widely studied
and introduced. These pretreatments were especially used in order to modify the
poor-bonding surface of PE films, but their usage is relatively limited because of
their complex, sometimes inconvenient, and unsafe modification mechanism.
Processes such as corona and flame treatments also have the risk of degradation
due to the gradual deoxidation on the surface. Primers are also considered difficult
when applied to only small selected area of the polymer substrate. Here in this
section, the improvement of the adhesive property of PE by the deposition of
diamond-like carbon (DLC) and fluorinated DLC (F-DLC) was introduced. DLC is
an amorphous carbon film which possesses excellent physical properties such as
high hardness, high gas barrier property, and low friction coefficient. The structure
of DLC consists of a mixture of diamond (sp3) and graphite (sp2), terminated by
hydrogen. Though the structure of DLC and PE are basically different, there
should be similarity between DLC and PE, as they are both composed of hydrogen
and carbon atoms. It was therefore expected that depositing DLC had a consid-
erable effect on the adhesion properties of PE. Moreover, by depositing stable
DLC film on PE, a widespread introduction of the surface modification on selected
places of the PE substrate became highly possible, thus leading to the control of
the adhesion property of PE. Further enhancement of adhesion was analyzed and
tested by adding fluorine into the DLC film. This film, called fluorinated DLC
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(F-DLC) film as defined in the previous section, is a thin functional film which
until today is known to possess, for example, optical transparency, water repel-
lency, and high antithromogenicity [41]. By gradually incorporating fluorine into
DLC films, the control of the adhesion force was expected owing to the surface
modification mechanism discussed later. Here, a high-density polyethylene
(HDPE), the widespread polyethylene of the polyethylene family was used. After
the deposition of the thin functional DLC and F-DLC on HDPE, it was found that
the modified HDPE can adhere to various substrates ranging from metals to
polymers, at the same time presenting excellent surface properties originated by
DLC and F-DLC in addition to the highly flexible mechanical properties originated
by HDPE. Moreover, DLC and F-DLC films were deposited on HDPE substrates
and the peel strength was examined by T-peel testing. Furthermore, the mechanism
of how the film deposition enhanced the peel strength of HDPE was investigated
through the surface observation of the peeled surfaces conducted by scanning
electron microscopy (SEM) and contact angle measurement.

6.2.1.1 Peel Strength

Figure 6.11 show the peel strength results of differently treated HDPE: HDPE
without any pretreatment, HDPE directly bonded by an instant adhesive (Aron Alpha
or Super Glue, the superbonding cyanoacrylate glue) without epoxy resin, HDPE
stuck by adhesive tape developed for the adhesion of Polyolefin materials, HDPE
pretreated by primers, and DLC-deposited HDPE. The DLC-deposited HDPE had
approximately equal peel strength to primer-treated HDPE. When compared to
HDPE without any pretreatment, the peel strength of DLC-deposited HDPE was
about 20 times higher. The peel strength of F-DLC-deposited HDPE is shown in
Fig. 6.12. F100 refers to plasma etching by C2F6. As the amount offluorine inside the
film increased, the peel strength increased. Especially in F80 and F100, adherend
failure (breaking of HDPE substrates themselves) occurred, indicating that the peel
strength was actually even higher than the fracture strength of the HDPE substrate.

Fig. 6.11 Peel strength
results of differently treated
HDPE [118]
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6.2.1.2 SEM Images of HDPE

The SEM micrographs of HDPE before and after DLC deposition, and after
peeling test were studied. The SEM micrograph of HDPE surface after peeling test
was presented in Fig. 6.13. Before DLC deposition, HDPE surface is covered with
nano-scale fibrils, which are considered the crystalline segments of polyethylene.
After depositing DLC, the number of fibrils is seemingly increased. Since DLC
well copies the surface characteristics of the substrate surface, the observation of
DLC surface must be almost equivalent to the direct observation of the HDPE
surface. From the SEM image of HDPE after T-peel testing, numerous nano-scars
were found, indicating local tension existed during the T-peel testing.

6.2.1.3 Surface Free Energy

The surface free energies of DLC-deposited HDPE, F60-deposited HDPE, C2F6-
etched (F100) HDPE, epoxy resin, and HDPE were analyzed. They wer-
e*45, *41, *29, *43, *39 [mJ/m2], respectively. By increasing the fluorine
content in DLC, the contact angle of both purified water and methylene iodide
increased, eventually decreasing the surface free energy. Even though C2F6-etched
HDPE (F100) was not verified as HDPE with thin F-DLC film, it had the lowest
surface free energy (i.e. the highest contact angle).

Polyethylene is a semi-crystalline polymer, composed of a crystalline region
and an amorphous region. There is a significant difference between these two
regions in physical properties such as Young’s modulus and fracture strain. Due to
the difference, the crystallization of PE often brings about a drastic change in
mechanical properties. In the field of adhesion, it has been said that the amorphous
parts distributed on the surface of PE had a significant effect on adhesion. Such
unique surface was named ‘‘Weak Boundary Layer (WBL)’’, and it was frequently
reported that the adhesion improvement of PE was caused by the ablation of the
WBL. However, Briggs questioned the existence of WBL, and it was widely
considered that the adhesion improvement was caused not only by WBL but also
by different mechanisms [89], which are yet to be analyzed and discussed since

Fig. 6.12 Peel strength
results of F-DLC-deposited
HDPE [118]
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they are not understood completely. From the above-mentioned contact angle
measurements results, it was found that, for F-DLC-deposited HDPE, the peel
strength increased with the decrease in the surface free energy by doping fluorine
into DLC. Surface free energy generally shows the wetting capability of the
substrate, which is directly related to the intermolecular interactions between
substrate and adhesive. The surface free energy of epoxy resin, however, is below
the value of DLC and it was considered that the enhancement of adhesion cannot
be explained sufficiently only by the surface free energy. The T-peel test is to
examine adhesion between substrate and adhesive, and therefore the sample has
normally three layers (i.e. an adhesive layer sandwiched by two substrates). In the
above experiments, since thin films (DLC or F-DLC) are already deposited on top
of the substrate, the sample has actually five layers. It was therefore necessary to
identify which layer of five was peeled off by the T-peel testing. During all the peel
tests, it was eventually analyzed that there was a separation of DLC (or F-DLC)
film from HDPE substrate. The results indicate that the process of DLC deposition
on HDPE substrate significantly affects the surface of HDPE, enhancing the
adhesion force between DLC and HDPE. From SEM images, nano-fibrils of
10–20 nm in diameter were found distributed over the surface of HDPE. These
nano-scale anchors can be directly related to the enhancement of adhesion of
HDPE. Moshonov et al. calculated the wettability and measured the improved peel
strength of PE caused by C2H2 glow plasma discharge [90]. Even though their
experimental methods and the parameters such as discharge power were different
from the ones in this experiment, it was possible for C2H2 to be generated during
the DLC deposition. The process can be described as follows: HDPE surface was

Fig. 6.13 SEM images of HDPE before deposition, after deposition, and after the T-peel testing
[118]
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first etched by C, H radicals at the beginning of DLC deposition, forming nano-
scale hills and holes on the HDPE surface. Then almost simultaneously, DLC film
was deposited and accumulated, filling the holes. After deposition, the hardened
thin film adhered physically to the substrate, thus finally presenting the strong peel
strength. The increase in the peel strength by the introduction of fluorine could be
due to the etching caused by this relatively large halogen atom. Strobel found that
the C2F6 plasma generated CFx radicals in plasma environment, at the same time
fluorinating the PE surface [56]. By including fluorine during the process, CFx

radicals were generated to etch the surface of HDPE at the beginning of the film
deposition. Thus the peel strength of F-DLC-deposited HDPE became higher, as
the fluorine content of F-DLC increased.

In conclusion, the adhesion modification of HDPE by DLC and F-DLC films
was carefully investigated. By depositing DLC and F-DLC films, the peel strength
of HDPE increased 60 times. Surface free energy could not sufficiently explain the
tendency of the adhesion enhancement, revealing that the enhancement was not
solely caused by the molecular interactions. From the SEM images, plenty of
intertwined nano-fibrils were observed and it was concluded that the improvement
in adhesion was presumably due to the formation of nano-scale anchors on the
HDPE substrate at the beginning of the DLC and F-DLC film deposition.

6.2.2 Fracture

DLC films coated on polymer substrates have been extensively used and inves-
tigated because recently, quite a few applications for the use of these polymer–
DLC composites have been proposed. Under these circumstances, fracture of DLC
is another critical problem that should be solved before practical use. The DLC-
polymer applications range from e.g. DLC-coated polyethylene terephthalate film
(DLC-PET), through DLC-coated polycarbonate (DLC-PC) to other DLC-coated
rubbers. In this section, thin DLC films coated on several polymer substrates
possessing different chemical structures and Young’s moduli were investigated.
The DLC-polymer films were stretched to different strains and the extended sur-
face was investigated by optical microscopy and scanning electron microscopy
(SEM) to study the fracture mechanism of the DLC-coated polymer films.
Intriguing horizontally and vertically aligned micro-cracks and micro-buckling
were observed, constructing periodic lattice-like fracture patterns on the surface of
the extended DLC-polymer films. It was found that the lattice patterns were sig-
nificantly influenced by Young’s moduli of both polymer substrates and DLC
films, and that the patterns were also dependent on the adhesion between the DLC
films and the polymers.

Recently the demand for polymeric materials has been increasing and highly
functionalized polymers are much desired for wider applications such as flexible
materials with high gas barrier properties. In order to functionalize polymers,
Diamond-like Carbon (DLC) coating is one of many useful approaches that are
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industrially broadly used for the surface modification. DLC is characterized by
many unique properties, including high hardness, high wear resistance, low fric-
tion coefficient, chemical inertness and high gas barrier properties, which are used
as commercial materials including DLC-coated PET bottles, improved tribological
rubber surfaces and highly biocompatible polymers especially for medical pur-
poses [91, 92]. However there are obvious structural differences between polymers
and DLC, particularly on a microscopic scale. Polyethylene (PE), the most fun-
damental C–H based polymer, consists of plenty of two dimensional macromol-
ecules partly connected to each other by crystallization (i.e. through relatively
weak van der Waals force) and the distance between two molecules are typi-
cally *2.5, *4.9 and *7.4 Å, while DLC are intrinsically three dimensional
carbon networks (i.e. connected through strong chemical bonding force) and the
typical distance between two carbons is 2.5 Å, which is shorter (i.e. denser and
heavier) than PE. Considering the use of the composite materials made of poly-
mers and DLC, such structural differences between the two materials cannot be
neglected and hence the resulting composite presents complex physical properties
which are necessary to be investigated systematically. However, there have been
few reports that dealt with the structural and mechanical behavior of DLC films
coated on polymer materials, particularly when the polymer–DLC composites
were mechanically and cooperatively deformed. Fracture behavior of thin hard
films coated on metals has been investigated by several groups. Shear strength and
crack surface were observed by Agarawal et al. on copper coated by thin ceramic
film [93]. They found transverse cracks when mechanically stretched. Ye et al.
introduced three types of cracking processes on thin films due to residual strain in
brittle substrates and weak interface between the films and substrates [94]. Chen
et al. observed periodic cracking on thin TiN coated on stainless steel [95], while
Ogwu et al. examined similar periodic cracking on thin DLC film coated on
stainless steel when exposed to biological fluids [96]. Fracture surface and char-
acterization of mechanical properties of DLC film were discussed by Choi et al.,
Cho et al. and Aoki et al. [97–99]. The deformation of the substrates becomes
more significant as well as problematic, when softer polymeric materials are used
as substrates instead of traditionally utilized hard metals. There have been a few
papers that directly dealt with polymer–DLC composites. Ollivier et al. assessed
the adhesion between DLC films and polyethylene terephthalate (PET) films
through simple tensile testing and surface microscopy. Aoki and Ohtake improved
the wear resistance of DLC films by using segment-structured DLC films on
aluminum substrates [97]. They developed this method after they studied the
morphology of the DLC surface that presented a segmented surface (lattice-like
fracture) automatically generated when DLC was coated on polymers. The com-
posites of softer materials (polymers) and harder materials (DLC) should present
complex physical behavior and when they are deformed by mechanical tension,
the fracture properties of thin DLC films should be strongly dependent on the
chemical and physical properties of both polymer substrates and DLC films. We
therefore focused on The moduli of materials, of both polymers and DLC, were
carefully analyzed and how the resulting polymer–DLC composites acted in terms
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of fracture behavior was investigated when they were mechanically deformed. The
moduli of materials were changed by choosing different materials possessing
different Young’s moduli. Two different polymers with similar Young’s moduli
but with different adhesion to DLC films were selected to investigate the adhesion
effects of polymer–DLC composites on fracture properties. Periodic fracture pat-
terns of thin DLC films coated on soft polymers have been observed, showing
lattice-like fracture surfaces of the DLC. It was also found that the periodicity and
mechanism of fracture surfaces were strongly related to the moduli of polymers
and DLC as well as the adhesion between both materials.

The following polymers were used in the experiments: polyethylene (PE),
polyethylene terephthalate (PET), polystyrene-block–polyisoprene-block–
polystyrene copolymer (SIS), polydimethylsiloxane (PDMS) and polypropyrene
(PP). PDMS at ‘‘Silastic Medical’’ grade were used, which was already cut in
shape for the experiments. Young’s moduli of PE, PET, SIS, PDMS, and PP were
measured using tensile testing machine, which were 1,500, 600, 460, 6, and
1.4 MPa, respectively.

6.2.2.1 The Influence of Young’s Moduli of Polymer Substrates
on Fracture Mechanics of DLC Films

Figure 6.14 shows the surface micrographs of DLC on PE, PET, PP, PMMA, and
SIS samples. The samples were extended to 0 % (unstretched), 5 and 10 % of
natural length for PE and PET samples in a step-strain fashion by the tensile tester
in the transverse direction of the figures. SIS samples were very elastic and since
fracture was not clearly observed at low deformation, they were further extended
to 50, 100 and 150 % and unloaded step by step down to 100 and 50 %. All
materials presented unusual fracture surfaces and showed almost regularly aligned
perpendicular and horizontal straight fracture lines, eventually constructing lattice-
like fracture surfaces. The fracture mechanics were found to be very different
between polymer samples of different Young’s moduli. First, the surface of DLC-
coated PE samples (DLC-PE) whose Young’s modulus was *460 MPa was
observed. DLC-PE was extended to 105 % and showed vertical crack lines and
horizontal buckling lines, producing a periodic lattice fracture pattern. These
vertical and horizontal lines were identified as micro-cracks and micro-buckling by
SEM. The SEM micrograph of the magnified fracture surface of PET–DLC
composite stretched 10 % in strain clearly revealed horizontal crack lines and
vertical buckling lines that appeared on the surface. The fracture surface patterns
of polymer–DLC composites were therefore indeed characterized by the crack and
buckling lines crossed orthogonal to each other. The sample was further extended
to 10 % and the distance between cracks in the lattice pattern became narrower
than that of 5 % extended sample. The cracks appeared due to the tensile stress in
the normal direction of the stretching force, followed by the buckling parallel to
the stretching force due to the compression perpendicular to the extension. The
compression was due to the contraction strain against extension strain in the
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direction of the stretching force, obeying Poisson’s ratio. Next, the PET samples
which were harder substrates than PE were tested and they showed only vertical
crack lines at the extension rate of 5 % of natural length. After further extension of
the PET samples to 10 %, horizontal buckling lines appeared and the perpendic-
ular crack lines increased, resulting in the narrow lattice pattern similar to that of
PE but narrower than PE’s at the same amount of extension. Last but not least, the
SIS sample, the softest rubber material in this experiment, showed only few cracks
and bucklings up to 5 % or even till 10 % of natural length. Therefore the SIS
samples were stretched to 50, 100 and 150 % of their natural length and eventually
recovered to 100, 50 % and the surfaces at all strains were investigated. In the
extension range from 0 to 100 %, there were only a few diagonal crack lines and
no buckling lines were observed. At the extension over 100 %, horizontal buc-
klings began to appear, and at the same time, the diagonal cracks became more
vertical. The vertical cracks became more pronounced when the samples were in
the unloading process (down to the strains of 100 and 50 %). It should be noted
that the number of cracks in the SIS samples stretched to 150 % was smaller than
that of the PE samples only stretched to 5 % and hence the length and the width of
the lattice pattern of SIS samples were broader than those of the PE samples. The
number of crack lines as a function of strain was counted by optical microscopy
for PET, PE, and SIS samples (all coated with DLC) and was plotted in Fig. 6.15.
The crack number increased with strain for each sample. It was found that PET,
the hardest material, had the highest crack number, followed by PE and SIS, the

Fig. 6.14 Surface
micrographs of stretched and
fractured samples of PE,
PET, PP, PMMA, and SIS
coated by DLC by optical
microscopy [119]
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softer and the softest materials, respectively. At the strain of 10 %, PET possessed
over 10 times of the crack number as compared with the lowest SIS. As a result, it
was found that the fracture surface of DLC films on polymer substrates was
characterized by the lattice-like fracture pattern due to the well-aligned vertical
crack lines and the horizontal buckling lines and that the lattice pattern of the DLC
films on harder polymer substrates showed narrower length and width in their
‘‘lattice’’ periodicity. The mechanism of the lowering of the lattice periodicity can
be qualitatively explained by considering tensile modulus of the polymer substrate
as presented in Fig. 6.16. Assuming the quality of DLC to be consistent through all
polymer samples, the DLC should be broken almost at a constant critical stress Sc.
In the case of DLC coated on harder polymer substrates, as soon as one crack
appears, the next crack will appear when the polymer under the crack deforms till
it reaches the critical stress Sc. If the polymer used as a substrate is harder, the
critical stress Sc is attained at lower strain, thus the next crack appears at lower
strain. Similarly if the polymer is softer, the higher strain is required to reach Sc,
thus ending in higher strain for the next crack to appear. In such ways, the number
of cracks on DLC films on top of harder polymer substrates would be higher than
that of DLC on softer polymer substrates. In other words, the DLC film on harder
polymer substrates develops more cracks to relax the tensile stress. However, in
the case of DLC films on softer polymer substrates, the polymer substrates right
under the DLC cracks can be highly deformed to relax the tensile stress, con-
currently declining the total number of cracks over the fracture surface of the
composites in the end.

6.2.2.2 The Influence of Young’s Moduli of DLC Films on Fracture
Properties of DLC Films

The surface micrographs of DLC on PDMS and the micrographs of F-DLC on
PDMS samples were analyzed as above. PDMS were used to investigate the
detailed strain impact on fracture behavior since PDMS was flexible and widely
used for medical purposes and its mechanical and fracture properties needed to be
urgently clarified. The same experimental condition was selected for the extension
of PDMS samples as the one for the extension of DLC on SIS samples as

Fig. 6.15 The number of
crack lines as a function of
strain counted by optical
microscopy for stretched
PET, PE, and SIS samples
(all coated with DLC) [119]
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mentioned in 6.2.2.1. Observing the fracture surface of DLC films on PDMS
samples which were softer than PE and PET but harder than SIS, it was found that
the fracture surface showed the lattice pattern with broader crack distance than PE
or PET but narrower than SIS, which was consistent with the discussion and
conclusion on tensile moduli in the previous Sect. 6.2.2.1. Comparing the fracture
results of softer F-DLC on PDMS samples with those of the harder DLC on PDMS
samples, there were less cracks and more bucklings in F-DLC. At the strain of
especially 100 and 150 % of F-DLC samples, the bucklings of F-DLC films were
clearly observed which could not be seen in the DLC samples. The bucklings were
likely to be directly formed by tracing the bucklings of the surface of PDMS
substrates which could be seen through the cracks. The number of crack lines as a
function of strain for DLC-coated PDMS and F-DLC-coated PDMS was analyzed.
The crack number increased with strain for each sample. Although the crack
number was almost similar for both samples up to the strain of 10 %, a substantial
difference arose at higher strains. The DLC-coated PDMS, the harder carbon film,
had higher crack number than the softer F-DLC coated PDMS. At the strain of
100 %, the crack number of DLC-PDMS was *1.3 times larger than that of
F-DLC-PDMS and the number seemed to be leveling off over the strain of 100 %.
Basically, the fracture behavior could be explained similarly to the one observed
above. Since F-DLC was more flexible than DLC, it was easily imagined that
F-DLC could be stretched to higher strains without producing cracks than DLC.
Hence, the harder DLC relaxed the tensile stress by producing more cracks than F-
DLC as in Fig. 6.17. The softer F-DLC could be highly deformed to relax the
stress, and the number of cracks was suppressed. In other words, F-DLC films
were softer than usual DLC films, accordingly demonstrating higher ability to
follow the extension of the substrates. Also, since F-DLC was more flexible,
F-DLC could more easily follow the bucklings of the polymer substrates.

Fig. 6.16 A qualitative description of the fracture mechanism. The increase in the distance
between cracks (i.e. the lower number of crack lines) takes place when softer polymers are used
as a substrate [119]
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6.2.2.3 The Influence of Adhesion Between Polymer
Substrates and DLC Films

The surface micrographs of DLC on PE samples as well as on PP samples were
compared. Here again, the same condition was used for the extension of PE and PP
samples as the one for the extension of DLC on PE and PET samples in the
previous sections. Comparing these two samples, it was found that the lattice
pattern of the PP samples were significantly larger and broader than that of the PE
samples at every extension. It should be noted, however, that the Young’s modulus
of PP was higher than that of PE, which should come to the conclusion that the
lattice pattern of the PP samples should be narrower. Here in this case however,
considerably bad adhesion between DLC films and PP substrates, as compared
with that of PE, presumably overrode the influence of the small effect of the
slightly higher Young’s moduli of PP substrates. The number of crack lines as a
function of strain for PE and PP samples was analyzed. The crack number
increased with strain for each sample, and PE, which possessed stronger adhesion
to DLC, had higher crack number than PP. The PE–DLC composites of good
adhesion produced more cracks to relax the applied tensile stress. However, in the
case of bad adhesion, as observed in the PP–DLC composites, debonding between
the PP and DLC could occur at lower strain, where stress concentration took place
and hence the stress was absorbed by softer polymers at the debonded place. For
example, Fig. 6.18 showed the schematic image of peeled interface at the mid-
point of PP–DLC composites, where PP deforms to reach the critical stress Sc. The
PP could be highly deformed and hence the composites could be extended without
creating cracks in DLC films until the stress reaches Sc. Therefore the number of
the cracks of the composites with bad adhesion was smaller than that of the
composites with good adhesion.

To summarize, the fracture mechanics has been analyzed and discussed in terms
of Young’s moduli and the adhesion of the DLC films coated on several polymers.
The semi-crystalline polymers (PET, PP, and PE) and the elastomers (SIS and
PDMS) used here were flexible and elastomeric as compared with hard materials
such as ceramics, metals or glassy polymers. It was found that the fracture behavior

Fig. 6.17 Surface micrographs of stretched samples of PDMS coated with harder DLC and
softer F-DLC [119]
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of such polymer–DLC composites was characterized by lattice-like cracks and
micro-buckling aligned regularly over the extended surface of the thin DLC films.
The growth process and the number of crack and buckling lines were found to be
highly dependent on Young’s moduli of both the DLC and the polymer substrates,
and also dependent on the adhesion between DLC and polymers.

6.3 Permeation Properties of DLC on Polymers

6.3.1 Gas Permeation Property

The high-gas-barrier properties of the a-C:H films have been introduced and are
now actively applied for films and containers in food and beverage markets. The
consumption of polyethylene terephthalate (PET) bottles has noticeably increased
because of the magnificent characters of PET bottles: they are highly transparent,
light in weight, unbreakable, convenient, cost-effective, resealable and recyclable.
Instead, PET bottles are gradually taking the place of metal cans and glass bottles.
Carbonated soft drinks, tea, water, soy sauce and edible oil are currently mostly
packed in PET bottles. PET bottles were first introduced in Japan for soy-sauce
containers in 1976. Since the commercial debut of PET bottles for the soft drink
market in 1978, the total amount of PET bottle usage has rapidly expanded to
approximately 250 billion units in 2004, corresponding to 10 million tons of PET
resin, and with a further growth by an average of over 10 % annually. It is
expected to reach beyond 300 billion units in 2006. PET is, as mentioned above, a
well-balanced material for beverage containers from the viewpoint of strength,

Fig. 6.18 A qualitative description of the fracture mechanism in different adhesion forces using
PE (good adhesion) and PP (bad adhesion) [119]

206 A. Hotta and T. Hasebe



clarity, gas retention, flavor retention, flexibility, moldability, and cost
effectiveness.

Comparing the oxygen transmission rate (OTR), carbon dioxide transmission
rate (CO2TR) and vapor transmission rate (VTR) of general plastic materials for
food packaging, the gas barrier property of PET is better than that of high-density
polyethylene as well as that of polypropylene [92]. The barrier property, however,
is still not sufficient to contain taste-controlled beverages such as beer, juice, and
wine because the permeation of oxygen, carbon dioxide gases, water vapor, and
flavors is still not negligible. The permeation causes continuous ingress and release
of the gases through the bottle surface, resulting in serious deterioration of the
beverages in the flavor. For example, when substantial oxygen gas enters the
bottle, odor formation and loss of vitamins occur, while the release of carbon
dioxide corresponds to the loss of the fizziness in carbonated soft drinks. To
prevent the gas permeation of plastic materials to protect the quality of the content,
materials possessing high-gas-barrier properties should be introduced to the bottle.
The existing ways to improve the gas barrier properties of PET bottles are gen-
erally classified into four major approaches: multilayers, coatings, scavenging
agents, and composite fortifications. The multilayer technology is an easy way to
produce a gas barrier bottle, but the improvement of the gas barrier properties
through this technology is not that significant, but has serious problems in recy-
cling. From the viewpoint of productivity, cost and recyclability, coating is the
most reliable, suitable and promising method to improve the gas barrier property
of PET bottles. Blocking the passage of gas molecules through PET wall using
ultrathin gas barrier films minimizes the negative impact on the recycling process
due to very low level contamination by different materials. Many coating materials
have been subjected to practical trials. As a result, diamond-like carbon (DLC) and
silicon oxide are the currently favored materials in this industry. DLC is princi-
pally formed through plasma enhanced chemical vapor deposition (PECVD)
methods, while silicon dioxide is fabricated through sputter deposition, electron
beam evaporation (PVD) or PECVD methods. Silicon oxide coating has a longer
history than DLC coating for the gas barrier improvement of transparent plastic
films, and has been studied using PVD and PECVD techniques since the early
1980s. However, the intrinsic brittleness of silicon oxide films requires rather
complicated conversion processes in order to withstand mechanical stress and
stretching on a PET bottle surface. Recent progress for forming a cushion layer
between PET and silicon oxide layer enabled the production of commercial level
silica coated PET bottles. Recently, high gas barrier PET bottles coated by DLC
[more precisely defined as amorphous hydrocarbon (a-C:H)] have been commer-
cially available in the market. Thus, worldwide competition between two superior
barrier coating technologies is in progress. Coating process deals with covering the
PET bottle with an ultrathin high-gas-barrier material to establish a-C:H-coated
PET bottles. Gas molecules can pass through the wall of uncoated bottles, while a-
C:H films coated on the bottles block the passage [92]. Also, this ultrathin coating
is an ideal way to minimize the negative impact of the extremely low contami-
nation of a-C:H films on the recycling process of virgin PET materials. Moreover,
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newly synthesized high-gas-barrier a-C:H films were introduced under atmo-
spheric pressure prepared by atmospheric-pressure glow (APG) plasma chemical
vapor deposition (CVD), which possibly becomes the next-generation technique
for the film-coating industry.

6.3.2 Gas Barrier Properties and the Principle
and the Method of Gas Barrier Evaluation

The permeation of gas molecules through a polymeric membrane is a result of
combined process of sorption, diffusion and desorption. The molecules pass
through thermally fluctuated micro voids existing among tangled polymer chains.
The permeability coefficient refers to the number of molecules passing through the
film, per unit of time, area, thickness, and pressure difference.

P ¼ QL

tAp
ð6:2Þ

where P = permeability coefficient (cm3�cm/cm2 s MPa), Q = amount of gas
permeated (cm3 at standard condition), L = averaged thickness of film (cm),
t = time (sec), A = permeation area (cm2), and p = pressure difference (MPa).
The gas barrier property of polymer films is usually expressed in permeability
coefficient, while the gas transmission property of PET bottles for e.g. oxygen and
carbon dioxide is often simply indicated as the gas transmission rate of the whole
bottle, for example, in the unit of cm3/day�bottle. The oxygen transmission rates
can be determined using a modification of the ASTM Standard Method D 3985-81
with an Ox-Tran apparatus (Mocon, Inc., Minneapolis, USA) where a coulometric
detector detects the permeated oxygen in a stream of dry nitrogen circulating
through the system. The carbon dioxide transmission rate is measured by a ‘‘dry
ice method’’. PET bottles containing dry ice for the inside pressure of 0.27 MPa
are kept at room temperature and measured weight regularly. The loss of carbon
dioxide can be calculated from the change in the weight.

6.3.3 The Coating of DLC and the Coated DLC

The gas barrier property of DLC films has not been sufficiently investigated, while
other fundamental characteristics including high hardness and chemical inertness
are well known. Recently, several reports have suggested high gas barrier prop-
erties of DLC films on plastic films [100]. Kirin Brewery Co., Ltd. has developed a
unique technology using DLC coating for high gas barrier PET bottles since early
1990s, and succeeded in making the first high barrier DLC-coated PET bottles in
1994 in a cooperative process development with Samco International, Inc. The
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technology was based on a PECVD method under vacuum conditions. Since their
first official presentation on the excellent properties of DLC-coated PET bottles in
1997, many machine manufactures have made extensive efforts for the commer-
cialization of high gas barrier PET bottles using dry vacuum process, which had
been formally regarded as an impractical and costly process. Kirin’s DLC coating
process applied the deposition of a very thin DLC film to the inner surface of PET
bottles by generating capacitively coupled plasma between specifically designed
inner and outer electrodes. The inner electrode was grounded while the outer
electrode was connected to the power supply. The first step of the process was to
place a bottle in a vacuum chamber that functions as the outer electrode. Radio
frequency power of 13.56 MHz was then applied to the outer electrode to generate
a low temperature plasma state of hydrocarbons while acetylene (C2H2) gas was
injected into the bottle. The ions and radicals reacted to deposit on the inner
surface of the bottle in a negative self-bias potential over the outer electrode. The
advantages of the use of DLC film for PET bottles were primarily derived from its
flexible nature along with its high gas barrier property and chemical inertness. The
detailed composition of the DLC coating was obtained in the combination of
elastic recoil detection analysis (ERDA) and Rutherford backscattering analysis
(RBS). The result showed relatively high hydrogen content for DLC films. This
ensured excellent adhesion and crack resistance. The amorphous identity of the
DLC was also confirmed in Fourier transform infrared absorption (FT-IR) mea-
surement and transmission electron microscopy (TEM) observation. The results
indicated that the DLC coating obtained was basically composed of a three-
dimensional amorphous carbon and hydrogen network [101]. A typical Raman
spectrum result of the DLC film presented a relatively sharper peak at 1,530 cm
(the G peak) and a broad shoulder peak at 1,350 cm (the D peak). The lower area
ratio of a two-Gaussian fit (the area of the G line over the area of the D line) and
the lower shifted G position suggested that the DLC film had a mixture of sp2 and
sp3 bonding structures [10, 102, 103]. Microscopic observation revealed the sur-
face of the DLC film was extremely smooth and the thickness ranged from 10 to
30 nm for 2.0 s of coating, depending on coating conditions.

6.3.4 Gas Barrier Property of DLC-Coated PET Bottles

Table 6.2 shows the oxygen transmission rate (OTR) and carbon dioxide trans-
mission rate (CO2TR) of DLC-coated bottles at different temperatures. Gas barrier
properties of DLC-coated PET bottles were significantly improved as expressed in
the numbers of barrier improvement factor (BIF). As temperature increased, the
DLC-coated and the uncoated bottles showed lower barrier properties for both
OTR and CO2TR. The result indicated that, although DLC coating was known as a
thermally stable material, thermal molecular movement had an influence on the
gas permeation property of the whole coated bottle. Table 6.2 also showed the
values of activation energy Ep, determined in an Arrhenius plot, for the gas
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transmission, indicating that the DLC coating layer improved thermal stability to
the barrier property of the whole bottle. Since the DLC coating layer had a high
thermal stability, the Ep values for the whole DLC-coated bottle ranged from 50 to
70 % of those for the whole uncoated bottle.

6.3.5 Evaluation of the Food Containing and Preservation
Performance of DLC-Coated PET Bottles

As indicated in Table 6.2 in the previous section, the DLC coating provided quite
a high level of gas barrier enhancement, and the DLC-coated bottles were com-
parable to glass bottles in terms of quality protection against gas permeation.
Based on the results of sensory evaluation and chemical analysis, the DLC-coated
PET bottles proved an excellent quality retention performance, which was even
comparable to glass bottles. The results strongly supported that the DLC coating
could provide a sufficient property for the use of beer, one of the most sensitive
product to oxygen permeation in the PET-bottle market. The coating of the DLC
film on the inside surface of the PET bottle well preserved fresh flavors of the
products because the film prevented the sorption and the migration between the
bottle wall and the contents. The sorption test using various aroma components
showed that the sorption amount in the DLC-coated PET bottles was only 5–10 %
of that in uncoated PET bottles. As partially described above, the chemically inert
nature of the DLC coating can provide safe and long shelf life with food and
beverage.

6.3.6 Industrial Coating Methods for High
Barrier DLC-PET

In the commercial coating process using a PECVD method for PET, a great
number of process parameters related to each other must be controlled including

Table 6.2 Oxygen transmission rate (OTR) and carbon dioxide transmission rate (CO2TR) of
uncoated and DLC-coated PET bottles at different temperatures [92]

Uncoated PET a-C:H-coated PET BIFa

O2 CO2 O2 CO2 O2 CO2

Temperature (�C)
20 0.0032 0.00034 9.4
23 0.07 0.0035 20.0
30 0.1132 0.0048 0.0043 0.00044 26.3 11.0
40 0.2167 0.0071 0.0061 0.00059 35.5 12.1

Eb
P ðcal/molÞ 12231 7286 6044 5186

210 A. Hotta and T. Hasebe



raw material gas rate, gas pressure, input power, and dimensions of electrodes.
These parameters are required to be set differently depending on the size and shape
of targeted bottles or films and the barrier requirement for products. Therefore the
coating conditions should be well optimized. A high-speed commercial DLC
coating machine for these purposes was introduced, which was manufactured by
Mitsubishi Heavy Industries, Inc. The machine had a capacity of producing 18,000
bottles per hour with DLC and is now being in operation. It automatically monitors
the operating conditions including chamber pressure, input and scattered power
profiles, gas flow rate, and photoemission in order to ensure the product quality.
Sidel Inc. has developed another type of DLC coating technology: Actis (amor-
phous carbon treatment on internal surface). It also uses acetylene gas as a source
of carbon coating. A microwave-assisted process excites the gas into plasma,
which deposits a layer of carbon about 0.15 lm thick on the inside of the bottle.
Sidel claimed that Actis increased the carbon dioxide barrier of PET bottles by up
to seven times. Toyo Seikan Kaisha Ltd., Toppan Printing Co., Ltd., and SIG
Corpoplast GmbH Co. developed and realized silicon dioxide coatings using
PECVD methods. Interestingly, all of these commercially successful coatings were
applied to the inside of bottles, while several unsuccessful coating technologies
have tried to coat the outside of bottles.

6.3.7 Future Prospects

The future of DLC coatings for many types of containers can be considered in
view of market needs and technical development. In these aspects, further use of
DLC coatings seems quite promising. For example, the potential market for high
barrier PET bottles lies widespread and worldwide, including the large market of
beer, juice, wine, and carbonated soft drinks, and is estimated to be 10 % of the
whole PET bottle market, which would reach approximately 30 billion units. At
present, in Japan, DLC coated PET bottles for hot tea drinks have been sold in the
market, and 50 million units of such bottles came into the market in 2005. Future
market needs were also promisingly found in high barrier containers made of
plastics instead of PET. The candidates for such plastics include polyethylene,
polypropylene, and biodegradable plastics. These plastics are used in large
quantities; however, they often have poor barrier properties. From the technical
perspective, a DLC film less than 10 nm thickness was expected to achieve suf-
ficient barrier improvement for PET bottles. This thin DLC structure would exhibit
much more colorless clarity than the current DLC structure with slightly tinted
color, which limited the applications of the current DLC products to some specific
product categories [104]. The current vacuum process is another drawback in the
present market since the achievement of process vacuum requires high capital
investment, long process time (decreased throughput), and wide space occupation
due to a pumping system and other systems. Atmospheric plasma treatment could
be the solution for this problem. In the laboratory scale trial, remarkably high
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barrier DLC coating was successfully obtained using an atmospheric plasma
method. Thus, the future development of DLC coatings is expected to improve the
performance and cost effectiveness, and subsequently to contribute towards
broader applications of plastic containers for food and beverage. The future use of
DLC and modified DLC coatings seems promising in the medical field. The short-
term data on DLC and modified DLC coatings obtained so far in in vitro and
in vivo experiments indicate that their biocompatibility and hemocompatibility are
excellent. The investigation of their long-term biological performance is further
required before being able to use them in practical applications.

In conclusion, DLC films containing a certain amount of hydrogen worked
effectively with certain polymers as a high-barrier coating material, which could
provide the following advantages:

1. Gas barrier properties: blocks oxygen and carbon dioxide.
2. Flavor barrier: blocks migration and sorption.
3. UV barrier: increase absorbance of ultraviolet ray.
4. Chemical inertness: chemical stability with no interaction with ingredients.
5. Recyclability: no obstacle to the recycling process for polymeric materials.
6. Others: maintaining existing benefits of polymers.

6.4 Permeation Property for the Drug Controlled Release

As was previously mentioned, we have witnessed the evolution of an intense
public controversy regarding late thrombosis following implantation of drug
eluting stent (DES) in patients with obstructive coronary artery disease. To
overcome the problem, DES should possess sufficient biocompatibility and non-
thrombogenicity with a controlled drug release system. A new DES composed of
biocompatible polymers coated with DLC coating was proposed. In this study, the
drug release profile of the newly proposed drug eluting system was thoroughly
investigated. Three polymers were selected as base drug-reservoir materials:
hydrophilic 2-methacryloyloxyethyl phosphorylcholine (MPC), hydrophobic poly
(ethylene-co-vinyl acetate) (EVA), and less hydrophobic polyurethane (PU). The
three polymers are currently used or studied for biomedical materials, while MPC
and DLC were already confirmed as excellent biocompatible materials with an-
tithrombogenicity. After coating the lattice-like patterned DLC on both polymers
containing drug, samples were soaked into 2 ml of medium of phosphate-buffered
saline with 10 % ethanol. The drug release rate was measured by a spectropho-
tometer. The percentile cover area of patterned DLC on polymers was varied from
0 % (without DLC) to 100 % (fully covered). The sample without DLC coating
presented an initial burst of the drug release from the polymer matrix, whereas the
DLC-coated samples inhibited the initial burst release from polymers within the
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first five days of the experiments. It was found that the drug eluting profiles could
be effectively controlled by changing the cover area of micro-patterned DLC
coatings on polymers, which may be applicable to the next-generation DES system
that eventually prevents late thrombosis.

An effective way of controlling drug release using polymeric matrix coated
with thin DLC film was introduced. The control of the drug release was efficiently
achieved by combining several types of soft polymers with micro-patterned hard
DLC. It was found that by selecting appropriate polymers, well-adhered DLC/
polymer composites with combining merits of flexibility, moldability, absorb-
ability, biocompatibility, low friction, high gas, and liquid barrier effects, etc. were
obtained, where the former three merits typically originated from polymers and the
latter three resulted from DLC. The new DLC/polymer composites could therefore
be extensively utilized in the field of intravascular medical devices such as stents
and catheters. The earliest use of bare metal stents (BMS) has markedly improved
the treatment of coronary artery disease, while restenosis due to neointimal pro-
liferation has been a major concern, which eventually promoted urgent develop-
ment of the second-stage stents, called drug eluting stents (DES), containing
antithrombotic drug. DES was successful in preventing cellular proliferation,
thrombus formation, and inflammation, hence recently having been practically
used in clinical practice and surgery [105, 106]. After approximately a year of
indwelling DES, however, almost all drugs were evacuated and unprotected
polymer surface was directly exposed to blood, causing possible thrombogenicity
[107–110]. DLC, a biocompatible and antithrombotic carbonaceous material was
examined for the surface coating of drug-containing polymers, targeting the next-
generation stents that may control the drug release rate, accompanied by the
enhancement of the biocompatibility. For the industrial use, DLC has already been
coated on materials adding high gas barrier property. The research on combining
hard DLC with soft polymers has not been much explored, largely due to the
potential cumbersome procedures of solving difficult problems that may be caused
by the differences between DLC and polymers in chemical and physical properties
including hardness, adhesion, and barrier properties. A few degradable polymers
were already investigated as the composite partners of DLC and the polymers were
found useful for the establishment of a degradation-controlled drug release system,
but some incomplete healing sites were found after 180 days of testing [107].
Other applications of DLC for soft materials can only be found in industrial uses
for mechanical and tribological purposes by using e.g. segment-structured DLC on
polymers. After several years of investigations on biocompatibility and anti-
thrombogenicity of DLC [16, 41, 79, 111, 112], a new coronary artery stent was
proposed, which consisted of DLC-coated polymer containing drug. In this sec-
tion, the fabrication of micro-patterned DLC was introduced, which was carried
out on silicon wafer and polymers, and the microstructure of DLC was observed.
After confirming the micro-structures, DLC was then coated on polymer films
containing drug before measuring the drug release rates.
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6.4.1 Surface Morphology of Micro-Patterned DLC
on Silicon

The surface of micro-patterned DLC deposited on substrates through metallic
mesh with several sizes of micropores was observed. Figure 6.19 shows the optical
micrographs of the surfaces of unprocessed smooth silicon wafer, metallic mesh
and micro-patterned DLC. From Fig. 6.19b, the pore size of metallic mesh was
found to be about 35 lm2. From Fig. 6.19c, the size of deposited micro-patterned
DLC was found approximately the same as that of micropores of metallic mesh,
indicating the direct deposition of DLC through the pores. The ratio of DLC-
deposited area to the whole surface area of the substrates was *35 % determined
through the optical microscope image analysis. The surface profile of DLC-coated
films was measured using Dectak surface profilometer. The width of micro-
patterned DLC blocks was approximately 35 lm, which corresponds to the
experimental results of the optical micrographs. The thickness of the coated DLC
was found from 10 to 20 nm, which was thinner than the thickness expected from
the deposition time (*100 nm). This is supposed to be due to the plasma inhi-
bition of the metallic mesh, causing micro-shielding of the plasma as well as
decrease in the entire number of carbon radicals. The difference in the thickness of
DLC may not bring about any detrimental effects on the barrier property of DLC
as the molecular weight of the drug is much higher than that of gas molecules and
the gas barrier property can be sufficiently achieved over 10 nm of DLC thickness.

Fig. 6.19 Optical micrographs of substrates: a silicon wafer, b micro-pore mesh, and c micro-
patterned DLC deposited on silicon wafer [120]
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6.4.2 Chemical Structures of Polymer Films Containing
Curcumin as Drug

The FT-IR spectra of three polymer films were obtained for the original polymer
film, the polymer film containing 10 % of curcumin, and the polymer film with
20 % of curcumin. The spectra of each polymer film without curcumin were firstly
interpreted to discern curcumin signals from the original signals emitted by
polymers. While analyzing FT-IR spectra, it was important to know the difference
in molecular structures of three polymers. The major difference lied in the pos-
session of hydrogen-bonded group. MPC had hydrogen-bonded OH group, while
PU consisted of hydrogen-bonded NH group, and EVA had no hydrogen-bonding
group in its molecular structure. Curcumin possessed OH group which may also be
directly detected by FT-IR. In more detail, the broad signal detected around
3400 cm-1 in the MPC signal could be affiliated with –OH vibrations from
hydrogen-bonded OH groups. The strong peaks at 2,959, 2,866, and 1,474 cm-1

were attributed to the stretching of –CH2– groups. One of the major peaks of MPC
was a stretching vibration peak observed at 1724 cm-1 by C = O of ester. The
three peaks at 1,234, 1,152, and 1,076 cm-1 were due to –POCH2–. The strong
peaks at 2,917, 2,849 and 1,372 cm-1 in the EVA signal indicated the stretching
and the deformation of methyl groups. The accurate peak at 1,735 cm-1 was
attributed to C = O of ester. The peak at 1,239 cm-1 indicates a C–O single bond.
The spectrum of PU was also analyzed, where the strong peaks at 2,920 and
2,852 cm-1 came from the stretching of –CH2– groups. Two carbonyl bands, one
at 1,701 cm-1 and the other at 1,730 cm-1 are assigned to C = O groups. The
peak at 3,324 cm-1 was due to the N–H group participating in hydrogen bonding.
The band of the non-hydrogen-bonded N–H group appeared as a broad peak at
3,480 cm-1. The peak at 1,620 cm-1, which indicated the existence of aromatic
C = C, was found in the spectra of each polymer film containing curcumin, and as
the contents of curcumin increased, the intensity of the signal from the aromatic
C = C also increased. Pure hydrophobic EVA film showed no peak around
3,400 cm-1. As the amount of curcumin increased in EVA, the signal around
3,400 cm-1, indicating hydrogen bonding, increased due to the injected curcumin
in EVA. In this way, a somewhat quantitative evaluation of the amount of the
injected curcumin could be made by FT-IR.

6.4.3 Surface Morphology of Curcumin-Eluting
Polymer Films

In Table 6.3, samples used in the drug eluting experiments were all listed. For the
sample names, ‘‘DLC’’ as suffix was added to the original sample name when the
polymer was entirely covered with DLC, while the suffix ‘‘DP’’ was added for the
samples with micro-patterned DLC. The numbers in the names represented the
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content of curcumin. The ratio of the DLC-coated area was approximately 35 %.
Optical micrographs of the polymers and the polymers with DLC or with micro-
patterned DLC (DP) containing 10 or 20 % of curcumin were presented in
Fig. 6.19. There were no distinct differences in the size and the shape of micro-
patterned DLC coated on the three polymers and on silicon wafer (Fig. 6.19c).
Figure 6.19a shows the surface of the MPC polymer films. As curcumin was
hydrophilic, it was highly compatible with MPC polymer, so that the entire surface
looked flat and homogeneous without any aggregates of curcumin comprised even
for higher curcumin-containing samples. There were not any noticeable differences
between the films before and after DLC deposition, revealing the thermal stability
of MPC films even after DLC deposition process at a higher temperature
(*60 �C). The surface of EVA films was shown in Fig. 6.19b. Since EVA was
much more hydrophobic than MPC, the surface of EVA with curcumin looked
more uneven and heterogeneous than that of MPC. Many aggregates of curcumin
were observed on the surface of EVA and the number of the aggregates increased
as the concentration of curcumin increased. EVA and curcumin therefore seemed
incompatible. The undulated surface of DLC-deposited EVA films was observed
owing to the low thermal stability of EVA under strong internal stress of DLC. It
was found that the melting point of EVA was 50 �C measured by differential
scanning calorimetry (DSC). DLC deposition temperature could reach 50 �C
where EVA could be softened and be pulled by the strong internal stress of DLC.
The micro-patterned DLC surface on EVA was quite even because the segmen-
talization of DLC could prevent or ease the internal stress caused by the entire
coating of DLC. Figure 6.19c showed the surface of PU films. The surface of PU
films was quite homogeneous, which was fairly similar to the surface of hydro-
philic MPC films. As PU was more hydrophilic than EVA due to the N–H group
participating in hydrogen bonding, the hydrophilic curcumin could be more or less
dispersed over an entire volume of the PU substrates to construct a uniform sur-
face. At even higher curcumin contents, the aggregates of curcumin appeared and
were slightly observed. After DLC coating, as on EVA surface, the undulated PU
surface was monitored but the roughness of the PU surface was lower than that of
EVA surface. This could be due to the higher modulus, higher thermal stability of
PU than those of EVA. PU and EVA are both thermoplastic materials and the
melting temperatures (Tm), above which the samples would melt and be easily
molded, were 210 �C for PU and 50 �C for EVA. The plasma processing tem-
perature could reach *60 �C which was above the Tm of EVA. The surface of
EVA was thermally transformed to ease the internal stress, which resulted in
constructing the undulated surface. The surface roughness of DLC-coated MPC,
EVA and PU was analyzed. The surface roughness of MPC, regardless of the
content of DLC and curcumin, was very low according to the measurements by
AFM. The surface roughness of unprocessed EVA and PU films was also lower
than 20 nm. By containing curcumin, the surface roughness became slightly higher
than the unprocessed films, but still lower than 40 nm. After DLC coating, how-
ever, the surface roughness of both EVA and PU films became meaningfully
higher, reaching even higher than 160 nm for EVA, and 120 nm for PU with 20 %
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of curcumin. Hasebe et al. [60] reported that the surface roughness of DLC would
not make any significant influence on the thrombogenicity of the materials if the
roughness was within the range from *4 to *100 nm in Ra, which was intro-
duced in the previous section. The effect of the surface roughness over 100 nm on
thrombogenicity was not yet fully understood. Therefore after DLC coating on
EVA and PU, it was necessary to carefully examine the thrombogenicity of the
DLC-coated materials. Apparently, the surface of polymers with micro-patterned
DLC was smoother than that of polymers with fully deposited DLC, hence micro-
patterning would be a promising candidate for the drug-releasing system.

Fig. 6.20 Optical micrographs of substrates with curcumin: a MPC, b EVA, and c PU [120]
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6.4.4 Release Profile of Curcumin from Polymers

The cumulative release of curcumin from MPC polymers to the medium as a
function of time was plotted in Fig. 6.21. Figure 6.21a showed the drug release
results of MPC polymers containing 10 % of curcumin and Fig. 6.21b shows the
results of MPC polymers with 20 % of curcumin. Squares represented the drug
release from MPC polymers without coating, while triangles showed the results of
MPCDP and circles presented the results of MPCDLC. The rest of the figures
(Figs. 6.22 and 6.23) are plotted in this manner, where Figs. 6.22 and 6.23 showed
the results of EVA and PU, respectively. In the experiments, as expected, the
initial burst release was observed for polymers without coating, which implies that
the content ratio of curcumin indeed reached well beyond the solubility of the
curcumin in the polymers. Generally, it was understandable that if polymers
possessed a high amount of drug (i.e. high drug concentration), the drug would be
eluted rapidly especially in the early time of the drug release just after the spec-
imens being immersed in medium. Therefore the initial burst could be detected in
MPC10, MPC20, EVA10, and EVA20 samples. Higuchi was the first to derive an
equation to describe the release of drug from an insoluble matrix as the square root
of a time-dependent process based on Fickian diffusion [113]. The drug release
experimental results of various samples were also analyzed using the drug release
equation of the Higuchi model which has been utilized to study the release of
drugs contained in semi-solid and/or solid matrixes [114]. To analyze the drug
elution from a planar system of a homogeneous matrix, the relation of the drug

Table 6.3 Specimens coated with DLC including curcumin for the drug eluting experiments
[120]

Sample name Polymer DLC coating area [%] Curcumin contents [%]

MPC10 MPC 0 10
MPC10DP MPC 35 10
MPC10DLC MPC 100 10
MPC20 MPC 0 20
MPC20DP MPC 35 20
MPC20DLC MPC 100 20
EVA10 EVA 0 10
EVA10DP EVA 35 10
EVA10DLC EVA 100 10
EVA20 EVA 0 20
EVA20DP EVA 35 20
EVA20DLC EVA 100 20
PU10 PU 0 10
PU10DP PU 35 10
PU10DLC PU 100 10
PU20 PU 0 20
PU20DP PU 35 20
PU20DLC PU 100 20
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Fig. 6.21 Drug release profiles of MPC (square), MPCDP (triangle), and MPCDLC (circle)
varying the concentrations of curcumin: a 10 % and b 20 % [120]

Fig. 6.22 Drug release profiles of EVA (square), EVADP (triangle), and EVADLC (circle)
varying the concentrations of curcumin: a 10 % and b 20 % [120]

Fig. 6.23 Drug release profiles of PU (square), PUDP (triangle), and PUDLC (circle) varying
the concentrations of curcumin: a 10 % and b 20 % [120]
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release amount (Q) and the release time (t) could be described as follows: where Q
is the amount of drug released in time t and KH is the Higuchi dissolution constant.
Since MPC10, MPC20, EVA10, and EVA20 exhibited the initial burst release, the
release profiles from the four samples could not be fitted well with the Higuchi
equation and the deviation from the model was indeed observed after 5 days of
elution. The Higuchi model therefore was only applied to the initial results of
several early days of the measurements to evaluate the release rate (KH) of the
samples. For the other -DLC and -DP samples, the Higuchi model fitted the
experimental data quite well throughout the testing. In this manner, KH of every
sample was calculated from the drug release profiles plotted in Figs. 6.20, 6.21,
and 6.22. Figure 6.23 showed the results of KH. It was clear that KH decreased
with increasing the DLC-deposited area of the polymer films. Figure 6.23a showed
the KH of each polymer containing 10 % of curcumin. Comparing the results of
the three polymers without DLC deposition, MPC film presented the largest KH.
The KH of EVA was almost the same as that of PU, indicating the fastest release
rate in MPC and the lower release rate in EVA and PU. The results also revealed
that the dissolution of drug was strongly affected by the compatibility between the
matrix polymer and the medium. The used medium was water while MPC was
hydrophilic, whereas EVA was rather hydrophobic and PU was in between. Based
on this standpoint, the water uptake of MPC was the greatest, which led to the
rapid elution of curcumin. DLC deposition efficiently inhibited the drug release
from each polymer film, where KH was almost the same for polymers with micro-
patterned DLC, as the largest KH was observed in MPC, followed by EVA and PU.
Furthermore in the same way, KH of each polymer decreased more with overall
DLC deposition. It was confirmed that the drug release rate was effectively con-
trolled by varying the area coated with DLC. Figure 6.23b showed the KH of each
polymer containing 20 % of curcumin. The similar results to the specimen with
10 % of curcumin were observed. Increasing the concentration of the curcumin
resulted in producing higher drug release rate for all three polymers. The KH of
MPC20 was about 3 times as large as that of MPC10. KH of EVA20 and PU20 was
about 2.7 and 1.6 times larger than those with 10 % curcumin, respectively. The
increased amount of KH by adding curcumin content was the highest in MPC due
to the hydrophilicity. The increased amount of KH was higher in EVA20 than in
PU20. As was mentioned previously, there were no hydrogen bonds in the
chemical structure of EVA, implicating the lower binding force with curcumin
with high KH, while a larger amount of curcumin stayed in the PU matrix that
consisted of hydrogen-bonded NH group.

To summarize, the micro-patterning of DLC coated on several types of soft
polymers was investigated. The shape of DLC blocks deposited by CVD method
was confirmed by optical microscopy, which was found to be well fabricated on
polymers. The thickness of micro-patterned DLC blocks was *30 nm, while that
of overall DLC deposition was *100 nm. The surface roughness was measured
for each sample and the roughness became higher when the drug and the polymer
became less compatible from the viewpoint of solubility. Moreover, the surface
roughness substantially decreased when micro-patterning of DLC was
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implemented on polymers. The drug release rate from DLC-coated polymers was
well controlled with varying the deposition area of micro-patterned DLC. Here
again, it was found that the compatibility between polymer, medium, and drug,
affected the eventual drug release rates. The results may be applicable to the next-
generation DES system that possessed both biocompatibility and well controlled
dissolution behavior of drug preventing the late thrombosis. Further studies would
also be to evaluate the availability of this novel drug-delivery system for three-
dimensional medical devices without the risk of film breakdown in various clinical
settings.
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Chapter 7
Surface Modification of Biodegradable
Polyesters for Soft and Hard Tissue
Regeneration

Hesameddin Mahjoubi, Sara Abdollahi and Marta Cerruti

Abstract Synthetic biodegradable polyesters are commonly used in biomedical
applications, especially as three-dimensional porous scaffolds for soft and hard
tissue engineering. In addition to straightforward fabrication procedures, good
mechanical strength and adjustable degradation properties all contribute to the
appeal of these polymers. Still, scaffolds synthesized from polyesters are hydro-
phobic in nature and lack cell recognition signals. Coating or modifying their
surface with molecules that enhance cellular adhesion and activity is therefore
necessary to make them suitable as biomaterials, while preserving their bulk
properties. This chapter reviews current strategies used to modify the surface of
polyester-based scaffolds, with a specific focus on the modifications necessary to
stimulate soft and hard tissue regeneration. The methods reviewed mostly involve
two steps. During the first step, the polymer hydrophilicity is increased by gen-
erating carboxylic, amino or hydroxyl groups on the surface by either chemically
or photochemically breaking the polymeric ester bonds, or by plasma treatment.
This step also allows introducing functional groups on the polymeric surface,
which can be used as anchors to bind biomolecules in the next step. In the second
step, biomolecules of different types are bound to the previously modified polymer
surface, to stimulate a specific tissue response. After providing an overview and
many recent examples of the strategies used to achieve both steps, the chapter
concludes by summarizing the main achievements to date and the challenges that
still remain open.
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7.1 Introduction

7.1.1 The Importance of Surfaces in Tissue Engineering

Tissue engineering is an emerging discipline at the junction of engineering,
biology and medicine, which is changing the traditional ways of improving peo-
ple’s health by restoring, maintaining, or enhancing tissue and organ functions [1].
The main goal of tissue engineering is to recreate living tissue in the lab, for
applications that can be either therapeutic (for example, replace a damaged organ
in a patient), or diagnostic (for example, check the metabolism and toxicity of
drugs). To achieve this goal, cells related to the tissue to be recreated are harvested
from the target organ and cultured in a petri dish. Once enough cells are generated,
they are seeded onto porous structures called scaffolds and kept in an incubator to
grow. Then they are implanted in the patient’s body in order to enhance regen-
eration of the damaged tissue or organ (Fig. 7.1).

Most of the current research in tissue engineering focuses on improving the
scaffolds used for tissue culture. Optimal scaffolds should not only provide a
physical support for the cells, but also an environment for their proliferation,
growth and differentiation, which can finally lead to successful tissue regeneration.
Said in a different way, scaffolds should mimic the extra cellular matrix (ECM),
which is the natural support over which cells bind and grow in the body. To
achieve this, the scaffolds should meet four basic requirements: (1) they should be
biocompatible, so no infection occurs when they are implanted in the patient body;
(2) they need to be porous, to support two dimensional (2D) expansion and three
dimensional (3D) growth of the cells, and the pores must be interconnected, to
allow for easy delivery of nutrients to the cells and waste removal; (3) they should

Fig. 7.1 Basic principles of
tissue engineering
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be mechanically stable, so they do not deform and collapse before complete
regeneration of tissue; and (4) they should be biodegradable, i.e. gradually
decompose as the tissue is regenerated, meanwhile producing residues that can be
removed by normal metabolic activity of the body. In addition to these basic
requirements, it is crucial that the scaffold’s surface elicit the desired response
from the cells in contact with it. Indeed, it is the scaffold’s surface that determines
the initial cellular response to the implant, and therefore its acceptance and
durability in the body [2].

Many biological reactions happen at interfaces [3]. As chemists have known for
more than a century, surfaces can provide catalytic sites that can lower reaction
energy barriers, and enhance turnover rate. In a similar way, biological surfaces
can expose enzymatic sites, facilitate interactions between biomolecules, and
encourage specific aspects of cellular activity. The ECM represents one of the
most important examples of a biological surface: cells anchor on it through actin
filaments, and their proliferation and differentiation is affected by the presence of
several signaling complexes on the ECM, such as growth and differentiation
factors [4]. Cells respond to biomaterial surfaces somewhat similarly to ECM, and
spread and anchor on them if they recognize them as a suitable environment
(Fig. 7.2).

Serum proteins adsorb on a biomaterial’s surface within minutes from its
implantation, and these in turn influence the type and quantity of cells that adhere
and spread on it [5]. A successful scaffold for tissue engineering will thus be able
to attract the desired type of proteins and cells at its interface, to regenerate the
originally damaged tissue. To achieve this, scaffold’s surface properties such as
wettability, surface charge, and morphology need to be carefully controlled [6]. In
addition, the scaffold’s surface can be modified to generate functional groups for
the immobilization of drugs, receptors, enzymes, signaling molecules, antibodies
or other biologically active molecules for different biomedical applications.

Fig. 7.2 Scanning electron
microscopy picture of a
myoblast cell (length is
approximately 10 lm)
interacting with a synthetic
biomaterial surface [3]
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7.1.2 Scaffold Materials for Soft and Hard Tissue
Regeneration

The material chosen to fabricate the scaffolds influences both surface and
mechanical properties of the implants, and therefore material selection is dictated
by the final scaffold application. For example, a scaffold to be used in bone tissue
engineering must be able to bear loads, and therefore should have sufficient
mechanical strength [7]. For soft tissue regeneration, such as skin, the material
should be able to act as a barrier, allow for water flow above it, and be adherent to
the tissues underneath [8]. Materials currently used to prepare scaffolds for hard or
soft tissue regeneration can be divided into three main categories: bioceramics,
natural and synthetic polymers.

Bioceramics are produced by sintering or melting inorganic raw materials to
create an amorphous or crystalline solid piece, which can be used as an implant.
Products used for scaffold applications are usually porous. Bioceramics can be
further classified in three groups. (1) Nonresorbable ceramics: these are relatively
inert, and include alumina, zirconia and silicon nitride. Implants made with this
type of bioceramics are mainly used as fixtures in medical applications and they
need to be removed from the body during a second surgery. (2) Bioactive or
surface active ceramics: examples include Bioglass� or porous hydroxyapatite
Ca10(PO4)6(OH)2—these materials are mostly used for surface modification and
fabrication of scaffolds with enhanced surface properties; (3) Biodegradable or
resorbable ceramics, like coralline hydroxyapatite [9] and ferrite calcium phos-
phates [10]. These materials degrade after some time of implantation in the body,
and can be completely resorbed.

Among the natural polymers, both polypeptides such as collagen, gelatin and
silk, and polysaccharides such as agarose, alginate and chitosan have been used.
These polymers are biocompatible and enzymatically biodegradable. The main
advantage for using natural polymers is that they contain bio-functional molecules
that aid the attachment, proliferation, and differentiation of cells. Their main
disadvantage lies in the difficulty of controlling their degradation rate; this is
mainly dependent on enzymes, whose level may vary from patient to patient.
Additionally, natural polymers are often mechanically weak, although cross-
linking has shown to enhance their structural stability [11].

Synthetic polymers are chemically synthesized, which implies that properties
such as mechanical strength and degradation rate can be tuned by changing
composition and synthesis parameters. Also, since most of them degrade hydro-
lytically, the degradation rate of scaffolds made with these polymers does not vary
significantly between different patients. The most common synthetic polymers are
polyesters such as poly(glycolic) acid (PGA), poly(d,l-lactic) acid (PDLLA),
poly(l-lactic) acid (PLLA), and poly(d,l-lactic acid-co-glycolic acid) (PLGA) [12].
Other types include polyanhydrides, polycarbonates, and polyphosphazenes [11–
13]. Most of these polymers degrade forming acidic compounds that are naturally
occurring in the body. Although these products are not toxic, high concentrations
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of them may increase local acidity, resulting in inflammation or fibrous encap-
sulation [12, 14, 15]. Despite this potential disadvantage, synthetic polymers are
among the most promising materials for biomedical applications due to their low
production costs and the ease of controlling their properties.

Among biodegradable synthetic polymers, polyesters such as PDLLA and
PLGA have been explored extensively because of their excellent biodegradability
and non-toxicity, which allowed them to be FDA approved [16]. However, their
inherent hydrophobicity hinders the interactions between scaffolds made with
these polymers and biomolecules, proteins and cells—especially if compared with
hydrophilic biomaterials such as polyvinyl alcohol [17]. Surface treatments are
thus necessary to optimize the properties of these polymers for biomedical
applications.

This chapter will focus on surface modifications of scaffolds made with poly-
esters for orthopedic and soft tissue regeneration. Surface treatments of these
scaffolds aim first at increasing their hydrophilicity, while maintaining their bio-
compatibility and bulk properties. Both physical methods such as plasma treatment
and chemical methods such as hydrolysis can be used to achieve this goal. The
functional groups introduced with either method can then be used as anchors to
bind specific biomolecules, such as cell signaling molecules and proteins, to
improve cell adhesion, proliferation and growth. Compared with relatively recent
reviews on surface modification of biomaterials [5, 18–21], the present book
chapter aims at giving a more in-depth perspective on the modifications adopted so
far on polyesters, and providing examples from recent literature relative to
applications in soft (mainly skin and cartilage) and hard (mainly bone) tissue
engineering. After reviewing plasma treatments (Sect. 7.2) and chemical methods
(Sect. 7.3) used to increase scaffold hydrophilicity and generating anchoring
groups, we will provide examples of modifications that have increased the scaf-
folds’ biological activity (Sect. 7.4). In the last section of this review (Sect. 7.5),
we will summarize the most important trends of research so far and describe what
is left to be done to achieve a complete control of scaffold’s surface properties. The
large number of examples proposed from the most recent literature together with
the final summary and perspective should provide the reader with a comprehen-
sive, up-to-date understanding of the importance and potential of surface modifi-
cations for biomaterial development.

7.2 Plasma Treatment

Treating polymeric materials with plasma is perhaps the only method that allows
modifying their surface without resorting to wet chemistry. In this section we will
quickly describe the principles of plasma surface modification, and we will then
provide examples of plasma surface modification of biodegradable polyesters used
as thin films or scaffolds for soft and hard tissue engineering.
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7.2.1 The Principles of Plasma Surface Modification

Plasma is a state of matter composed of highly excited atomic, molecular, ionic,
and radical species, achieved by gas excitation with radio frequency [22], or
electrons from a hot filament discharge [23]. Since plasma processing has been
widely used in microelectronics, coating and painting, the underlying physics and
chemistry of plasma is relatively well-known [24]. Plasma is generated by ionizing
atoms or molecules in a medium. The ionization takes place when the components
of the plasma absorb enough energy from an external excitation source or by
collisions with one another. There are many different plasma sources, but the most
common ones are gas discharge [23], pulsed vacuum arcs initiated on the surface
of a consumable cathode [25–27], and laser [28].

Plasma surface modification techniques can be categorized into plasma sput-
tering, etching, cleaning, implantation and deposition. In plasma sputtering and
cleaning, the surface is bombarded with inert gases such as neon or argon; some of
the material surface is etched away, and a clean layer is eventually exposed [29].
Plasma implantation can introduce elements on the surface of the materials by
bombarding them with ions coming from a target material [30, 31]. In plasma
deposition different groups such as amine and carboxyl groups are deposited on the
surface of polymer to change its surface charge and prepare it for attachment of
other functional groups and bio molecules [32].

Plasma’s highly reactive chemical environment can modify the surface of
materials exposed to it. Indeed plasma engineering has been used to modify almost
any type of materials, and change their surface chemical, physical, tribological,
electrical, or mechanical properties. Plasma treatments are reproducible and rel-
atively inexpensive, and they can be monitored precisely, and work extremely well
on 2D polymer films [86–90]. In biomedical engineering, plasma treatments have
been used for many diverse applications, ranging from surface treatment of
devices in contact with human blood such as blood bags and vascular grafts to
prevent thrombosis [33, 34], sterilization of surgical tools [35], and enhancing
anti-bacterial properties [36].

7.2.2 Plasma Treatment of Polyesters for Soft and Hard
Tissue Engineering

The advantages of plasma treatment such as easy preparation, achievement of a
homogenous surface layer, and sterilization during the treatment, make this
method a strong candidate for surface modifications of polyester-based implants
and devices. Most commonly, plasma modification of biodegradable polyesters
involves their exposure to gases like air, NH3, SO2 and CO2. These treatments aim
at introducing polar functionalities on the polymer surfaces, such as hydroxyl,
carboxyl, amino and sulfate groups, to increase their hydrophilicity. For example,
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Yang et al. [32] showed that plasma treatment using N2, NH3 and/or O2 gas could
decrease the water contact angle on PDLLA films from a starting value of 78� all the
way to 17� in just 2 min of exposure, thus indicating a very large increase in
hydrophilicity of the polymer surface. The NH3 plasma-treated PDLLA samples
were then exposed to a collagen-containing solution. 3T3 fibroblast adhesion and
spreading was compared on these materials and on PDLLA samples coated with
collagen without the plasma pretreatment, as well as on PDLLA treated with NH3

plasma only. Cell spreading and growth was maximized by the combination of
plasma treatment and collagen exposure (Fig. 7.3). This was attributed to the fact that
collagen was present in larger amounts and was more stably anchored to the plasma-
treated PDLLA. Positively charged groups present on collagen were suspected to be
responsible for the greater interactions with negatively charged cells [32].

Shen et al. [37] investigated immobilization of basic fibroblast growth factor
(bFGF) on PLGA after plasma treatment. They introduced acid carboxylic func-
tional groups on the surface of PLGA scaffolds via a CO2 plasma, and incubated
the samples in a solution containing bFGF. They characterized the composition of
PLGA films before and after CO2 plasma treatment with X-ray photoelectron
spectroscopy (XPS) and water contact angle, and observed an increase in the
fraction of carboxylated species and in hydrophylicity of the PLGA films with
longer plasma treatments. To characterize cell adhesion on these surfaces, they
cultivated 3T3 fibroblasts on them, and then applied a constant shear stress. They

Fig. 7.3 Photomicrograph (x150) of 3T3 fibroblasts cultured on different PDLLA films for 9 h.
a control; b sample modified by NH3 plasma (50 W, 20 Pa, 300 s); c sample modified by
collagen coating, and d sample modified by ammonia plasma pre-treatment collagen anchorage
[32]
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found that plasma treatment followed by bFGF coating drastically increased the
amount of cells remaining on the surface, compared with uncoated PLGA or
PLGA coated with bFGF without the plasma pretreatment (Fig. 7.4).

In another work, Shen et al. [38] studied immobilization of human bone mor-
phogenetic protein-2 (rhBMP-2) on PLGA scaffolds. BMP-2 is a powerful oste-
ogenic factor that promotes proliferation, migration and osteogenic differentiation
of stem cells. In this paper, the authors modified PLGA scaffolds with different
plasma treatments, such as O2, NH3 and CO2, and then incubated them in rhBMP-
2 solution to bind the protein onto the surface of the scaffolds. In order to measure
the amount of the attached protein on the surface of non-treated and plasma treated
PLGA scaffolds, they used a modified enzyme-linked immunosorbent (ELISA)
assay method used by other researchers [39, 40]. The results revealed that O2

plasma allowed for the largest binding of rhBMP-2 (Fig. 7.5). The adsorption of
rhBMP-2 allowed mouse OCT-1 osteoblast-like cells to better attach and spread on
the scaffolds.

Khorasani et al. [41] studied the radio frequency (RF) oxygen plasma surface
treatment of PLLA and PLGA used in nerve tissue engineering. Their water drop
contact angle results showed a large increase in polymer hydrophilicity: 1 h of
plasma treatment caused a decrease in contact angle from 85� to 10� for PLLA,
and from 74.5� to 36.6� for PLGA. B65 nervous tissue cells showed much larger
adhesion and growth both on PLLA and PLGA treated samples compare to the
untreated ones (Fig. 7.6).

Demina et al. [42] investigated the effect of direct current (DC) discharge
plasma modification on composite films made of chitosan, gelatin and PLLA
(CGP). This composite has a homogenous bulk structure due to the strong
molecular interactions between its components, and thus keeps its chemical and

Fig. 7.4 The fraction of adherent 3T3 fibroblasts on different PLGA films as a function of time
under 36.5 N/m2 of shear stress. While on untreated PLGA films (UT-PLGA) about 76 % of
cells detached within 10 min and on PLGA samples just coated with bGFG (UT-PLGA/bFGF)
about 80 % detached after 60 min, only *23 % of cells detached from plasma treated PLGA
(PT-PLGA) and less than 5 % on bFGF coated, plasma treated PLGA (PT-PLGA/bFGF) after
60 min [37]
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Fig. 7.5 Untreated (UT-PLGA), ammonia treated (AT-PLGA), CO2 treated (CT-PLGA) and O2

treated (OT-PLGA) PLGA films with a diameter of 7 mm were loaded with 100 ml rhBMP-2
solution (15 mg/ml) for 1 h. rhBMP-2 binding ability is shown here based on ELISA assay
results. *p \ 0.05 against UT-PLGA films; #p \ 0.05 against AT-PLGA films; $p \ 0.05 against
CT-PLGA films [38]

Fig. 7.6 B65 cell attachment
on: (a) untreated PLGA; (b)
O2 plasma treated PLGA
(magnification 400x) [41]
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mechanical properties during in vivo degradation. To see the effect of DC dis-
charge plasma treatment on CGP films, a set of samples was treated while con-
nected to the anode side of the DC plasma, and another other set to the cathode.
The same treatments were performed on PLLA and chitosan films. The water
contact angle measurements showed more than 55� decrease from untreated to
plasma-treated CGP samples. Mouse fibroblasts (L929) viability was tested on all
the films. Cell viability decreased on CGP after plasma treatment, while it
increased on treated PLLA samples (Fig. 7.7). This result indicated that while cell
viability on PLLA was mainly affected by changes in wettability, which increased
upon plasma treatment, other physicochemical properties such as surface mor-
phology and charge affected cell viability on CGP samples. Differences in cell
viability observed upon changes in surface morphology and charge was observed
by other researchers as well [43, 44].

All these examples show why plasma treatments are becoming more and more
common ways to modify the surface of polyesters and biomaterials in general: they
allow changing surface properties without altering the bulk properties of the
material, thereby offering a high degree of quality control, reliability and repro-
ducibility that is difficult to achieve with other methods. The main drawback of
plasma treatment is its difficulty in penetrating pores, which is a major obstacle
when trying to modify the surface of 3D scaffolds [45–48].

7.3 Chemical Modifications

Similar to plasma treatment, chemical modifications have the goal of increasing
the hydrophilicity of polyesters while generating surface reactive groups that can
be used as anchors to immobilize biomacromolecules. In this section we will
describe the two main avenues available for chemical modification of polyester
scaffolds, i.e. wet chemistry or photochemistry.

Fig. 7.7 Relative viability of
L929 mouse fibroblasts
cultured on the PLLA, CGP,
and chitosan films for
1 week. Results of MTT-test
expressed as
mean ± standard deviation
for three replicates. Viability
of the cells cultivated on
polystyrene plates was used
as a control (100 %) [42]
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7.3.1 Wet Chemistry Modifications

The two most commonly used and simplest wet chemical techniques to modify
polyesters are aminolysis and alkali hydrolysis. In both cases, the abundant ester
bonds are hydrolyzed, and either amide or carboxylate groups are formed, along
with hydroxyl and primary or secondary amine functional groups [49, 50].

Alkali hydrolysis is performed by simply immersing the scaffolds in solutions
of concentrated NaOH, for periods ranging from minutes [51] to hours [52]. This
treatment leads to cleavage of the ester –COO– bonds and formation of carboxyl
and hydroxyl groups. Aminolysis is most commonly achieved by exposing the
scaffolds to diamine solutions, which can react with the ester bonds and form
amide bonds and amino groups. Both treatments are schematically shown in
Fig. 7.8.

Aminolysis can be performed with reactants other than diamines. For example,
PDLLA can be exposed to poly(ethyleneimine) [53], which leads to the formation
of a surface containing a high density of positively charged secondary and tertiary
amino groups that can be used as a starting point for further modification with
negatively and positively charged biopolymers using the layer-by-layer assembly
technique described in Sect. 7.4.4.

The introduction of carboxyl/hydroxyl and amino/amide groups on the scaffolds
changes both their chemical properties and topography. Croll et al. [49] performed
a thorough physico-chemical study of the changes in chemical properties of thin
PLGA films upon both hydrolysis and aminolysis, and found that both treatments
caused a decrease in advancing contact angle of approximately five degrees after
few minutes of treatment; the decrease was faster for alkali hydrolysis. Major
changes in surface topography and a large increase in surface roughness accom-
panied this modification, as shown in Fig. 7.9 [51]. Indeed, if aminolysis is per-
formed for several hours on PLLA fibers, complete breakdown can occur, leading
to the formation of irregularly shaped particles in the nano to micron size range
[54]. Thapa et al. prepared a silastic mold to reproduce the nanofeatures obtained
on PLGA films treated with NaOH, in an attempt to decouple to changes in
chemical surface features and topography induced by the treatment. They found
that the increase in nanometer roughness achieved with NaOH treatment was alone
responsible for an increase in density of bladder smooth muscle cell attachment to

Fig. 7.8 Schematic
representation of alkali
hydrolysis and amynolysis to
achieve functionalization of
PLGA films adapted from
[49]
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PLGA films [55]. This result shows the complexity of the changes occurring upon
chemical treatments of polyester materials, and how hard it is to pinpoint the
variables responsible for a specific biological response to the modified surfaces.

Although in most cases chemical modifications were performed on polymeric
films, a few reports show examples of extension of this technique to 3D scaffolds
[51, 52]. For example, Zhang et al. [56] extended the 2D immobilization of the Arg-
Gly-Asp (RGD) peptide on film surfaces to 3D scaffold constructs on which amino
functional groups were prior introduced with 1,6-hexanediamine. In a later study
[57], they conjugated bone morphogenetic protein-2 (BMP-2) to 3D poly(e-cap-
rolactone) (PCL) scaffolds following aminolysis and demonstrated the effectiveness
of this technique for surface modification versus simple adsorption. The group of
Zhu et al. [58] took a similar appraoch to create functional groups in a first ami-
nolysis step followed by grafting of fibronectin on poly(L-lactide-co-caprolactone)
(PLLC) scaffolds for epithelium regeneration. 3D PLLA surfaces have also been
chemically modified by hydrolysis. Hydrolyzed PLLA scaffolds rich in COOH and
OH has been shown to promote hydroxyapatite formation after incubation in SBF
[59]. When carrying out chemical surface modifications, reaction conditions must
be properly controlled in order to maintain the inherent properties of the polymer
and avoid accelerated degradation. Furthermore, thorough rinsing is necessary to
remove excess reactants from the porous structure [18, 19].

7.3.2 Photochemical Modification

The photochemical strategy uses high-energy photons (ultraviolet (UV) rays, x-
rays, c-rays) to break chemical bonds and introduce initiators (free radicals) on the
chemically inert surface of polyesters [18, 60]. Upon exposure of the free radicals
to air or oxygen and in the presence of a monomer and heat or UV light, a

(a) (b)

Fig. 7.9 SEM images showing increase in surface roughness upon NaOH treatment: PLGA
porous films before (a), and after (b) 10 min exposure to 1 N NaOH. Scale bars are 10 mm.
Adapted from [51]
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polymeric layer is grafted (Fig. 7.10). This technique has been often used to
modify the surface of polyesters with polymers rich in reactive groups (for
example, carboxylic groups in polyacrylic acids), which serve as anchors to
subsequently bind biomolecules [61].

To create a biomimetic film for meniscus regeneration, poly(3-hydroxybuty-
rate-co-3-hydroxyvalerate) (PHBV), a polyester extracted from microorganisms,
was photo-grafted with polyacrylamide, a spacer subsequently used for collagen
immobilization [62]. In the first step, the amide-modified PHBV was generated by
dipping the polymeric films into benzophenone and aqueous acrylamide solutions
followed by UV lamp irradiation under nitrogen purge. In a second step, the films
were functionalized with collagen, a main constituent of meniscal ECM, via the
hydrophilic polyacrylamide spacers.

PHBV was similarly studied by Grondahl et al. [63] for grafting acrylic acid
(AAc), this time using gamma irradiation. The extent of modification and intro-
duction of carboxylic acid groups was controlled through adjustment of AAc
concentration, thus avoiding a radiation dose that could have resulted in polymer
degradation. The polymeric coating obtained was apt for subsequent covalent
attachment of glucosamine.

The photochemical technique can also be applied for bulk modification. Shibata
et al. [64], for instance, synthesized linear polyesters having pendant azido groups.
They used UV irradiation to generate unstable nitrene radicals. These radicals then
reacted with the surrounding polymer backbone and yielded cross-links. The
reactive nitrene radicals could attack other chemical bonds as well (C–H, N–H and
O–H), and be reduced to corresponding amines. Thus, the photo-crosslinking of

Polymer

Polymer

Polymer

Polymer

OO- OOH OO

UV rays, x-rays, -rays

radicals

Expose to 
air or oxygen

Heating or UVMonomer

Monomer

Fig. 7.10 Photochemical
modification for graft
copolymerization on polymer
surface (Adapted from [19])
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azidopolyesters occurred without the use of any photo- or radical-initiator. This
technique established an important design strategy for advanced materials, since
the azidopolyester can be used as a photolithography material.

Gamma irradiation was applied by Bat et al. [65] to cross-link trimethylene
carbonate and d,l-lactide (co)polymers using pentaerythritol triacrylate as cross-
linking agent. This is an effective and simple method to prepare form stable and
creep resistant materials with low glass transition temperatures and tunable deg-
radation properties.

Overall, photochemical modification is advantageous because of its low oper-
ation cost and mild reaction conditions compared to other chemical modification
techniques [5]. In addition, the target species can be selectively immobilized at
specific regions of the substrate [18]. The need for specialized equipment that
provides an irradiation source is the inconvenience of this approach [66]. Fur-
thermore, similar to wet chemical methods, high energy treatments can weaken the
polymer’s mechanical properties and accelerate degradation. These factors have so
far limited the application of photochemical modification mostly to 2D substrates
rather than 3D scaffolds [18].

7.4 Functionalization with Biomolecules

Functional groups such as carboxylates, hydroxyls, and amino groups are intro-
duced on the surface of polyesters with plasma or chemical techniques not only to
increase their hydrophilicity, but also to provide anchors to bind specific bio-
molecules that can improve the performance of the materials when implanted in
the body. A few examples of biomolecules bound to polyesters were provided in
Sects. 7.2 and 7.3. Here we describe more specifically the main techniques used to
perform this step, and we give more examples showing the changes in biological
properties upon functionalization.

7.4.1 Physical Adsorption

One of the most common methods for protein immobilization on a polymeric
scaffold consists in immersing it in a solution containing the molecule of interest
and simply allowing the molecule to physisorb on the material’s surface [18].
ECM proteins like fibronectin, collagen, laminin, or molecules such as gelatin
have often been coated on polymeric scaffolds with this technique, to make them
more biomimetic [5, 67]. Since a protein layer may not form at all or be uneven
and unstable if the protein solution is simply cast on a hydrophobic surface [66],
polyesters are often treated with plasma or chemicals before contacting them with
the protein-containing solutions.
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7.4.1.1 ECM Protein Coating

Collagen, fibronectin and laminins are among the most commonly used proteins to
modify the surface of scaffolds intended to be used for soft and hard tissue
regeneration. Gamboa-Martínez et al. [68] prepared macroporous PLLA scaffolds
and coated their walls with a thin network of fibrin, without any chemical or
physical pretreatment. The scaffolds were simply evacuated and then exposed to a
fibrinogen solution and later to a thrombin solution. The result was scaffolds
coated with a network of fibrin fibrils (Fig. 7.11). This coating doubled the elastic
modulus of the scaffolds (from 0.29 MPa for pure PLLA to 0.65 MPa for the
coated scaffolds), and improved the uniformity of mouse pre-osteoblastic cells
seeded on the scaffolds.

Zhang et al. [69] used a salt leaching method to construct PDLLA/biphasic
calcium phosphate bone scaffolds. The applicability of this construct for drug
delivery was then analyzed by coating the scaffold with the hydrophilic polymer
poly(ethylene glycol) (PEG) and the antibiotic vancomycin. The surface modifi-
cation of the scaffold with the mixed coating took place by simple adsorption, by
immersing the scaffolds in a solution of PEG/antibiotic after evacuation. The drug
on the scaffold surface was active as demonstrated by a standardized bacterial
assay. In vitro drug release showed that the antibiotic release profile could be
controlled by the concentration of the PEG solution used during the co-adsorption.

Another composite scaffold, in this case made from PCL and mesoporous
bioactive glass (MBG) was developed by Yun et al. [70]. MBG is an attractive
addition in scaffolds for hard tissue regeneration because it encourages hydroxy-
apatite (HA) growth, which is the mineral component of bone, when immersed in
body fluid. However, the bioactive glass component induces local pH variations
during its dissolution, which can result in inflammation in vivo. In this study, the
MBG-PCL constructs were immersed in a solution of collagen and simulated body
fluid (SBF) in an attempt to create a mixed coating of hydroxyapatite and collagen,

Fig. 7.11 SEM images of PLLA and fibrin coated PLLA scaffolds [68]
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and eliminate the potential negative side effects of MBG. Both osteoblast
attachment and mineralization were significantly improved after this adsorptive
surface modification method (Fig. 7.12).

Finally, another study [71] employed a 100 ll poly(dopamine) solution as
coating agent in an attempt to increase the cell affinity for synthetic polyester films
such as PCL, PLLA, and PLGA. Although not an ECM protein, this coating was
inspired by the repeated 3,4-dihydroxy-L-phenylalanine-lysine (DOPA-K) motif
found in mussel adhesive proteins. The presence of the physisorbed poly(dopa-
mine) coating increased chondrocyte adhesion 1.35–2.69-fold compared with the
untreated substrates. The coating was then further extended to 3D polyurethane
scaffolds with success.

7.4.1.2 Osteogenic Proteins

Several researchers have coated scaffolds for bone repair with BMP-2. A recent
example was provided by Dupont et al. [72], who coated synthetic PCL cylindrical
scaffolds with adeno-associated virus encoding BMP-2 to promote endogenous

Fig. 7.12 Field emission SEM images of PCL, MBG-PCL, and ECM-coated PCL scaffolds
(left), and same scaffolds after 21 days of MC3T2-E1 culture [70]
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bone repair. The researchers did not pretreat the scaffold surface before exposure
to biomolecules; however they physically adsorbed both the biomimetic peptide
GFOGER and collagen type I before adding particles of adenoassociated viral
vectors encoding for BMP-2 (scAAV2.5-BMP2). Two sets of experiments were
performed, with and without preseeding of human mesenchymal stem cells
(hMSCs) on the scaffolds prior to implantation in rat femoral defects. The results
showed more mineral formation on the scaffolds containing BMP after 12 weeks
of implantation (Fig. 7.13). BMP2 scaffolds preseeded with hMSCs did not display
significant differences of bone ingrowth in comparison with those containing no
hMSCs. Overall, scaffolds coated with BMP2, whether preseeded with hMSCs or
not, showed a significant increase of mineral formation and mechanical properties
at all time points.

Another recent study [73] involved the direct physisorption of BMP2 on PLGA
scaffolds either as-prepared or pre-coated with an hydroxyapatite layer by
immersion in SBF. The osteogenic differentiation of hMSCs was then assessed on
both the uncoated and hydroxyapatite-coated scaffolds. Mineralized scaffolds were

Fig. 7.13 Mineral formation post-mortem (12 weeks) on rat femoral defects, with scaffolds
containing scAAV2.5-BMP2 particles, without (a, e, i) or with (b, f, j) the pre-seeding with
hMSCs, compared with control samples coated with AAV-luciferase (AAV-Luc) without (c, g,
k) or with (d, h, l) pre-seeding with hMSCs. Bony bridge formation was observed on 5/10 defects
for scAAV2.5-BMP2 scaffolds, 3/10 for scAAV2.5-BMP2 scaffolds ? hMSCs scaffolds, 1/6
defects for AAV-Luc scaffolds and 0/8 for AAV-Luc ? hMSCs scaffolds [72]
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more hydrophilic and adsorbed more BMP2. It was found that the hydroxyapatite/
BMP2 combination enhanced the osteogenic response of hMSCs. Another
example of the coating of polyester scaffolds with BMP2 is provided by Yanoso-
Scholl et al. [74]. These authors coated PLLA scaffolds with beta-tricalcium
phosphate (TCP), and then physisorbed on the PLLA/beta-TCP composites a mix
of BMP2 and vascular endothelial growth factor (VEGF). Although the retention
efficiency of the growth factors was suboptimal, a 1.8-fold increase in neo vessel
formation was nevertheless observed in scaffolds containing the growth factors.

7.4.1.3 Limitations

Although these recent examples show successful enhancement of mechanical and
biological properties of scaffolds coated with biomacromolecules (alone or in
conjunction with pre-mineralization treatments), physical adsorption has its limi-
tations. For example, the orientation of the adsorbed proteins is random and
influenced by factors such as surface topography, charge, and wettability [75, 76].
In addition, the protein may lose its structural conformation upon adsorption [18].
Oriented immobilization of ECM proteins on the material’s surface can overcome
this challenge, and is thus the topic of the next section [77].

7.4.2 Covalent Immobilization

Covalent immobilization of biological molecules is an effective method to modify
the surface properties of polymers controllably and permanently. Proteins can be
covalently bonded by reacting their amino, carboxyl, hydroxyl and thiol func-
tionalities with complementary reactive groups [18, 78]. Unlike physical adsorp-
tion, this approach allows oriented protein immobilization [78]. Though similar to
coating, the chemically inert polymeric surface needs modification prior to bio-
molecule immobilization.

One of the most common methods to covalently immobilize biomolecules on
polymer surfaces is to crosslink them using carbodiimides such as N,N-(3-
Dimethylaminopropyl)-N,N-ethylcarbodiimide (EDC) [52, 79, 80]. These are
referred to as zero length cross-linking agents because they form bonds without
addition of other atoms or spacers [81]. In a recent example, Ghasemi-Mobarakeh
et al. [52] covalently crosslinked a mix of ECM proteins found in basement
membranes (collagen IV, fibronectin, heparin sulphate proteoglycans, AKA
‘‘matrigel’’) to PCL nanofibrous scaffolds. Before crosslinking, carboxylate groups
were formed on PCL surfaces by alkaline hydrolysis. The importance of cross-
linking was proved by characterizing nerve precursor cells (NPC) adhesion and
proliferation on scaffolds that were built with PCL fibers, fibers treated with
alkaline hydrolysis (PCL-H), fibers made by simple blending PCL with matrigel
(PCL-B), and PCL fibers covalently modified with matrigel (PCL-F). The results
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of the study showed that cells adhered and proliferated to a greater extent on fibers
modified by covalent crosslinking, while simple blending was ineffective
(Fig. 7.14).

EDC was used to covalently bind cationized gelatin (CG) gelatin to electrospun
PLLA nanofibers (NF) also by Chen et al. [82]. In this case, surface carboxylation
was achieved using a DC-pulsed plasma system [83]. The goal of this work was to
prove the potential of this modified scaffold for cartilage tissue engineering. XPS
characterization successfully confirmed CG binding to PLLA NF membranes (CG-
PLLA NFMs). Rabbit articular chondrocytes showed enhanced viability, prolif-
eration and differentiation on CG-PLLA NFMs. In-vivo tests in New Zealand
white rabbits carried out with chondorocyte-seeded CG-PLLA NFMs showed only
a small inflammatory reaction (Fig. 7.15). Also, the seeded chondrocytes main-
tained their ability to generate and secrete cartilage ECM markers after 4 weeks of
in vivo culture, which confirmed the ability of CG-PLLA NFM to induce ectopic
cartilage formation after long-term in vivo implantation.

Fig. 7.14 SEM of NPC cultured for 4 days on PCL (A), PCL-H(B), PCL-B(C), and PCL-F(D)
[52]
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In a very recent example, Grafahrend et al. [84] covalently functionalized
electrospun PLGA fibers with the cell-adhesion-mediating peptide sequence Gly-
Arg-Gly-Asp-Ser (GRGDS). Covalent crosslinking was not performed directly on
PLGA, but on the additive star-shaped poly(ethylene oxide-stat-propylene oxide)
containing isocyanate end groups (NCO-sP(EO-stat-PO)), which was mixed with
PLGA during electrospinning. Isocyanate end groups allowed for covalent binding
with amino groups from GRGDS, and the resulting fibers had several advantages
over plain PLGA because they were hydrophilic and resisted non-specific protein
adsorption thanks to the presence of sP(EO-stat-PO), and able to support cell
adhesion and proliferation because of the presence of the RGD domain in the
GRDGS peptide. Indeed, human fibroblast cells did not adhere on scaffolds
composed by just PLGA and sP(EO-stat-PO), while thrived on those covalently
modified with GRGDS (Fig. 7.16).

Fig. 7.15 Histological images of (a–d) control CG-PLLA NFM and (e–h) chondrocyte-seeded
CG-PLLA NFM 4 weeks post-implantation. Sections were stained with H&E (a, e), Alcian blue
(b, f) Saffranin O (c, g), and immunohistochemically for collagen type II (d, h). N nanofiber; IC
inflammatory cells; ST surrounding tissue. Bar 100 lm [82]

Fig. 7.16 Optical
microscope image of human
dermal fibroblasts after 24 h
in cell culture on GRGDS-
functionalized PLGA/sP(EO-
stat-PO) fibers [84]
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Covalent immobilization has been tested also to bind inorganic particles to
polyester scaffolds. Koo et al. [85] first introduced carboxylate groups on a PLLA
scaffolds by chemical modification (treatment in NaOH); then they aminated the
surface using ethylenediamine (EDA), covalently bound to the carboxylate groups
through EDC coupling. Nanohydroxyapatite (N-HAp) was modified with ethylene
glycol methacrylate phosphate (EGMP), and the phosphonate groups on N-HAp
could be crosslinked with the amino groups on the PLLA surface again with the
use of EDC (Fig. 7.17). Using XPS, the authors showed a higher surface Ca atomic
ratio (4.6 %) when N-HAp was surface immobilized on the scaffolds rather than
bulk-mixed (0.4 %). The covalently immobilized N-HAp provides a favorable
environment for enhanced in vivo bone tissue growth in comparison to the
unmodified and N-HAp bulk-modified surfaces. The phosphonic acid groups on
the immobilized N-HAp surface could also provide opportunities for fuctional-
ization with other biomolecules.

Wu et al. [86] even used covalent immobilization as a means to create a stable
gelatin gradient on the surface of PLLA scaffolds in order to obtain a continuous
increment of signaling for chondrocytes adhesion and viability. To aminolyze the
PLLA surface, 1,6-hexanediamine/propanol solution was continuously injected by
a micropump into a glass vial where the scaffold stood vertically fixed (Fig. 7.18).
The reaction time difference along the longitude of the PLLA scaffold resulted in
an increase of –NH2 groups from the bottom upward, thus enabling a graded
coupling with gelatin.

One of the challenges of covalent biomolecule immobilization on polymeric
surfaces is that chemicals and crosslinkers can result in the loss of the protein’s
natural conformation [66]. Furthermore, the complex architecture of the scaffold
surface and buried ligand sites may lead to below optimal cell-receptor

Fig. 7.17 Surface immobilization of N-HAp on PLLA scaffolds [85]
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interactions [18]. This technique is nevertheless effective and surface immobilized
proteins can be quantified [87].

7.4.3 Entrapment

Entrapment was first introduced by Desai and Hubbell as a non-covalent but stable
technique to modify polyester surfaces with biomacromolecules [88]. The two-step
method first involves swelling the polymer in a mixture of solvent and non-solvent
of the polymer, containing the molecules. A gel-like layer then forms on the
surface of the polymer, within which proteins diffuse. These proteins are then
‘‘entrapped’’ in the gel through immersion of the polymer in a pure non-solvent
(Fig. 7.19) [89].

Different molecules have been confined in polyester films or scaffolds through
entrapment. In one of the earliest examples, Quirk et al. modified PLLA films with
both PEG and a cell adhesive peptide conjugate poly(L-lysine)-RGD (PLL-RGD).
Their results showed that bovine aortal endothelial cell adhesion was drastically
decreased in the presence of PEG alone, due to the suppression of non-specific
protein adsorption on the PLLA surface, while the entrapment of both PEG and
PLL-RGD allowed cells to adhere on the PLLA [89].

Fig. 7.18 Creation of an
amino gradient along the
surface of PLLA scaffold [86]
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surface swelling

biomacromolecules
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Fig. 7.19 Surface modification by entrapment (adapted from [5])
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Another early work using entrapment is that by Liu et al. [90], who modified
PDLLA films with baicalin, a flavonoid compound purified from the herbal
medicinal plant Scutellaria baicalensis Georgi, known for its antioxidant and anti-
inflammatory properties. The entrapment procedure consists of (1) firstly
immersing the polymer film in an acetone/water mixture (solvent/nonsolvent), (2)
exposing the film to the baicalin solution, and finally (3) rinsing with distilled
water and phosphate buffered saline (PBS). The behavior of osteoblasts on the
modified films was then compared with controls. The results of MTT assay and
alkaline phosphatase activity reveal higher cell attachment, greater cell prolifer-
ation and viability, and an overall improvement in biocompatibility for the surface-
modified PDLLA.

Recently, a similar entrapment of PEG on PDLLA nanofibrous mats prepared
by electrospinning was reported by Xie et al. [54]. Water contact angles before and
after entrapment indicated an increase in the hydrophilicity of the surface of the
mats. In this case, although PEG was the sole entrapped species, an improvement
in biocompatibility after surface modification was visible following canine fibro-
blast cell seeding and cell viability tests by MTT assay.

In another recent study, Duan et al. [91] designed 3D composite scaffolds for
bone tissue engineering from calcium phosphate (Ca–P) nanoparticles and PHBV.
Selective laser sintering (SLS), which is a form of rapid prototyping technique,
was used to create the structures. The high crystallinity of PHBV makes it such
that the overall surface is hydrophobic, impairing cell affinity and weakening cell-
scaffold interactions. Gelatin was therefore physically entrapped in the scaffold to
increase its hydrophilicity. A decrease in contact angle proved the efficacy of the
modification. At the same time, the entrapment did not affect surface morphology
and mechanical properties, as demonstrated by SEM analysis (Fig. 7.20) and
compression tests, respectively.

Entrapment is thus a commonly used method for protein immobilization, where
the amount of entrapped biomolecules can be controlled through adjustment of
solvent composition and reaction time [18, 91]. Limitations of the technique
include random orientation and over-crowding of the proteins [76].

7.4.4 Self-Assembly

The most common technique that exploits molecular self-assembly for surface
modification is layer-by-layer self-assembly. This consists of alternate depositions
of oppositely charged polyanions and polycations on the polymer surface
(Fig. 7.21) [92, 93]. Prior to the multilayer build-up, initial charges are usually
introduced on the substrate. The thickness and charge of the assembly can be
precisely controlled. Additionally, the nature of polyelectrolytes, pH, and ionic
strength of the deposition solutions are adjustable and affect both the physical and
chemical properties of the coating [92].
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Layer-by-layer assembly has been used by several authors to coat polyester
films or scaffolds with ECM proteins or other naturally occurring polypeptides.
Most commonly, positively charged polypeptides are deposited in alternating
layers with negatively charged polyelectrolytes such as poly(styrene sulfonate)
(PSS) [94, 95].

Fig. 7.20 SEM images of
Ca–P/PHBV scaffold surface
before (a) and after
(b) gelatin entrapment [91]

Fig. 7.21 Constructing layer
by layer film by adsorption of
positively and negatively
charged species [93]
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Li et al. [94] used layer-by-layer deposition to coat electrospun PCL scaffolds
with gelatin. The deposition started with the immersion of the PCL scaffolds for
20 min in a 2 mg/mL gelatin solution in 20 mM acetic buffer. This was followed
by rinsing the matrix with water and dipping for another 20 min in a 3 mg/mL PSS
sodium salt solution in 20 mM acetic buffer. The aforementioned process was
repeated to reach the desired number of layers. When the gelatin-surface modified
scaffolds were mineralized in SBF, a drastically higher amount of bonelike cal-
cium phosphate was deposited on their surface. The incorporation of gelatin thus
promoted nucleation and growth of calcium phosphate. The authors also showed
that MC3T3-E1 preosteoblastic cells adhered and spread to a greater extent on the
mineralized scaffolds compared to the pure PCL scaffolds (Fig. 7.22).

A different kind of self-assembly strategy was adopted by Stendahl et al. [96]
for PLLA fiber surface modification. The authors synthesized a triblock molecule
containing cholesterol, an oligomer of L-lactic acid, and lysine moieties
(Fig. 7.23). The cholesterol and oligo-lactic acid segments are hydrophobic, and
thus have an affinity for PLLA, while the hydrophilic dendron is displayed on the
outer surface upon self-assembly. Cholesterol has the added advantages of

Fig. 7.22 Fluorescence micrographs of MC3T3-E1 cells cultured for 7 days on (a, b) membranes
of electrospun PCL fibers and (c, d) membranes of electrospun PCL fibers coated with gelatin and
then calcium phosphate. The F-actin was stained with fluorescein isothiocyanate-phallodin (green
color), while the cell nucleus was stained with 40-6-diamidino-2-phenylindole (DAPI) (purple
color) [94]
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generating ordered layers on PLLA, and having a strong affinity to plasma
membranes. The study showed that the ordered self-assembled layer formed on
PLLA resulted in biomaterials that were more biocompatible. Indeed, both the
adhesion and proliferation of 3T3 mouse calvaria cells was enhanced on the
surface modified structures.

Self-assembly is a simple and conceptually intriguing technique, since it
exploits the chemical properties of biomolecules to generate truly ‘‘bottom-up’’
structures. The structures are stable without the need for extra cross-linkers, and
therefore this method can be applied not only to modify material surfaces, but also
to create bulk structures that include biological functionalities [97].

7.5 Conclusions and Perspective

In this chapter we have shown that many different techniques can be used to
modify the surface of polyesters for biomedical applications. Such modifications
are necessary in order to make the materials suitable for interactions with cells and
implantation. Indeed, polyesters are hydrophobic materials, which might attract
unwanted proteins on their surface if implanted as they are. Also, since they do not
have any biological activity, they cannot provoke a specific reaction in the sur-
rounding tissue. Therefore, although biodegradable and bioresorbable in most
cases, in a certain sense these materials should be compared to bioinert materials.
Altering their surface properties and binding biological molecules on their surface
allows them to overcome this limitation.

Table 7.1 summarizes the biomolecules bound to 2D or 3D polyester scaffolds
discussed in this chapter. As we can see, many examples relate to proteins found in
the ECM. Synthetic polyesters are used as scaffolds to simulate the organic matrix
on which osteoblasts lay down hydroxyapatite (for bone tissue engineering), or
chondrocites, fibroblasts or endothelial cells start building soft tissue (for cartilage
and skin engineering). ECM proteins therefore can be used to make the scaffolds
biomimetic, and imitate the physiological matrix that cells meet in the body, thus
promoting their attachment and spreading. Other examples related to proteins

Fig. 7.23 The amphiphilic triblock molecule made from a rigid cholesterol segment, a flexible
oligomer of L-lactic acid, and an L-lysine dendron used to modify PLLA scaffold fibers [96]
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belonging to the extended family of growth factors. Incorporating these molecules
on the surface of a polymeric scaffold makes it bioactive: the molecules are able to
elicit specific functions in the cells that adhere on the substrates, and improve the
success of the implant. Finally, the last few examples listed in the table relate to
the binding of drugs. In this case, the overall goal is to achieve controlled release
of these substances. Binding the drugs to a biodegradable scaffold surface allows
for a controlled local delivery, since the scaffold is to be implanted at the site
where the drug needs to be delivered. In this case, we could say that the scaffolds
are transformed into local delivery vectors.

Table 7.1 also shows the techniques used to bind the biomolecules to the
polymeric surfaces. Pros and cons of these methods as well as all those presented
in this chapter are summarized in Table 7.2.

By looking at Table 7.1, we can observe that the most prevalent methods used
for biomolecule attachment are physisorption and covalent binding, which are also
the simplest methods to (a) achieve a continuous coverage (in the case of physi-
sorption) and (b) control the orientation of the molecules bound to the polymer
surface (in the case of covalent binding) (see Table 7.2). Both methods require a
preliminary surface modification step, i.e. introducing anchoring groups that the
biomolecules will interact with or will be crosslinked to. As shown in Table 7.2,
there is no ideal preliminary surface modification technique. Methods explored so
far are either limited mostly to 2D film modification (plasma and photochemical
treatment) or, if they allow for 3D modification, they tend to degrade the poly-
meric bulk structure (chemical treatment based on hydrolysis or aminolysis). Since
3D and not 2D structures are mainly implanted in vivo, there is clearly a strong
need to find a new way to improve the preliminary surface modification step. We
recently showed a different type of chemical modification based on diazonium
salts. This method allowed us to generate anchoring groups on a PDLLA 3D
scaffold without modifying its bulk structure. The amino groups introduced with
this technique were used to covalently bind phosphonate-containing molecules
without the use of crosslinkers, which improved scaffold mineralization when
immersed in SBF [98].

The second step of the functionalization, i.e. the biomolecule attachment, could
be improved as well. Even covalent binding, despite offering a better control of
protein orientation compared to simple physisorption, cannot always ensure that
the protein will maintain its natural configuration. In fact, covalent bonding works
with crosslinkers that can bind to any amino, carboxylates, or thiol groups present
in the protein. Since there are many of them, the protein can end up being bound in
different ways depending on which of the groups react more easily, or in a more
open configuration than in its natural state. Although not ideal, in some cases this
could be an advantage, especially for bone tissue engineering—in fact, the same
phenomenon happens when proteins interact with the ECM. It is well known that
the same proteins (e.g. osteopontin) are able to inhibit mineralization when in
solution, while promote it when bound to the ECM [99]. In view of this, one could
consider modifying scaffold surfaces not necessarily with the physiological bio-
molecules, but with synthetic analogues that are designed to mimic the density and
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spacing of important functional sites present on the natural proteins when they are
bound to the ECM. Several researchers have worked on understanding the amount
and density of negatively charged amino acids in the structure of proteins involved
in bone mineralization [99]. A recent study showed that by controlling the density
of hydroxyl and carboxylate groups on a hydrogel, a hydroxyapatite-like layer
could be easily produced when the hydrogels were immersed in Ca and P-con-
taining solutions [100]. If a similar strategy was applied to modify the surface of a
scaffold with the correct density of functional groups, one could obtain a bioma-
terial able to improve mineralization without using natural proteins. Such con-
trolled density could be obtained using photoligraphy, or by covalent binding of
small molecules containing the groups of interest, e.g. amino acids.

Possibly a similar method could be used to mimic more complex functions of
natural proteins, and not only their ability to induce mineralization. Binding small
peptides mimicking the active sites of natural proteins goes in this direction. Most
of the work done so far in this respect involves binding peptides containing the cell
adhesive RGD sequence. Still, active peptides other than RGD have been recently
discovered. For example, D’Andrea et al. [101] found a short peptide part of
VEGF responsible for its activity. Leslie-Barbick et al. [102] then bound this
peptide to PEG hydrogels, and found that it was able to promote vascularization
better than the whole VEGF, most likely because it suffered less from steric
hindrance from the hydrogel. Peptides are much easier to bind to scaffold surfaces
with the correct orientation than the whole growth factor, they are stable in harsher
solvents, which implies that they could be incorporated in synthetic scaffolds even
during their preparation, and are definitely less expensive. For all these reasons, we
predict that in the near future many more researchers will work on binding small
peptides rather than the complete biomolecules to polyester-based scaffolds.

As a final remark, we would like to point out that all the work described in this
chapter on surface functionalization of polyester scaffolds aims at making mate-
rials that are able to better communicate with the body, by exposing signaling
molecules able to elicit a specific response. However, true communication can be
achieved only if the scaffolds were able to not only talk the same language of the
body, but also listen to its response. The next generation of scaffolds and bio-
materials will have both functional groups bound to their surfaces able to provide
correct signals, and sensors able to track changes in physiological variables.
Ideally, scaffolds should be able to dynamically respond to these changes, for
example by releasing drugs on demand. A scaffold that was at the same time
biomimetic, bioactive, local delivery vector, and able to sense physiological
changes could cause a real paradigm shift in tissue engineering.
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Chapter 8
Thin Film Biosensors

Hatice Ceylan Koydemir, Haluk Külah and Canan Özgen

Abstract New generation biosensors are analytical compact devices made of thin
films. Sensitivity, specificity, rapid response time, ease-of-use, and low cost are the
major advantages of these biosensors. All of these properties are closely related
with thicknesses of the films used in fabrication of the sensor. The detection
principle of a biosensor is mainly based on the interaction of the biological analyte
with the surface-modified thin film. The thin film acts as a physicochemical—
optical, mechanical, magnetic, and electrical—transducer and converts the signal
resulting from the recognition of the biological analyte into another measurable
signal. In this chapter, first, the roles of thin films in biosensor applications will be
discussed. Then, different types of thin films used in the fabrication of biosensors
will be explained. The methods to form organic thin films on sensitive layers for
adsorption of biological analytes will be given together with four main methods of
detection as: optical, mechanical, magnetic, and electrical. Finally, recent devel-
opments will be outlined.
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8.1 Introduction

There has been an extended interest on biosensors for rapid and reliable detection
of biological particles or molecules since the development of the first glucose
biosensor in 1960s by Professor Leland C Clark Jnr [1]. The trend in 1970s was
towards macro scale commercialization of disposable/single-use glucose sensors.
Since then, numerous biosensors have been developed for different applications
(e.g., pathogen, toxin, rare cell, and DNA detection, glucose monitoring, and blood
analysis) to offer high sensitivity and high selectivity for several types of target
analytes. The developments in the research papers on biosensors and the increase
in the resources of laboratories have changed the demand for miniaturized bio-
sensors that are finding wider use in portable devices with increased functionality.
Nowadays, miniaturization of sensors from millimeter scale to nanometer scale
has been investigated with the developments in molecular medicine, nanotech-
nology, and micro fabrication technology to create solutions that will improve the
life quality. The working principle of biosensors is mainly based on adsorption of
biological molecule to be detected on a sensitive surface, made of a thin film
modified with receptor probes. The thin film acts as a physicochemical (optical,
mechanical, magnetic, or electrical) transducer, which converts the signal resulting
from the recognition of the biological analyte into another measurable signal.
These biosensors are complex structures of thin films, which give enormous
functionalities to the sensors.

Thin films can be made from organic and/or inorganic materials, such as metals,
glass, polymers, silicon, or metal oxides. Biological particles or chemicals can also
be used as thin films.

Each layer made out of different materials adds different properties to the whole
structure of a biosensor: thin films can be used as sacrificial layers, barrier
(insulation) layers, and recognition (sensitive) layers. Sacrificial layers have the
role in the fabrication of biosensors to form 3D patterns. Barrier (insulation) layers
play a significant role in determination of high sensitivity by enhancing signal to
noise ratio. Recognition (sensitive) layer, i.e. the thin film surface on which bio-
logical particles adsorbed, is the most important part of a biosensor. On this
surface, atomic interactions, surface free energies, and forces are different from the
bulk of the material, and any reaction can start here. Surface activation can be
necessary to immobilize biological analytes on sensitive layer. For this purpose,
use of self-assembled monolayer (SAM) is a powerful tool.

In this chapter, first focus will be given to the roles, types, and modification
methods of thin films in biosensor applications in a broader context with the aim of
introducing a general perspective. Then, four main detection methods will be
discussed with their current constraints and advantages in the miniaturization.
Lastly, recent developments on thin film biosensors will be given by focusing on
sample preparation, isolation, purification, and amplification of target analytes,
diagnosis, cell separation, biomimetic structures, and cell culturing at micro scale.
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8.2 Thin Films as Intelligent and Functional Layers

New generation biosensors are used in different applications ranging from point of
care diagnosis to homeland security. Rapid response time, low cost, portability,
high sensitivity, and high selectivity are desired main features of the biosensors to
improve people’s life quality, to have appropriate treatment, and to decrease
mortality rates. Novel design and innovative fabrication of these miniaturized
systems require a deep knowledge on properties (i.e., electrical, optical,
mechanical, and magnetic) changing with the size of structures of materials used.
Fabrication of these biosensors is based on coating and patterning thin and/or thick
films to make a compact device, and it is possible to form 1D (e.g., nano-wires,
and nano-tubes), 2D, and 3D structures with the today’s micro fabrication tech-
nology. Figure 8.1 shows a typical biosensor fabrication flow to form such
structures. Each layer of the sensor can have a different role determining the
degree of specificity, sensitivity, and response time of the biosensor.

Thin films can be used to functionalize (e.g., controlling hydrophobicity, bio-
affinity, biocompatibility, and electrical activity) the surface of biosensors with or
without using surface treatment processes. For example, Parylene C, which is a
polymer commonly used in the packaging of integrated circuits, is a hydrophobic
polymer with a water contact angle of 87o and its surface can be made hydrophilic
with oxygen plasma treatment [3]. The controllable hydrophobicity of Parylene C
allows it to be used in the fabrication of microfluidic devices where the capillary
flow dynamics gain importance. Ultrananocrystalline diamond, oxide coatings
(e.g., SiO2, TiO2, and Al2O3), silicon nitride (Si3N4), and polymers (e.g., Parylene
C, and polyetherurethane) are good examples of biocompatible layers [4]. These
biocompatible coatings enable the implantation of biosensors for different appli-
cations from controllable drug delivery to chronic cardiovascular diseases [5, 6].
On the contrary, in some cases, it is necessary to form a barrier to cease the flow of
current, or to stop etching process. Si3N4 is a good example to the barrier type thin

Fig. 8.1 A schematic flow diagram demonstrating fabrication of a biosensor developed by Kong
et al. [2] [Reprinted with permission from [2] Copyright (2012) Elsevier]
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films and used as insulation layer and/or chemical barrier in integrated circuit (IC)
fabrication due to its high resistivity and inertness to most of the chemicals.

Electrical, optical, mechanical, and magnetic properties of the thin films are
generally different and sometimes even better than the properties of thick mate-
rials, resulting in improved performance of the sensor. For instance, in the study of
Sokolov et al. [7], micro patterned polydimethylsiloxane (PDMS) layer of pressure
sensor has returned to off state in *100 ms while its bulk film counterpart shows a
50-fold delay time for the same amount of applied pressure. Besides these, the
increase in surface-to-volume ratio provides an advantage to thin film materials in
biosensor implementations [8, 9].

The use of thin films in the micro-fabrication of sensors can reduce the amount
of coated materials. Especially when precious metals like gold, platinum, and
titanium are used, the thickness of these coatings in biosensors is around 500 nm at
most. Thus, the use of thin films enables the use of typical metal sources for at
least one thousand times in sputtering depending on the thickness of the layer and
the operation conditions, which reduces the cost of the sensors by saving metal
amount.

In the development of biosensors for diagnostic applications, World Health
Organization presented a rule of thumb that a biosensor must be ASSURED, that is
it must be Affordable, Sensitive, Specific, User-friendly, Rapid and robust,
Equipment free, and Deliverable to end-users [10]. Therefore, it is necessary to
evaluate new trends in the aspect of specificity, sensitivity, cost effectiveness,
disposability, low weight, and ease of use and access. It is sure that the materials
used in the innovative fabrication of biosensors improve the novel design and
result in enhancement of the sensitivity and specificity of the miniaturized device.
Therefore, selection of materials plays significant role to meet the ASSURED
criteria. The following two subsections are devoted to the introduction of thin film
materials, which are used in the micro fabrication processes as inorganic materials
and in the functionalization of the surfaces to adsorb biological molecules as
organic films.

8.3 Thin Film Materials

Different types of thin films are used in the micro fabrication of biosensors. Metals
[e.g., gold (Au), platinum (Pt), titanium (Ti), chromium (Cr), silver (Ag), alumi-
num (Al)] are coated with the use of mainly four different techniques: sputtering,
evaporation, electroplating, and electroless coating. These metal layers can be used
to form bonding pads, to form active surfaces for adhesion of biological analytes
or materials, or to form adhesion layer between two layers. For example, gold is
used to form electrodes mostly due to its high conductivity, inertness with most of
the chemicals (e.g., acids and solvents), high melting point, and biocompatibility.
Titanium is mostly used to enhance adhesion between the substrate [e.g., silicon
(Si) or glass] and the top metal layer (e.g., Pt, Au) in integrated circuit industry. Its
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unique properties, such as inertness to body fluids and compatibility with tissues,
broaden its applications in the biological studies. As an example in the study of
Farra et al. [5], a wirelessly controlled microchip, whose outermost layer is coated
with titanium to make it biocompatible, is successfully implanted to a human for
drug delivery applications with no adverse immune reaction [11].

Other than the metals, the different allotropes of carbon have also been utilized
in the fabrication of biosensors. Diamond, which is known for its superior elec-
trochemical properties, chemical inertness, hardness, and thermal conductivity, is
widely studied in recent years [12]. In the formation of diamond films, chemical
vapor deposition (CVD) techniques are used due to the ability of various growth
conditions to have significantly improved film properties. Functionalization of the
diamond surface can be done either before or after the fabrication of the film to
modify its surface with biological analytes or materials by chemisorption. In the
study of Marcon et al. [13], the surface of boron-doped diamond was terminated
with oxidized, amine, alkyl, trifluoromethyl, and vinyl linkers after the fabrication
of the film with the use of plasma treatments and chemicals. Then, these surfaces
were used to analyze the cell adhesion density with the consideration of the effect
of contact angle on adsorption. It was revealed that, the cell densities on oxidized
and amine-terminated surfaces were much higher than the other functionalized
surfaces due to surface hydrophilicity. Conversely, as mentioned above, the dia-
mond film can be modified during the fabrication of the thin film. In the study of
Wang et al. [14], hydrogen terminated diamond surface was formed with the use of
diaryl carbenes during the growth of film by CVD. Graphene, whose carbon atoms
are in the shape of honeycomb crystal lattice, is another allotrope of carbon. The
properties, such as low cost, ease of processing, safety, and high surface to volume
ratio, make the graphene an excellent material in the electrochemical detection of
biological analytes or materials [15].

Another type of thin films commonly used in the fabrication of biosensors is
polymers, which are used commonly for forming channels, preventing non-specific
binding of biological analytes or materials, and forming hydrophobic/hydrophilic
layers. PDMS, polyethylene (PE), perfluoropolyether (PFPE), polyimide (PI),
Parylene C, polyetheretherketone (PEEK), cyclic olefin/copolymer (COC/COP),
poly(methylmethacrylate) (PMMA), polypropylene (PP), polystyrene (PS) are the
mostly used ones [16]. Among them, PDMS is preferred in rapid prototyping of
biosensors since it is optically clear, chemically inert, and easy to make micro
channels with soft lithography, and does not necessitate a clean room environment.
However, the difference between the methods and materials used in the fabrication
of biosensors in academic environment and the ones in the commercialized
products increases day by day. This difference results in inefficiency of the
commercialization of the developed biosensors. Therefore, materials and/or
methods that are compatible with manufacturing of commercialized products
should be taken into consideration [16]. Parylene C is more compatible to IC
technology compared to PDMS, especially for packaging of post-complementary
metal oxide semiconductor (CMOS) biosensors. This is due to the advantages of
Parylene C such as low water permeability, biocompatibility, transparency, and
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non-conductivity [17, 18]. Additionally, there are coatings such as indium tin
oxide (ITO) and zinc oxide (ZnO), which are not only electrically conductive but
also transparent. These transparent conductive layers provide analysis of the
biological analytes with both electrical devices and microscopes. In the study of
Choi et al. [19], the applicability of ITO for biosensor applications was demon-
strated with the use of endothelial cell growth on transparent conductive elec-
trodes. It was concluded that the use of ITO enables monitoring intricate networks
and cellular activities with both optical detection and electrical impedance mea-
surements. An example to transparent conductive polymers is poly (3,4-ethyl-
enedixoythiophene) poly(styrene sulfonate) (PEDOT:PSS), which is water soluble
and has stable electrical conductivity even after a thousand hours of exposure to
100 �C air treatment [20].

8.4 Methods of Forming Molecular Recognition Surfaces

The organic thin films have crucial importance in the development of chemical and
biological sensors. In order to improve functionality and sensitivity of the sensor, it
is necessary to deposit the organic thin films with conformal coverage and uni-
formity. The organic thin films, which deposit biomolecules such as horseradish
peroxidase, nucleic acids, cells and proteins, have different applications ranging
from microfluidic sensors to DNA microarrays. The growth of organic films on the
sensitive surfaces can be done with four different methods: Langmuir film for-
mation, Langmuir–Blodgett film formation, SAMs grown from solution, SAMs
grown from vapor, and organic molecular beam epitaxy [21]. Among them, the
deposition of the organic films is usually performed by SAMs because of the ease
of preparation and the various functionality of the SAM structure either laterally or
vertically. Additionally, the selection of the right surface chemistry to form
organic films depends on the physicochemical properties of the material to be
activated and the end chemical groups of the biomolecules (e.g., NH3

-, OH-, and
SH-).

Biological molecules (e.g., antibody, enzyme, cell, and nucleic acid) can be
adsorbed to the surface by either physisorption or chemisorptions. In the physi-
sorption, which is known as physical adsorption, the molecules bind to the surface
by van der Waals forces. The energy of binding is about 10–100 meV and the
interaction between the adsorbate and the surface is so weak that the molecules
adsorbed on the surface may be removed at the first rinsing step. Electrostatic and
hydrophobic interactions are examples to the physisorption. On the other hand, the
binding energy of molecules to the surface in chemisorption, at which a chemical
reaction occurs between the adsorbate and the surface, is about 1–10 eV, which
enables the formation of stable monolayer molecules. Biological molecules can be
chemisorbed to the functionalized surface depending on the end group of the
chain, or cross-linking agents are used for further modification of the surface to
have appropriate functional groups at the end of the monolayer. There are two
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types of cross-linkers: homobifunctional cross-linkers and heterobifunctional
cross-linkers. In the former one, the end groups of cross-linking targets are the
same, while in the other one, the end groups differ (Table 8.1).

Gold is the most commonly used material to form sensitive surfaces in chemical
and biological sensors due to its high electrical conductivity, chemical inertness,
and biocompatibility. Gold surface can be made functional by using thiol (-SH)
modified molecules or activating the surface by using thiol molecules. The energy
for chemisorption of thiol group on gold is about 50 kcal/mol and the probable
chemical reaction that occurs on the gold surface is given in Eq. (8.1) as,

RS-H þ Au0
n ! RS� Auþ:Au0

n þ 1=2 H2 ð8:1Þ

The reaction results in the formation of gold (I) thiolate (RS-) species [36].
However, the other product, hydrogen cannot be observed during experiments.
There can be two possibilities for this; it can be either due to its small amount or
due to its transfer to aqueous solution. The complete mechanism is not completely
understood, but the formation of thiolate on gold substrate is clear and this
adsorption process makes short range, dispersive, London-type, van der Waals
forces more important [36]. Some frequently used groups to form SAMs on gold
layer are thiols (HS–(CH2)n–X), dithiols (XS–(CH2)n–SX), sulfides (X(CH2)m

S(CH2)nX), and disulfides (X(CH2)mS–S(CH2)nX), at which m and n are the
numbers for alkyl chain and X is chain with the formula of either –H, –NH2, –CH3,
–OH, or –COOH [37, 38] (Fig. 8.2).

Table 8.1 Targets and some examples of cross linkers used in the formation of SAMs [22, 23]

Cross-linking
targets

Example References

Amine to amine Disuccinimidyl glutarate (DSG) [24]
Disuccinimidyl suberate (DSS) [25]
Dithiobis[succinimidylpropionate] (DSP) [26]
3,30-Dithiobis[sulfosuccinimidylpropionate] (DTSSP) [27]

Amine to
sulfhydryl

Sulfosuccinimidyl 6-(30-[2-pyridyldithio]-propionamido)
hexanoate (Sulfo-LC-SPDP)

[28]

Sulfosuccinimidyl-4-(N-maleimidomethyl) cyclohexane-1-
carboxylate (Sulfo-SMCC)

[29]

N-j-Maleimidoundecanoyl-oxysulfosuccinimide ester (Sulfo-
KMUS)

[30]

Carboxyl to amine Dicyclohexylcarbodiimide (DCC) [31]
1-Ethyl-3-[3-dimethylaminopropyl] carbodiimide

hydrochloride (EDC)
[32]

Hydroxyl to
sulfhydryl

N-(p-malimidophenyl) isocyanate (PMPI) [33]

Sulfhydryl to
sulfhydryl

Polyethylene glycol (PEG) polymers [34]

Sulfhydryl to
carbohydrate

N-[b-Maleimidopropionic acid] hydrazide, trifluoroacetic acid
salt (BMPH)

[35]
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On the other hand, inorganic surfaces or particles (e.g., glass and silica) can be
functionalized by using silane compounds to form functional groups (e.g., NH3

-,
OH-, and SH-) on the surface in order to conjugate biomolecules to inorganic
layers (Table 8.2). In the functionalization of the surface, the reaction with the
silane coupling groups results in hydrolysis and the formed intermediate product
binds to the inorganic surface via hydrogen bonding. The product of hydrolysis is
water and it is necessary to remove water from the surface by heating or vacu-
uming to form stable layers.

8.5 Sensing Strategies for Biomolecular Detection

In biosensors, which are used for the identification of biological molecules, after
chemisorptions of molecules on the biosensor surface, the physicochemical dif-
ference of the presence of the biological molecule must be identified by using a
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Fig. 8.2 Some of the small molecules containing thiol groups adsorbed on metal surface a 2-
mercapto-ethylamine b Cystamine c Lipoic acid [39]

Table 8.2 List of most commonly used functional silane compounds [40]

Functional silane compound Formed end group on
the surface

Possible further
modification

3-aminopropyltriethoxysilane (APTS) Amine Amine
Hydroxyl

3-aminopropyltrimethoxysilane Amine Amine
Hydroxyl

Carboxyethylsilanetriol Carboxyl Amine
N-(Trimethoxysilylpropyl)ethylenediamine

triacetic acid (TMS-EDTA)
EDTA Metal salts

3-Glycidoxypropyltrimethoxysilane (GOPTS) Epoxy Amine
Hydroxyl
Sulfhydryl

3-Glycidoxypropyltriethoxysilane Epoxy Amine
Hydroxyl
Sulfhydryl

Isocyanatopropyltriethoxysilane (ICPTES) Isocynate Hydroxyl
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detection strategy. Until now, extensive studies have been performed by scientists
in multidisciplinary teams to develop different detection methods as optical,
electrical, mechanical, and magnetic detection (Fig. 8.3).

Optical detection has been the base of all detection methods over decades due to
its dependency on visual detection and its unique advantage of rapid response
time. The detection principle is based on the measurement of change in the
wavelength of light beams directed on the compound of interest. The signal
transduction has been performed by using Surface Plasmon Resonance (SPR),
Localized Surface Plasmon Resonance (LSPR), fluorescence, or other methods.
Among them, the fluorescence detection is still commonly used for the analysis of
molecules in microchips due to its simplicity and reliability. However, its mini-
aturization is limited due to its complexity and necessity of applicable compounds,
such as light source. The recent developments on light emitting diodes (LEDs)
provide an alternative light source to the fluorescence detection and enable the
miniaturization of optical systems and their combinations with biomedical sensors.
This is due to the advantages provided by small size LEDs like necessity of low
power driving currents and low fabrication cost [41]. On the other hand, it is
necessary to focus light generated from LEDs by using complex optic tools to be
able to use their radiation power in confocal imaging of biomolecules because
light generated from LEDs spreads over micron scale and LEDs cannot be used
alone as a point light source [42]. Another alternative light source is organic light-
emitting diodes (OLED). In comparison to LEDs, OLEDs, which are composed of

Fig. 8.3 Detection strategies used in the biosensors [Reprinted with permission from [44]
Copyright (2004) Elsevier]
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thin films, can be fabricated by using micro fabrication processes and they are
more compatible to microfluidic devices than LEDs due to their flat surface in
detection of biological analytes [43].

Mechanical detection of biological particles or molecules is based on the
detection of mass of the particle or molecule adsorbed on the sensitive surface
(Fig. 8.4). The presence of the particle can be determined by measuring either the
amount of the deflection or the resonant shift, which results from the adsorption of
the particle. However, there are some intrinsic limitations of this detection method:
detection limit, operation conditions, and signal to noise ratio. Firstly, it is nec-
essary to adsorb sufficient amount of particles or molecules on the deflected sur-
face to produce surface stress, although attomolar detection limits can be
achievable with resonant MEMS and nano-electro-mechanical-systems (NEMS)
sensors. In addition, it is important on which part of the deflected surface the
particle is adsorbed, since the momentum of the mass affects the stress. The
adsorption place on the sensor does not matter in the case of resonant sensor;
however, it can be a problematic issue in cantilever-based sensors. The other
important limitation in the mechanical detection is the operation conditions of
sensors. Deflection based sensors have the advantage over the resonant sensors for
the detection of biological particles or molecules in liquid since the stress does not
depend on viscous damping. However, detection in liquid medium is an important
design consideration for resonant sensors since they are affected from viscous
damping.

There are new studies to enhance the efficiency of resonant sensors in liquid
environment by coating the surface with hydrophobic layers [46]. On the other
hand, mechanical sensors are affected from environmental fluctuations (e.g., air,
wind, temperature, vibrations) during the measurement of the mass and they can
cause a decrease in signal to noise ratio and result in inaccurate measurements. This
problem is solved by operating the sensitive surface in vacuum environment [47].

Fig. 8.4 A schematic drawing demonstrating the working principle of cantilever based sensing
[Reprinted with permission from [45]. Copyright (2012) Elsevier]
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Magnetic detection is another method for detection of biological particles or
molecules. Paramagnetic or super paramagnetic particles are efficient in the par-
ticle or molecule separation from a biological fluid. Their sizes are ranging from
nm to lm and they show hysteresis loop, which demonstrates a relationship
between the flux density and applied magnetic force. The most widely used
application of magnetic particles in biological studies is the separation of bio-
logical molecules from a liquid mixture. The big advantage of using magnetic
particles in separation is that, there is no need of centrifugation; it is enough to use
an external magnetic force to agglomerate particles. This advantage reduces
handling time in sample preparation. Moreover, it is possible to isolate biological
particles by functionalized magnetic particles, which limits the nonspecific
adsorption.

Electrical detection is one of the mostly studied detection method in biosensors.
It provides a rapid response time, high sensitivity, and high selectivity while
enabling the miniaturization of devices, which further enables the development of
point of care (POC) devices. In addition, this detection method is compatible with
IC and MEMS technologies since the electrodes or layers are the products of
standard micro fabrication processes and can be fabricated in batch mass pro-
duction. There are different detection strategies in electrical detection and among
them capacitive and electrochemical detections offer promise of development of
portable systems by coupling with nanometer size particles. In capacitive detec-
tion, recent studies show that, it is possible to sense DNA hybridization in 10 nm
scale nano-gaps with high selectivity. On the other hand, electrochemical detection
provides rapid detection of biological particles or molecules with high sensitivity
and selectivity at low cost [48].

Representative examples of detection methods and recent developments in thin
film biosensors will be discussed in the following section.

8.6 Recent Developments in Thin Film Biosensors

Research and development studies in micro and nano technologies over the last
three decades enabled and accelerated the fabrication of new generation biosensors
by combining the knowledge in the fields ranging from electronics to biology.
These studies have provided new platforms, which are composed of functional thin
films, to overcome with the challenges faced in the analysis, detection, monitoring,
and examining the behavior of biological analytes in different mediums by adding
lots of advantages compared to conventional methods.

In the following sections, newly developed medical technologies, which are
lab-on-a-chip and human-on-a-chip systems, will be explained with their
applications.
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8.6.1 Lab-on-a-Chip Systems

The ultimate aim in micro fabrication technology in combination with molecular
medicine is to provide a new platform, a lab-on-a-chip system, which is capable of
doing whole work on a single microchip similar to the one done at today’s clinical/
biological/chemical laboratories with a higher sensitivity and clinical selectivity.
For this purpose, researchers from different expertise fields form multidisciplinary
teams and work together to develop a part or parts of this miniaturized system and
to integrate them further to form lab-on-a-chip systems (Fig. 8.5).

Lab-on-a-chip systems offer potential for rapid and accurate detection of target
analyte for an early diagnosis of diseases, such as cancer and infectious diseases
(e.g., sepsis). Different biological molecules are used as target analyte. Among
them, cells, proteins, phages, and genes are the most commonly used biological
particles in the diagnosis. Although there are systems developed for cell-based
detection, the need of portable devices for POC diagnosis has forced the scientists
to develop complex devices by using nucleic acids as target analytes.

These lab-on-a-chip systems are mainly composed of three units: sample
preparation, amplification, and detection.

8.6.1.1 Sample Preparation

Sample preparation is the most time-consuming step in the detection of target
analyte and includes the steps of sample collection, cell lysis, and nucleic acid
extraction. In this step, target cells taken from a patient or source, are separated,
sorted, and lysed to analyze the contents of cells, and nucleic acid is extracted.

Fig. 8.5 A schematic of ideal lab-on-a-chip system for POC diagnosis. (Reproduced with
permission from IBM, copyright 2010 IBM Corporation [49])
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Different samples taken from eye, nose, throat, perineum, groin, axilla, or skin,
such as tear, blood, or saliva can be used in the detection of diseases. These
differences lead to different challenges, which must be accomplished for each
specific target analyte in the design of biosensors for sample preparation. The
dependency on operator interaction and necessity of reagents and/or solution
containing target analyte to perform the detection assay are rate-limiting steps,
which can bring some challenges in automaticity of the biosensors and necessity of
rapid detection [50]. Clogging of microfluidic channels with cell and protein
residues after isolation of target analytes is another issue that can be a challenge
for the sample preparation kits with micro channels. Additionally, the concen-
trations of samples can demonstrate variability from patient to patient, are
dependent on time, and the amount of sample type taken from the body [49].
Therefore, the developed sample preparation units are unique to a specific target
analyte and a sample type. Thus, it is necessary to make more research to solve
problems in the commercialization of biosensors in the field of sample preparation
[49]. Therefore, there is an endless effort to develop a complete lab-on-a-chip
system for POC diagnosis.

The thin films are combined with the micro-machined structures to perform
micro/nano transport or cell separation. In transportation or separation of particles,
different forces or approaches are used, such as biological, dielectrophoretic,
centrifugal, magnetic, and non-Newtonian fluid forces (Fig. 8.6). In the study of
Tarhan et al. [51], streptavidin functionalized silicon micro needles were combined
with microtubules, and used as biotin carriers on kinesin-coated glass surface,
while in the study of Bottier et al. [52] kinesin coated oil droplets were transported
on the microtubules. In the study of Beech, red blood cells in shape from discocyte
to stomatocyte were separated by using deterministic lateral displacement mech-
anism continuously [53]. A PDMS biosensor, at which the bottom of microchannel
has pillars of height ranging from 12 to 3 lm, was used for separation of cells in
size, shape, and deformability. The separation and sorting were successfully per-
formed by changing pressure level inside the microchannel. In another PDMS
device, the dynamics of non-Newtonian fluid were used for separation of platelets
from blood with an efficiency of 99.9 % [54].

The first attempt to integrate cell isolation, cell lysis, nucleic acid purification
and recovery was done by Hong et al. [56] (Fig. 8.7). Two microfluidic chips
fabricated with soft lithography were integrated with mechanical micro valves and
electrophoresis to demonstrate the applicability of parallelization of steps used in
sample preparation in a single chip. Easley et al. [57] took the integrated chip one
step further and developed a microfluidic device for the detection of nucleic acids,
which was capable of accepting crude biological samples, such as blood, and
provided the result in less than 30 min. The process speed was enhanced by using
nanoliter volume reactors for the amplification of nucleic acid with the use of PCR.
In the study of Bienvenue et al. [58], a simple and robust device was developed for
the nucleic acid extraction from sperm cells to be used in forensic applications.
This device included cell sorting, cell lysis, isolation, and purification of DNA.
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Fig. 8.6 A schematic showing the trapping and release of particle separation with dielectroph-
oretic force [Reprinted (adapted) with permission from [55] Copyright (2010) Springer]

Fig. 8.7 DNA purification chip developed by Hong et al. [56]. [Reprinted (adapted) with
permission from [56] Copyright (2004) Nature]
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The cell lysis process can be performed in different ways, such as the use of
enzymes and mechanical forces. In the study of Lee et al. [59], a sample prepa-
ration chip was integrated with Laser-Irradiated Magnetic Bead System (LIMBS)
to lyse cell and nucleic acid isolation and they demonstrated that it was possible to
perform cell lysis in 40 s even for Staphylococcus epidermis and Escherichia coli
BL 21, which are belonging to Gram-positive bacteria and Gram negative bacteria,
respectively. A laser beam (808 nm) with high power and titration had been used
to combine thermal and mechanical forces in cell lysis. However, it was not
possible to concentrate nucleic acids after cell lysis and the use of crude sample
such as blood due to the geometry of the developed chip. In the study of Cho et al.
[60], the drawbacks of the LIMBS based chip were eliminated with a new design
and by the use of lab-on-a-disc sample preparation chip, rather than complex
microfluidic structures like a spider network. A single laser diode was successfully
used for cell lysis and operation of micro valves made from iron-oxide nanopar-
ticle doped paraffin film in the developed system and the processing time from
plasma separation to nucleic acid extraction was only 12 min. In the study of Baier
et al. [50], a disposable microfluidic chip with a desktop system was developed to
have an automatic sample preparation system without any handling process at any
step. For this purpose, the reagents and the necessary mixtures were loaded to the
chip before performing the process by using the openings on the valves. Although
good results were taken with the developed system, the evaporation and incom-
plete release of reagents or mixtures into the microfluidic chip for the assay are
handicaps in lab-on-a-chip devices that will be used in POC diagnosis. The loading
of reagent before performing assay manually or with the use of analyzer can be
solutions to these weak points and they decrease the possibility of operator failure.
However, it is important not to lose the focus of lab-on-a-chip systems and is
necessary to develop novel solutions to have low cost, miniaturized, and portable
POC systems. The liquid and lyophilized forms can be used in the storage of the
reagents. Different approaches can be used in the release of pre-stored reagents
[61]. In the study of Hoffmann et al. [62], glass ampoules were used to store
reagents into the microfluidic systems. The reagent was released by using cen-
trifugal forces and filtered to prevent the glass particles to go through to the micro
channels. The disadvantage of the use of the glass ampoules was the encapsulation
of temperature sensitive substances since it was necessary to heat the glass to form
ampoules. Hitzbleck et al. [63] investigated the formation of a dry reagent storage
capsule integrated with a microfluidic chip by using standard micro fabrication
processes. They developed a reagent integrator, which had an inlet and two
dilution channels with an area of 1 mm2 to store nano grams amounts of biological
particles. Although the experiments were performed just after four hours of
reagent loading with an inkjet nozzle, it took around six minutes to complete
release of reagent. This approach offers promise in the field of integrated lab-on-
chip systems without operator intervention.

It is important to store the reagents so that the contents must not change during
the stored period because of some intrinsic concerns such as evaporation, con-
tamination, and degradation of biological particles with temperature. These issues
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must be ensured not only for the reagent storage but also for the parts faced with
the sample to prevent contamination and to guarantee reliable and accurate sample
preparation. Therefore, all precautions must be taken in a cost effective way for the
storage of reagents and shipment of lab-on-a-chip systems.

8.6.1.2 Amplification

High sensitivity and high selectivity are essential features of lab-on-a-chip systems
for POC diagnosis. Diagnosis of any target pathogen starts with the processing of
the crude sample to obtain the nucleic acid of the pathogen, which contains the
genetic information, by using sample preparation methods. The presence or
absence of the correct sequence in the solution can be analyzed by sequence
specific interaction with a complementary probe or genome sequence profiling.
Although there is a great effort by some companies to develop genome sequence
profiling of whole nucleic acid sequence on miniaturized portable systems, the
development process could not be completed yet. However, the detection with the
use of former analysis method, which is known as hybridization, is possible in
miniaturized systems with the sensing strategies described above or in their
combinations. The sensitivity of the sensing strategy depends on the amount of
nucleic acid in the analysis solution and the surface activation processes, which
improve the signal. Amplification of signal is the key for high sensitivity which
can enable the single cell detection and/or a few copy of nucleic acid detection, by
multiplying the target nucleic acid sequence or using biological particles as
reporter, such as enzymes [64]. Amplification of nucleic acids in a single chip does
not only increase the high sensitivity, but also prevents contamination and
decreases handling steps, volume of valuable reagents, and cost.

Polymerase Chain Reaction (PCR) is a common cost-effective choice to
amplify nucleic acids for further detection. The target nucleic acid sequence is
multiplied by enzymatic activity and it is based on thermal cycling of three steps:
denaturation, annealing, and elongation [61]. The complete process can be ended
with 30–40 thermal cycles and each cycle takes one to three minutes [65]. The
total time is spent for reactions at each cycle and heating and cooling steps of the
cycles. Since the required reaction time cannot be decreased, the effective way is
to reduce time for heating and cooling by using miniaturized systems [61, 66]. The
first PCR amplification in a micro fabricated chamber was studied by Northrup
et al. [67] in 1993 and there is an extended amount of studies which resulted with
impressive amplification limits. The micro fabricated PCR units can be classified
in two groups according to the place that amplification occurs: stationary PCR and
flow-through PCR [68]. In stationary PCR, the amplification takes place in a micro
chamber, which has a heater on the chip. Therefore, it necessitates a novel design,
while it provides good temperature control. On the contrary, the flow through PCR,
the amplification reaction occurs in the micro channels, which needs syringe pump
control (Fig. 8.8). In the study of Chung et al. [69], a palmtop system, which has a
triangular loop channel for PCR steps with an inlet and an outlet and at which the
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flow was controlled by thermo siphon effect, was fabricated from polycarbonate
pellet by using chemical–mechanical polishing (CMP) and worked with a thermal
cycler system. They demonstrated that the disposable microfluidic PCR chip was
capable of amplifying 127 bp target gene in 10 min. In the study of Jung et al.
[68], the advantages of two groups of the PCR units were combined on a system
composed of microfluidic chip with dimensions 18 9 50 mm, thermal blocks, and
a motor for rotation. The PDMS based disposable microchip was rotated on
thermal blocks, which have 94, 58 and 72 �C for denaturation, annealing, and
extension steps, respectively. Therefore, there was not any time-consuming step
due to the settling of temperature at each step. The experimental results were
demonstrated that the amplification of target genes, which were RNA sequences of
influenza A H3N2, H5N1, and H1N1, was performed in 25.5 min. In conclusion,
the microfluidic PCR chips can be integrated with sample preparation units to have
sample-in-answer-out systems.

Fig. 8.8 Monolithic
integrated polycarbonate
DNA assay device.
Serpentine PCR channel
(PCR), hybridization channel
(HC), Pluronics valves (V1–
V4), Pluronic traps (T),
hydrophobic air-permeable
membrane (M), PCR reagent
loading holes (SL), sample
driving syringe pump (P1),
waste-withdrawing syringe
pump (P2), and wash syringe
pump (P3). Figure and legend
[Reprinted (adapted) with
permission from [70].
Copyright (2002) American
Chemical Society]
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As an alternative to PCR, there are other miniaturized amplification methods,
which are performed at constant temperature, and therefore they do not necessitate
any ramping temperature cycles: nucleic acid sequence-based amplification
(NASBA), strand displacement amplification (SDA), loop-mediated isothermal
amplification (LAMP), helicase-dependent amplification (HDA), and rolling circle
amplification (RCA).

NASBA is used for amplification of RNA sequences (i.e., mRNA, rRNA,
genomic RNA and ssDNA) at 41 �C with the use of three enzymes: avian mye-
loblastosis virus reverse transcriptase, RNase H, and T7 RNA polymerase [64, 71].
In short, the forward primer binds to RNA template and complementary DNA was
synthesized by reverse transcriptase. RNase H, which affects only hybridized
RNA, destroys RNA in RNA-DNA hybrid. Then, the reverse primer binds to the
DNA to form new RNA-DNA hybrid. T7 RNA polymerase attacks to the new
hybrid to form new RNA template [72]. As in PCR, NASBA is also a cyclic
process to amplify sequences exponentially. Since three enzymes work sequen-
tially for specific purposes, it is important to use certain amounts from these
enzymes to proceed the reactions. In this account, it is more complex than the
conventional PCR methods [71]. The first miniaturized system was developed by
Gulliksen et al. [71] in 2004. The system was made of silicon and glass and it has
three reactors with volumes 10, 50, and 300 nl. The reagents were manually
loaded to the chambers and the inner surfaces of chambers were coated with
SigmaCote to prevent nonspecific adsorption of enzymes. As a target sequence,
HPV 16 was amplified successfully and it was demonstrated that the results of
NASBA amplification in the micro fabricated device were in good agreement with
the ones in conventional method although the reactor volumes were decreased by
2,000 in order. In the study of Furuberg et al. [73], a prototype composed of an
inlet, a waste chamber, ten parallel amplification units, in which there are three
capillary valves and two reaction chambers, was manufactured by using COC.
After fabrication, the surfaces were activated with polyethylene glycol (PEG).
NASBA amplification was performed in parallel 500 nl reactors by using pre-
stored dry reagents. It was shown that the enzymes could be stored, dried, and
rehydrated in the reactors of the chip. In the study of Dimov et al. [74], NASBA
amplification was integrated with RNA isolation and real time detection with
molecular beacon fluorescent probes for the first time in literature. The integrated
system was made out of PDMS and silica beads were adhered to the surface of
RNA purification chamber. The amplification results demonstrated that it was
possible to take result of detection in real time, just after NASBA amplification
started. E. Coli was used as a target analyte and the time-to-result for this pathogen
from sample preparation to detection was 30 min.

SDA is an isothermal method used for amplification of DNA. Multiple enzymes
(e.g., a restriction enzyme and DNA polymerase) and four primers are used to
form amplified products of a target DNA sequence and displace the copied
sequence. The amplification process starts with denaturation of target double
strand DNA and a primer with restriction enzyme attach to the single strand
sequence to synthesize strand by using DNA polymerase. The strands generated
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are displaced by a bumper primer. Another restriction enzyme, which is stable to
high temperatures, marks the double stranded molecules with a single-strand nick
and DNA polymerase extends the new strand to form target copy [64]. SDA is
commonly used for cells, which are difficult to make culturing, such as Chlamydia
trachomatis. Yang et al. [75] described an integrated micro laboratory device
combined with CMOS circuit and a SDA module to detect analytes starting from
isolation of cells. The device had a stacking structure made out of PMMA, acrylic
adhesive layer, polyimide and CMOS circuit on a glass substrate. It was demon-
strated that Shiga-like toxin gene detection from E. Coli was performed in 2.5 h,
including dielectrophoretic concentration of bacteria, cell lysis, and SDA at 60 �C.

LAMP is an amplification method of DNA strands with high sensitivity and
rapidity [76]. It takes less than an hour to amplify a strand of DNA to 109 copies.
DNA polymerase and four primers are necessary to perform this amplification
process. However, it is also possible to amplify RNA sequences by adding reverse
transcriptase to the process [77]. Fang et al. [78] integrated LAMP with micro
fluidics to detect target analytes in a portable device. The device was fabricated
from PDMS by using glass as substrate and demonstrated to analyze DNA samples
with 400 nl volume in less than one hour for an isothermal amplification process at
63 �C. In the study of Liu et al. [79], a disposable cassette composed of three
layers of polycarbonate, two PDMS valves, and two thin film heaters was devel-
oped to perform LAMP reaction in micro chambers. The detections of 10 target
copies of DNA sequence of E. Coli and RNA sequence of HIV included in Eiken
LoopAmp kit were successfully performed with the use of developed cassette at
63 �C.

HDA is also used for amplification of DNA sequences at a constant temperature
of 65 �C. The working principle of HDA is the same with the PCR, except with the
operating temperature. Its advantage compared to PCR is that, it does not need a
thermal cycler, which increases process time because of heating and cooling
transient stages. However, HDA requires optimally designed primers. Mahalanabis
et al. [80, 81] integrated sample preparation with real time HDA to detect
amplified products with a fluorescent reporter, for the first time in literature. The
disposable cartridge was made out of COP and composed of micro solid phase
extraction column to isolate DNA from crude sample, hydrophobic vents, micro
channels and four reaction chambers; one of them was for control purposes. They
presented that the disposable cartridge could detect at least 10 colonies of E. Coli
in a medium.

RCA is an amplification method, which uses the feature of circular DNA. Two
different approaches of RCA are single primed RCA and double primed RCA. In
the former, the rolling circle DNA template works together with a primer, which
results 102–103 copies of ssDNAs that are lengthy and have repeated sequences. In
the later, two primers are used and the amplified product is 109 distinct copies of
target sequence [82]. Mahmoudian et al. [83] presented, for the first time, a micro
system made out of PMMA that combines single primed RCA, circle-to-circle
amplification and capillary electrophoresis on a chip. This system had T-shaped
micro channels and four reservoirs. The longest channel was preloaded with
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polyethylene oxide polymer and SYBR gold fluorescent dye. The sample prepa-
ration was performed in an off-chip system and it was shown that the device was
capable of amplifying and detecting as few as 25 ng DNA sequence of Vibrio
chlorea in less than 65 min at 37 �C. In the study of Sato et al. [84], micro beads
were used in on-chip reaction of RCA to enable rinsing procedures. The primer
probe tagged micro beads were placed in the channels of device and RCA
amplification was performed at 30 �C. After production of lengthy DNA
sequences on micro bead, fluorescence staining was done to detect DNA sequences
by taking images with either CCD camera or confocal microscope. The capability
of device was demonstrated by detecting 88 ng Rsa I-fragmented Salmonella
Enterica DNA.

In addition to the above mentioned amplification methods, there are others
named as new amplification techniques, which may have different applications in
micro systems. Recombinase polymerase amplification (RPA) [85], multiple dis-
placement amplification (MDA) [86], and exponential amplification reaction
(EXPAR) [87] are some of them [64]. These and the above mentioned amplifi-
cation methods offer a promise in the way of detecting rare cells in a growth
medium. However, it is crucial to integrate them with sample preparation and
detection modules in order to have portable diagnostic systems.

In the following section, recent developments in the systems used for the
detection of different diseases, which pose serious threats to public health, and
chemicals such as drugs will be given.

8.6.1.3 Detection

The rapid and accurate diagnosis is critical for diseases, specially for heart dis-
eases, cancerous diseases and infectious diseases like MRSA, HIV, and tubercu-
losis diseases, which directly affect the immune system. Many of these diseases
have an increasing threat around the world [10].

Heart diseases are the leading cause of death in the developed countries. It
affects millions of people around the world and the number of affected people
further increases with ageing. The cost of coronary heart disease alone was about
108 million US$ to United States in 2008 while the total cost of heart diseases to
Europe in 2006 was about €110 billion, which is a real financial burden to the
clinics [88, 89]. One of the most commonly encountered heart diseases is acute
myocardial infarction (AMI), which is known as heart attack and it is due to
temporally cease of blood supply to heart, which results in an injury of heart cells.
The signs of AMI must be followed for the suspicious patients of AMI. For this
purpose, the information taken from electrocardiogram and the level of cardiac
specific biomarkers in the patient’s blood must be examined [90]. Some of these
specific biomarkers are Troponin-I, myoglobin, MB band of creatine kinase (CK-
MB), and D-dimer. Although there are newly developed commercial products for
immunosensing of the biomarkers, the problems behind the integration of the
commercial products with the existing clinical routine tests, their cost to clinics
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and the limited portability limit the usage of these commercial products in the
clinics. Therefore, lab-on-a-chip systems have been developed by scientists for
point of care diagnosis of AMI in the field of heart diseases. For this purpose,
CMOS compatible silicon nanowire biosensor without labeling [2], resonant
sensor [91], nanoparticle based electrochemiluminescence sensor [92] have been
developed to detect cardiac Troponin-I marker, which is generally around
0.5 ng ml-1 in normal serum and increases upon AMI, with a lowest detection
limit of 0.002 ng ml-1 [92]. In recent years, the use of amperometric methods has
been preferred in the commercialized products for POC diagnosis, as in the case of
i-STAT (Abbott Point of Care, U.S.A) at which only 16 lL blood sample is
necessary to detect the level of Troponin-I [90].

On the other hand, cancer comes in the second for the cause of death and the
overall annual cost of cancer to the US alone is about $263.8 billion for 2010 [93].
The expected growth and ageing of population can increase the cost of medical
treatments, which is a growing burden for the clinical resources. According to
United States Cancer Statistics Data for the years between 2003 and 2007, the top
10 cancer sites diagnosed for every 100,000 people are prostate (153.6), female
breast (120.5), lung and bronchus (68.1), colon and rectum (48.9), corpus and
uterus (23.8), urinary bladder (21.3), non-hodgkin lymphoma (19.3), melanomas
of the skin (18.3), kidney and renal pelvis (14.9), and ovary (12.8) [94]. It is
important to diagnose the disease at an early stage to reduce incidence and mor-
bidity and mortality rates, improve prognosis and the quality of life of the patient.
In the identification of the prostate cancer, almost all detection methods have been
used. In the study of Waggoner et al. [95], a micromechanical trampoline resonator
was developed and the resonator surface area of *54 lm2 was functionalized by
using APTS chemistry. The lowest detection limit with this sensor was 50 fg ml-1

prostate specific antigen (PSA). A lower detection limit, 1 aM (0.1 fg ml-1) was
achieved by using functionalized gold nanorods and detecting the resonance shift
difference with LSPR [96]. In the study of Chuah et al. [97], magnetic and elec-
trochemical detection methods are combined to detect PSA on thin gold surface by
using horseradish peroxidase as signal amplifier and the lowest detected PSA
concentration was found to be 100 fg ml-1 [97]. On the other hand, Toner’s group
developed a microfluidic device which is capable of sensing 5 CTCs/ml with
accurate identification and it is composed of pillars with surfaces which were
functionalized with specific antibodies to capture different types of rare circulating
tumor cells (CTCs) [i.e., prostate, colon, localized prostate, breast, pancreas, and
non-small-cell lung cancer (NSCLC)] [98]. The ovarian cancer is the fifth leading
cause of death among women in US [94]. The increase in epithelial ovarian cancer
antigen-125 (CA-125) is the indicator of the disease and the normal limit of CA-
125 in the blood of healthy patient is less than 35 units per milliliter. In the study
of Viswanathan et al. [99], the electrochemical detection of a protein biomarker
related to the ovarian cancer was performed by using molecular imprinted nano
sensor. In the fabrication of the sensor, membrane is used as substrate and gold
electroless deposition is performed to have pillars in nano scale dimensions. Then
a thin film of CA-125 is coated on the pillars by using protein imprinting.
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The presence of the marker was analyzed by the occurrence of oxidation reaction
of [Fe(CN)6]-4. The detection limit of 0.5 units per milliliter was achieved, that
allows the biosensor developed to be used as screening test.

Infectious diseases result from pathogenic microorganisms like those that
bacteria, virus and fungi, and they are transmitted from human to human. Although
human being has bacteria in the flora, the increase in the number of bacteria in the
body results in disease that directly affects the immune system. HIV, tuberculosis,
malaria, meningococcal meningitis, and influenza are some examples to infectious
diseases. In a recent study, a smart phone was combined with a microfluidic chip
for detection of Staphylococcus aureus and Escherichia coli with loop-mediated
isothermal amplification (LAMP) for point of care testing [42]. Another device for
point of care diagnosis of infectious diseases was developed by Zhu et al. [100]. In
their study, a cellular phone was combined with a fluorescent microscopy to detect
white blood cells and Giardia Lamblia parasite with a sample volume 100 ll.

In developing biosensors for point of care diagnosis, the first aim is to have
rapid and accurate diagnosis with small amount of sample taken from the patient.
However, it is important to reduce the cost of the biosensors to make use of the
biosensors in the economically developed countries. For this purpose, alternative
materials (e.g., paper, wax, tape, cellulose powder, etc.) are suggested to use in
forming microfluidic analysis systems by Whitesides’s group [101–103]. For
example, in the study of Wong et al. [101], human blood plasma isolation was
performed by using an egg beater and then the sample was analyzed for cholesterol
assay on patterned paper. Then, an electrochemical assay on paper was studied by
Nie et al. [104] by combining micro fluidics to determine heavy metal ions and
glucose. The capability of producing programmable diagnostic patterns with paper
was demonstrated by Martinez et al. [105].

8.6.2 Human-on-a-Chip Systems

Biosensors have place in medical applications not only for detection but also for
understanding the behavior of biological structures like cells, organs, and tissues at
different environments. ‘‘Organ-on-a-chip’’ micro devices that can mimic or
reproduce the tissue–tissue interfaces are good examples of such biosensors, which
are complexly integrated mechanical, biological, and chemical structures. These
micro devices, which resemble closely to organs, can be used in the development
of experimental model systems for drug screening and toxicology applications of
chemicals to reduce cost and time consumed with animal-based experiments and
clinical trials.

Current method in culturing of cells for drug discovery applications is in vitro,
and it is based on incubating multi-well plate systems at which the medium with its
cells and drug is static. However, the behavior of tissue cells in vivo can be
different from the one in vitro system due to the dynamic complexity of the drug
delivery. Therefore, various amounts of organs have been studied to miniaturize
tissues and monitor cell behavior for long periods ranging from bone to muscle.
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In this aspect, inspiration from nature has been achieved by scientists in the
designs of ‘‘organ-on-a-chip’’ to develop ‘‘human-on-a-chip’’ systems.

8.6.2.1 E-Skin-on-a-Chip

The thermal and electronic conductivity and pressure sensitivity of the skin have
been researched for many years. Although there are different attempts to mimic the
structure of skin for practical applications, the most suitable ones were developed
with micro fabrication techniques [106]. Kim et al. [106] developed an electronic
membrane, which was like a tattoo to measure electrical activity resulted from
brain, heart and skeletal muscles actions. This compact electronic device was
composed of electrodes, sensors, power supply, and wireless components. The
capability of device was shown by measuring ECG, EMG, and EEG from chest,
leg, and forehead of the body, respectively. Another promising study related to the
electronic skin (e-skin) was developed by Bao’s research group [7]. The micro
fabricated device was an Organic Field Effect Transistors (OFET) based e-skin,
which can transduce the physical or chemical events occurring on the surface to
electronic signal (Fig. 8.9). In this e-skin, the semiconductor layer made of Si/SiO2

is for detection of chemical or biological species such as TNT, cysteine and pH
while the dielectric layer, which is composed of PDMS micro pillars, serves as
pressure sensors on a biocompatible or biodegradable substrate (e.g., ITO/PET).
The response time (*100 ms) for human physiological detection limit of sensa-
tion and detection of part-per-million to part-per-billion concentrations of chem-
icals or biological analytes were achieved by using this OFET device.

8.6.2.2 Intestine-on-a-Chip

The gastrointestinal tract is the place where the digested products enter the sys-
temic circulation. In drug development, the knowledge of effects and pathways of

Fig. 8.9 A schematic drawing showing the similar tasks between OFET-based-e-skin device and
human skin [Reprinted with permission from [7] Copyright (2012) American Chemical Society]
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drug from uptake to removal from the human body is crucial to analyze drug
toxicity [107]. In this account, researchers have also investigated miniaturization
of gastrointestinal structure to understand the dynamics of drug toxicity. In the
study of Kimura et al. [108], the prolonged (21 days) cultivation of gastrointestinal
cells has been performed by using a PDMS chip with on-chip pumping and micro
fluidics and the chemical transport in gastrointestinal cell culture was analyzed
with the transport of Rhodamine 123 in colon carcinoma cell line, Caco-2 cells.
Mahler et al. [107] developed an intestine-on-a-chip system, which composed of
digestion, a mucus layer and physiologically realistic cell populations. The device
was mimicked and designed so that the residence time and the distribution of flow
in channels and chambers were similar to gastrointestinal tract. In the fabrication,
standard micro fabrication techniques were used. The device capability and the
effects of drug on toxicity was demonstrated with a decrease in gastrointestinal and
liver cell glutathione for an orally taken drug, acetaminophen. The mimicking of
gastrointestinal villi in micro scale was performed by Sung et al. [109]. The 3D
microstructures were fabricated with collagen/PEG, and Caco-2 cells were fed to
cover the micro gastrointestinal villi by cell proliferation.

8.6.2.3 Liver-on-a-Chip

Drugs can have some adverse effects on human body although they are designed
for the treatment of some illnesses. One of the most important adverse effects is
drug toxicity, which can mostly affect the liver and can cause changes in liver
functions, even liver failure [110]. The drug toxicity in liver is known as hepa-
totoxicity and it is necessary to test toxicity of drugs with reliable and cost
effective tools. The miniaturization of cell cultures offers a promise for these tests.
Among the developed approaches, 3D cell cultures have potential to mimic bio-
logical tissues. In the study of Domansky et al. [111], a 3D tissue culturing
platform was developed to understand liver pathology in drug development. The
organ-on-a-chip platform was designed and fabricated in an array format. The
behavior of cell culture was monitored with the transfer and consumption of
oxygen and the experimental findings were compared with the developed dynamic
model. It was demonstrated that the oxygen uptake of cells followed a first order
reaction with a constant of 0.27 ± 0.03 ml min-1. Moreover, hepatocytes were
cultured for seven days. To demonstrate suitability of device for long term cul-
turing, Liver Sinusoidal Endothelial Cells (LSECs) and hepatocytes were cultured
for 13 days and it was observed that LSECs continued the expression of SE-1
antibody. In the study of Khetani and Bhatia [112], PDMS based multiwell elas-
tomeric culture system was developed to analyze hepatotoxicity. The proof of
device capability to culturing was demonstrated by hepatocyte-fibroblast co-cul-
turing for several weeks with maintaining functional expressions. In addition to 3D
tissue culturing micro devices, it is important to take into consideration the cell–
cell interactions for having cultured cells similar to in vivo tissue cells. In this
account, Toh et al. [113] studied on 3D microfluidic channel based micro culture
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system, which was made from transparent materials, such as PDMS and glass, and
enabled the imaging of cell–cell interaction by using confocal microscope. Mid-
woud et al. [114] presented integration of intestinal micro sliced tissue into a
miniaturized flow system, for the first time in literature. It was demonstrated that
the sliced tissue remained its functions at least three hours of incubation medium.
Moreover, the incorporation of intestine and liver tissue slices was performed to
investigate the effects of organs on each other in a sequentially connected
microfluidic system.

8.6.2.4 Tumor-on-a-Chip

The culturing of cancerous cells is also an essential issue in drug discovery,
especially for circulating tumor cells (CTCs). It is important to select drug type
and predict the behavior of the chemicals or drugs on the targeted tissue in con-
nection with other organs. The in vitro culturing of cancerous cells can provide a
platform to determine the drug type for individual patients [115]. Frimat et al.
[116] presented single cell culturing of cancerous cells in a microfluidic device by
a cellular valve structure. PDMS was used in the fabrication of device with eight
parallel serpentine micro channels, which had 40 lm width and 200 trapping zone.
The capability of device was demonstrated by using the single cell capturing and
culturing of cells with diameters ranging from 14.6 to 17.9 lm (i.e., Human
SW480 epithelial, MCF-7 epithelial like breast cancer cells, and HT29 colon
carcinoma cells). However, it needs more research on retrieving of captured single
cells from the fluidic device for further off-chip experiments and for limiting
cellular interactions between neighboring cells. Hong et al. [117] developed a
microfluidic platform, which allows sequential trapping of single cells in a culture
chamber on the side of channels. This device provides an environment to analyze
single cell culturing or cell–cell interactions. In the study of Sung et al. [118], a
compact microfluidic system was developed to culture multiple cell lines and to
have almost same residence time with the physiological residence time of the
blood flow in three regions (i.e., colon tumor, liver, and marrow). Then, the cancer
cells were loaded into the colon tumor and liver and the effect of drug, Tegafur, on
cells was analyzed in comparison with the observed effects at 96-well micro plate.
It was revealed that the toxicity effect of Tegafur on liver cells was observed only
with the cultures in microfluidic device. The isolation, detection and culturing of
CTCs was miniaturized by Kang et al. [115]. The microfluidic device was made of
PDMS with 100 lm in height micro channels with side chambers to collect
magnetic particle adhered CTCs. The nonspecific adsorption of cells to the walls
of channels was prevented by using Pluronic-F108 and cell residues was filtered
with micro pillars located at the beginning part of the channel. The device was
capable of isolating breast cancer cells introduced into one-milliliter blood of
mouse and expansion of these cells for culturing in a 96-well tissue culture plates
in seven days.

8 Thin Film Biosensors 289



8.6.2.5 Blood-Vessel-on-a-Chip

Blood vessels are intricate network of the circulatory system, which plays a crucial
role in transportation of nutrients, chemicals, and waste throughout the body. The
miniaturization of such a complex network in a chip is a big challenge since
vessels provides interaction between different organs. Raghavan et al. [119]
studied the control of endothelial tubulogenosis by growing them in micro chan-
nels filled with collagen. The lumen tubes were formed in one centimeter in length
and the diameter of these tubes were controlled with either channel diameter or
collagen concentration. The cell migration and the interaction of cells in a co-
culture medium to form capillary tubes were investigated by Chung et al. [120].
The proof of interaction was demonstrated by culturing three different cells:
endothelial, cancer and muscle cells. It was concluded that muscle cells caused to
cease endothelial cell activity while the effect of cancer cells on capillary mor-
phogenesis depended on the type of cancer cells. Another factor, which can affect
the structure and function of vessels, is physiological conditions, such as pressure,
temperature, and chemicals. A microfluidic platform was developed by Günther
et al. [121]. The device provided a well-defined environment to determine the
artery structure and function in long term culturing of cells. Shao et al. [122]
studied the effect of stress on epithelial cells and for this purpose; they developed a
microfluidic device, which enables the experiments in both static and dynamic
conditions. It was concluded that the endothelial cells gave different morpholog-
ical responses to laminar and turbulent shear stresses.

Although promising results were obtained from simple and cost effective micro
devices, the real phenomenon is much more complex than the one faced in
experiments. Therefore, these integrated micro devices provide an opportunity to
understand the dynamics of tissue cells in different environments.

8.6.2.6 Muscle-on-a-Chip

In vitro culturing models can be used in understanding behavior of cells in
physiological conditions rather than animal experiments [110, 123]. Skeletal
muscle plays a crucial role in the maintenance of glucose homeostasis. Models
containing skeletal muscle cells can help to elucidate the complex mechanisms of
insulin resistance in type 2 diabetes [124]. The systems integrated with micro
electric parts provide platforms for monitoring the physiological activity of the
cells. However, it is important to culture cells on the contact points, at which
electrical pulses were applied to the cells, for long periods, since the cells tend to
detach from the surface after a few days of inoculation. Therefore, it is necessary
to design novel micro devices for culturing cells, which have similar character-
istics with their counterparts in in vivo experiments.

In the study of Nagamine et al. [125], a skeletal muscle cell-based device was
micro fabricated to culture muscle cells by using myotube/gel sheet patched Pt
electrode arrays [125]. This organ-on-a-chip was enabled the determination of
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contraction effect of glucose transporter, GLUT4, which is responsible for trans-
port of glucose in the control of insulin, at translocations of myotubes by periodic
electrical pulse stimulation of muscle cells. In the study of Kaji et al. [126], a
micro device was developed to stimulate C2C12 cells cultured on porous mem-
brane and to study the glucose uptake relation with contractile activity with
fluorescence-labeled glucose. The electrical stimulation resulted in the contraction
of myotubes on the membrane and this resulted to a proportional relationship with
glucose uptake. Bajaj et al. [127] studied the differentiation of C2C12 skeletal cells
with the geometric structures used in micro devices patterned with a protein,
fibronectin. Linear, circular, and hybrid pattern were used as geometrical structure
and the hybrid pattern with 30o angle was demonstrated as the optimal structure to
maximize differentiation of the cells.

8.6.2.7 Other Tissues

Along with the above mentioned organ-on-a-chip systems, there are numerous
attempts to develop miniaturized in vitro models of tissues. Some of them will be
mentioned here to show the capabilities of micro engineered devices. In the study
of Huh et al. [128], a PDMS microfluidic device with its alveolar epithelial cell
culture and air–liquid interface was developed to reconstitute the human alveolar-
capillary interface. Although there are some differences between the micro device
and the real lung such as barrier thickness and changes in airflow, the lung-on-a-
chip can be used in the analysis of mechanical forces on epithelial cell growth.
Blake et al. [129] presented a micro device to culture brain slice on a chip, which
enables the insertion of probes through the edges of brain slices.

Researchers from Wyss Institute for Biologically Inspired Engineering at
Harvard University have been working on spleen-on-a-chip for sepsis therapy to
separate pathogens with nano magnetic beads from contaminated blood
(Fig. 8.10). Up to now, the anticoagulated whole human blood was passed through

Fig. 8.10 Spleen-on-a-chip
[Reprinted by permission
from Macmillan Publishers
Ltd: [Nature] [131],
Copyright (2011)]
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the device without any clotting with a flow rate of 36–360 ml/h and the capability
of device was demonstrated with separation of 99.8 % of fungal pathogens in
blood [130].

8.7 Conclusion

Thin films made of either organic or inorganic materials are critical functional
components of biosensors. Physical and chemical vapor deposition, electroplating,
and electroless coating are processes to deposit films layer-by-layer on a substrate.
The thickness, composition, and uniformity of the films are the major factors that
determine the specificity and sensitivity of biosensors. There are different detec-
tion strategies to sense biomolecules and among them, electrical detection has
been the most preferred one because of ease of miniaturization of electrodes and
compatibility with integrated circuits and thin film biosensors. However, new
developments in thin film deposition techniques have enabled the combination of
biosensors with miniaturized optical devices such as OLEDs in detection of bio-
molecules. Diagnosis by using of low-cost, sensitive, and reliable biosensors is of
particular interest to detect the markers or indicators of some of the most com-
monly encountered mortal diseases around the world to reduce mortality and
morbidity rates, to improve life quality of patient, and to reduce cost to clinics.
However, the commercialization of lab-on-a-chip systems for point of care diag-
nosis still needs much improvement for automation. Other than the diagnosis, in
the last decade, human-on-a-chip systems have also gained importance in order to
develop personal drugs and to have efficient treatment. As research continues to be
made in the microenvironment, it is certain that the thin films biosensors will be
everywhere, even on and in our body with intelligent sensors.
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Chapter 9
Thin Film Coatings as Electrodes
in Neuroscience

Saida Khan, Ahsan Mian and Golam Newaz

Abstract Neural electrodes are essential tools widely used in both basic neuro-
science studies and clinical applications to treat various neurodegenerative dis-
eases. In this chapter we explore the common and novel thin film materials used in
fabrication of neural electrodes. Discussion will include the physical and chemical
properties of thin film coating materials that make them advantageous compared to
hard and solid electrodes like silicon etc. To assess the biocompatibility require-
ments for the neural electrodes, it is important to understand the anatomy of the
brain and the neural environment. This chapter will discuss the typical immune
response around the implant with coatings and the tests for biocompatibility. How
nanotechnology offers huge potential in the fabrication of high performance
electrodes with thin film coating are addressed in terms of the current state of the
art materials and fabrication technology. At the end, the future trends in research
related to thin film coatings will be presented briefly.

9.1 Introduction

Every year, thousands are disabled by neurological diseases and injury, resulting in
the loss of functioning neuronal circuits and regeneration failure. Several therapies
offer significant promise for the restoration of neuronal function, including the use
of growth factors to prevent cell death following injury [1], stem cells to rebuild
parts of the nervous system [2], and the use of functional electrical stimulation to
bypass CNS lesions [3, 4]. All these different treatment options can be performed
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locally using an implantable electronic device. Though most of the ideas related to
neural implants are still in fiction, a considerable amount of research effort is
focused in their design and development. Current developments in this field,
especially with implantable microelectrodes, have already arisen hope in opening
up great opportunities for treating patients who have lost the ability to move and
talk because of stroke, spinal cord injury or neuro-degenerative diseases, such as
Parkinson’s disease. The field has potential with possibilities to restore vision and
hearing ability of people who suffer blindness or deafness due to damaged nerve
functions.

Generally speaking, neural implants are designed and fabricated at the micro
scale to ensure that they are as non-invasive as possible. The electrodes are
designed to stimulate the neurons in the proximity of the electrodes or record the
communication between neurons using safe and low electrical current. A sche-
matic diagram of a neural electrode array is shown in Fig. 9.1. The implants also
communicate with an external source such as a microphone if sounds modality is
considered, which records and processes the wirelessly received inputs. Since, the
dimensions of neural cells range from tens to hundreds of micrometer; it is
desirable to be able to conveniently change the number and spacing of electrode
sites for various applications. Micro-electrode arrays are generally created using
silicon based fabrication processes. While the response from this fabrication
process is positive, these electrode arrays can break during tests due to the brittle
nature of silicon. The rigid electrodes often cause tissue damage, inflammatory
reaction, and scar formations. Recently, polymeric materials are being studied
extensively as a substrate material due to their higher flexibility and improved
bio-compatibility. Handling of flexible polymer material seems to be easier during
neural recordings as tested by Kim et al. [5]. With the advances in microfabri-
cation and thin film deposition technology achieving high spatial resolution is

Fig. 9.1 A schematic
diagram of a neural electrode
array
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being possible; however, achieving good electromechanical properties is a balance
between the materials, geometry and fabrication techniques. Low surface area of
the electrodes leads to their low charge injection capacity and high impedance.
Obviously, changing the actual surface area is unpractical, so to overcome that, the
effective surface area is enlarged by use of coating materials such as Titanium
Nitride, Iron Oxide or PEDOT. These coatings improve the electromechanical
properties but have other undesired limitations such as instability over long term
use, complex deposition methods, or toxicity. As a recent progress, surface
modification of the flexible metallic (e.g. platinum) electrodes by adding a thin
layer of carbon nanotube (CNT), polymer nanotube or conducting polymer has
shown to improve the bio-compatibility, ease of handling and use, and durability
better than silicon based substrate.

Various research groups working in the field of development of neural implant
devices or neuro-prosthesis have focused their work in different areas. There are a
number of problems that must be studied during the development of neural implant
devices. There are material issues, fabrication issues, biocompatibility issues,
surgical technique issues, and so on. For example, in the 36th Annual Neural
Prosthesis Workshop and the annual meeting of the National Institute of Health’s
(NIH) Deep Brain Stimulation (DBS) Consortium, the six plenary sessions were:
Progress in Deep Brain Stimulation, Novel Interface Technologies for Stimulation,
Surgical Considerations for Neural Interfaces, Chronic Recording Microelec-
trodes, Neural Interfaces for Sensory Information, Spinal Cord Interfaces, and
Future Efforts in Neural Interfaces. If we start from the bottom up, the most
important issue is the materials biocompatibility. The device must be able to
perform with an appropriate host response in its intended application. Two other
critical factors in the development and long-term effectiveness of all implantable
devices are: spatial resolution and good electromechanical properties.

Thin film technology in general reduce the materials cost by more efficient
utilization of active materials. It is also possible to tune the film properties like
porosity, crystal structures and film surface roughness by controlling the deposi-
tion variables. A combination of coating and substrate materials are used
depending on the overall design and application of the electrode device. Using
flexible polymers as backbone structure, thin film technology made possible fab-
rication of implants with high charge injection properties and low impedance.
Electrochemical reactions in thin film are facilitated by faster ionic transport and
smaller current paths.

The present chapter is organized as follows. First, the neural environment is
introduced along with various electrode materials that are compatible with the
environment and thin film technology. These materials are identified and listed by
reviewing recent research articles. Various physical, chemical, electrical, and
mechanical properties that are required for a good electrode material are also
discussed. Since the recent trend is targeted towards developing flexible electrodes
due to their many advantages, the materials that have shown superior properties for
substrate and encapsulation are presented next along with their relative advantages
and disadvantages. Next, current state of the art coatings used on electrode
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surfaces for further improvement of the electrochemical properties of stimulation
and recording electrodes are discussed. The improvement of such properties is
discussed with an emphasis on various surface coatings of electrodes. Then,
several common techniques used in fabricating thin film electrodes and their
surface modifications are briefly presented. Different methods for testing bio-
compatibility and bio-stability of various electrode materials are also depicted. The
chapter is concluded with future trends of highly stable microelectrode and
biocompatible materials for chronic neural stimulation and recording.

9.2 Neural Environment

Neurons are extraordinary among cells for various reasons. First, they are polar-
ized, possessing receptive dendrites on one end and axons with synaptic terminals
at other with high selectivity to the substrate. Second, the neuronal cell is elec-
trically and chemically excitable. Third, nerve cells in specific zones of the brain
form specific signaling networks that mediate specific behaviors. Fourth, by
electrical and chemical stimulations, it is possible to accomplish physiological and
anatomical changes, including pruning of preexisting connections, and even
growth of new connections. All these facts are the basis of relentless research
efforts in the creation of neuronal prosthesis for neuronal recovery processes
(Fig. 9.2).

The astrocytes and microglia are the two major contributors in the brain’s
immunological reactions. These cells are very important in the study of biocom-
patibility and are mainly responsible for developing scar tissue around the implant
or electrode sites. The development of tissue scars in a controlled process

Fig. 9.2 Neural environment http://creationwiki.org/Human_brain
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facilitates the implantation of the microelectrode at a fixed position in the brain.
However, uncontrolled scar tissue formation may cause encapsulation of the
electrode with thick tissue introducing additional impedance in the current path
and eventually complete separation of the electrode from the surrounding neurons.

9.3 Requirements for Electrode Materials

Different materials such as platinum, alloys of platinum and indium, iridium,
iridium oxide, titanium nitride, conductive polymers and carbon derivatives such
as graphene, carbon nanotubes, etc. have been used for the fabrication of electrode
arrays. Following are some properties that are important when selecting an elec-
trode material.

• Smaller geometry for selectivity.
• Safe charge injection capability with small power consumption.
• Reversible reaction during charge injection that do not form toxic product at

electrode-tissue interface.
• Low polarization and impedance at the phase boundary for efficient injection of

charge.
• Long term mechanical stability and corrosion resistance for chronic stimulation

applications.
• Biocompatibility of the electrode material or the coating.
• Visible to MRI, X-ray and other noninvasive diagnostic techniques.

Basically for biological application electrodes function as transducers between
physiologic and electronic systems, as illustrated in Fig. 9.3.

In the neural environment, neurons communicate using bioelectric potentials
that are carried in electrolytic media (cerebrospinal fluid) in the form of ionic
currents via chemical species. The communication at the electrode-neuron inter-
face or signal transduction by the electrode involves the inter-conversion of energy

Fig. 9.3 Transduction of signals at electrode interface [101]
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that is present in the form of ionic carriers and in the form of electronic carriers
(electrons and holes). This takes place by means of capacitive coupling (without
net charge transfer) and or by charge transfer reactions (Faradic) in which
electrons in the electrode are transferred to and from ions in the solution. The
electrode–electrolyte interface is still not fully understood. Two most common
models that are used to describe the electrochemical behavior are capacitive
mechanism (charging and discharging of the electrode double layer, no electron
transfer) and Faradaic mechanism (chemical oxidation or reduction, reversible or
irreversible).

Several examples of electrodes used in electrode stimulation studies with
different geometries and materials are presented in Table 9.1.

9.4 Types of Electrodes in Neuroscience

Thin film microelectrodes used in neuroscience research can be categorized in the
following major types:

1. Stimulating Electrodes [6–11]
2. Recording Electrodes [10–14] (Fig. 9.4)
3. Sensing Electrodes [15, 16].

9.4.1 Stimulating Electrodes

Stimulating electrodes uses a small current pulse to initiate a functional response
by depolarizing the membranes of Neurons. Depolarization is achieved by the flow
of ionic current between two or more electrodes: the working electrode and the

Table 9.1 Studies with neural stimulation device

Research group Electrode material Electrode geometry Research subject

Hesse et al. [104] Platinum 0.1 nm 9 0.1^m2 Cat retina
Humayun et al. [105–108] Platinum 400 nm diameter disc

and 25–1 25 nm wires
Human retina

Walter et al. [109] Platinum and
Titanium Nitride

100 lm (Pt.) and 50 nm
(TiN) diameter

Rabbit retina

Grumet et al. [110] Platinum 10 nm diameter disc Rabbit retina
Rizzo et al. [111, 112] AIROF 100 and 400 um

diameter disc
Human retina

McCreery [113] Activated Ir GSA of 1,000 ± 200 lm2 Cat VCN
Branner [114] Pt Electrode tip 0.005 mm2 Cat sciatic nerve
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return electrodes. The working electrode interacts with the target cell or tissue
being in its close proximity.

The stimulation used in most neural applications, is applied in a series in the
form of biphasic current pulses. For the safety of the neural tissue it is very
important that the current is charge-balance is to maintain the electrode potential
within an optimum range. High voltage can cause irreversible reduction and
oxidation reactions that may degrade the electrode and damage tissue. Other
factors important to consider are pulse width and charge injection limit of the
electrodes. The stimulus waveforms must be limited to current and charge den-
sities that allow charge injection by reversible processes and at a finite rate [17].

9.4.2 Recording Electrodes

Recording electrodes are used to record signals related to neuronal activities as the
input of various prosthetic device intended to treat patients with paralysis or other
neurodegenerative disease [12, 14, 18]. The recording can also be used as feedback
signals from the neurons that are being stimulated using stimulating electrodes like
in the cases of adaptive DBS [19] and functional stimulation for epilepsy [20].

The activity of neurons is recorded as an extracellular potential, or action
potential, with microelectrodes implanted in close proximity to the target neurons.
For single cell recording, the microelectrodes used are very small in size with
geometric surface area (GSA) in the range of 2000–4000 lm2 or smaller.
Recording electrodes are typically characterized by their impedance at 1 kHz, we
will find the mention of this impedance in Table 9.2. For recording electrodes,
unlike stimulating electrodes, current flow and the electrochemical changes across
the electrode–electrolyte interface are not critical factors. The two most important

Fig. 9.4 Penetrating electrode [102] and surface electrode [103]
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considerations for recording electrodes are, (1) maintaining consistent neural
recordings for long term [21, 22] and (2) the quality of recordings. The distance
and impedance between a neuron and electrode affect the quality of the recorded
signals. For chronic implants, these two are affected by the brain’s micro-motion
[23, 24] and the thickness and composition of the connective tissue sheath
surrounding the electrode, which may vary with time following implantation.
Fabrication and design issues are certainly important for performance, however,
addressing immunologic response resulted from surgical procedure [25] and
brain’s immune system [26–28] are two areas receiving a great deal of attention
from the research community.

9.4.3 Sensing Electrodes

Sensing electrodes are tiny lab on a chip used to detect neurochemical and elec-
trophysiological signals to understand the role of the specific chemical in normal and
altered brain function. Chemical detection can be achieved by analyzing the in vivo
cyclic voltammograms from electrode sites coated with ion selective membranes.
The array of neurochemicals detected by voltammetric methods using sensing
electrodes include dopamine [29–31], norepinephrine [32], serotonin [33–37],
ascorbate [38, 39], uric acid [40], adenosine [41, 42], and acetylcholine [43].

The electrodes are predominantly made of very small diameter carbon nanof-
ibers [44] coated by a thin layer of ion selective membrane that allow diffusion of
analytes of interest to electrode surfaces. The membranes are made of organic
polymers and include Nafion [45], fibronectin [46], base-hydrolyzed cellulose
acetate (BCA) [47], polypyrrole [48], chitosan [49], and carbon nanotubes [33,
50]. Nafion is a material of interest because of its ease of deposition on Carbon
fiber Micro-electrodes (CFM) surfaces, durability and its cation-selective perme-
ability. Nafion is also resistant to electrode fouling [51] Base-hydrolyzed cellulose
is also used as a fouling-resistant coating material for sensing electrodes because
of its ability to exclude large biomolecules [47]. Fibronectin is another ion-sen-
sitive coating materials with high biocompatiblity and chemical conductivity [44].

9.5 Electrode Characterization

An understanding of the electrochemical mechanisms, how neural stimulation and
recording electrodes works at the electrode-tissue interface, is very important for
the development of chronically implanted devices. Common techniques for
characterizing electrochemical properties relevant to stimulation and recording
will be discussed in this section [17]. The common techniques for electrochemical
characterization of electrodes in neuroscience are cyclic voltammetry (CV),
impedance spectroscopy, and potential transient measurements.
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9.5.1 Cyclic Voltammetry

Cyclic voltammetry (CV) is a very useful technique that uses three-electrode
measurement in which the potential of a test electrode, with respect to a
noncurrent-carrying reference electrode, is swept cyclically at a constant rate
between two potential limits. The current is allowed to flow between the test
electrode and a counter electrode. The potential works as the driving force for
reactions at the test electrode, while the rate of the reactions is proportional to the
current. The information received from the CV is: (1) the presence and revers-
ibility of electrochemical reactions, (2) the quantity of electroactive material on
the electrode, and (3) the stability of the electrode. For a given electrode material
CV response depends on variables like the sweep rate, the effective geometric area
of the electrode, and the roughness/porosity of the electrode [17].

CV provides information about the charge storage capacity (CSC) of an
electrode. The time integral of the cathodic current in a slow-sweep-rate cyclic
voltammogram over a potential range within the water electrolysis window is
equal to the CSC which is a measure of the total amount of charge available for a
stimulation pulse. For Pt and Ir oxide electrodes, the water window is typically
taken as -0.6–0.8 V with Ag|AgCl as the reference electrode. The shaded region
in the AIROF CV in Fig. 9.5 represents a CSC of 35 mC cm22, calculated at a
sweep rate of 50 mV s21 [52].

Fig. 9.5 Charge storage capacity (CSC) from cyclic voltammetry of IrO2 electrodes
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9.5.2 Impedance Spectroscopy

Electrochemical impedance spectroscopy (EIS) provides useful information about
the recording capability of an electrode by measuring the electrical impedance and
phase angle obtained with sinusoidal voltage or current excitation of the electrode.
It is also helpful to estimate the resistive contribution of tissue conductivity to the
overall electrode impedance. The measurement is made over a broad frequency
range, typically\1–105 Hz. A linear current–voltage response is obtained at each
frequency. For voltage excitation, the root-mean-square magnitude of the excita-
tion source is typically *10 mV, not exceeding 50 mV. EIS is a safe method for
the in vivo assessment of an electrode.

9.5.3 Voltage Transients

Voltage transient measurements estimate the maximum charge that can be injected
in a current-controlled stimulation pulse. The experimental setup consists of a
three electrode configuration with a test electrode, a large-area return electrode and
a noncurrent-carrying reference electrode. The voltage transients are analyzed to
determine the maximum polarization, both the most negative (Emc) and most
positive (Ema), across the electrode–electrolyte interface which are then compared
with established maximum safe potentials to polarize the electrode.

9.6 Substrate and Encapsulation Materials

In this section, various state of the art substrate and encapsulation materials are
discussed. Substrate refers to the mechanical structure that supports the entire
electrode components including interconnecting metal lines, thin film interlayers,
encapsulating materials, etc. Encapsulation refers to the layer of insulating
materials that is deposited to isolate metal electrodes from neural environments.
Both the substrate and encapsulation materials have to be biocompatible, biostable
and possess good dielectric properties. A material is said to be biocompatible if it
does not induce a toxic, allergic or immunologic reaction. Similarly, a good
biostable material must not change physically or chemically under the influence of
any biological fluids or metabolic substances.

The very common and widely used substrate materials are silicon (Si) and glass
for rigid neural electrodes where silicon dioxide (SiO2) and silicon nitride (Si3N4)
are used as protective or encapsulation layers. The recent trend is to develop
polymer based flexible electrodes that can deform easily to contour the brain
environment. The flexible electrodes are being adopted to avoid or reduce tissue
damage, inflammatory reaction, scar formations, and micromotion caused by rigid
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electrodes [21, 53]. Different polymeric materials such as polyimide [54, 55]
benzocyclobutene (BCB) [56], polydimethylesicloxane (PDMS) [5, 57, 58] and
parylene [59, 60] are recently being investigated as both substrate and encapsu-
lations materials. Polyimide is a proven biocompatible material with appropriate
mechanical properties for ease of insertion and good adhesion with metal. The
major disadvantage of polyimide is its permeability to environmental moisture and
ions that could lead to the loss of its dielectric property causing short circuiting.
Hence long term use of polyimide based devices may be questionable. Due to its
low moisture absorption and chemical stability, BCB has been studied for potential
substrate and encapsulation material. A thermoplastic material parylene and a
rubber based material PDMS are both superior materials due to their excellent
biocompatibility and very low moisture absorption. However, parylene is gaining
more interests due to its ease of manufacturing through room temperature vapor
deposition process. Thus the parylene based structure can be very conformal
coated with almost no residual stress. The major disadvantage of this material is its
poor adhesion with some metals. To promote adhesion, a secondary barrier
material such as chromium [21, 53] can be used.

9.7 Current State of the Art Electrodes

The research efforts in the development of brain implantable microelectrode are
driven by the following factors:

1. Single site electrode to multisite electrode for better efficiency
2. Rigid substrate to flexible substrate to match the brain’s mechanical properties
3. Smaller geometry and higher charge injection properties
4. Biocompatibility
5. Corrosion/degradation, water absorption, swelling
6. Immune response and associated decrease in performance.

A comprehensive review of the literature on treatments involving electrical
stimulation of neural tissue is presented in the reviews by Li and Mogul [61],
Normann [62], Perlmutter and Mink [63], Clark [64], Shepherd and McCreery [65],
Jackson et al. [66], Rutten [67], Jezernik et al. [68], Prochazka et al. [69], Hoffer et al.
[70]. A very informative discussion on the foreign-body response to implanted
electrodes and potential adverse consequences is provided in the review by Polikov
et al. [21]. Table 9.2 below contains brief information about very recent research and
findings that addressed the above mentioned problems. From the materials selection
point, the most suitable materials can be categorized into three major types;

1. Metal: Pt, IrOx, gold etc., primarily deposited by sputtering technique.
2. Carbon: CNT, Graphene etc., primarily deposited by chemical vapor deposition.
3. Conducting polymers: PPy, PEDOT, Polyanilyne etc., primarily fabricated by

electrochemical deposition or insitu polymerization.
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9.7.1 Metallic Electrodes

Platinum is the most widely used and biocompatible material used in electrodes for
neural implants [71]. It is used as the structural material of the electrode in bulk
form and as thin film electrode on other substrate material as well [17]. Among
other novel electrode materials that have been widely studied, IrO2 is the most
promising candidate material for development of neural prostheses. Iridium oxide
was found to be having very high charge injection limit with minimum power
consumption [72, 73]. It delivers charge in faradic mechanism and the reversible
reaction does not form a toxic interface with the neurons [74]. It is possible
to deposit very thin film of IrO2 both in crystalline and amorphous form using
vapor deposition techniques [75, 76] on different substrates. Biocompatibility
of sputtered deposited IrO2 has been extensively studied in vitro and found
biocompatible with cultured neurons [77–79].

9.7.2 Carbon Nanotube Electrodes

It is discussed in the previous section that various biocompatible and biostable
metallic materials such as gold and platinum have been used for years as electrode
materials. However, as the electrode size becomes smaller, the electrode imped-
ance increases significantly causing ineffective neural recording and stimulation.
To overcome this problem, carbon nanofibers (CNF) and carbon nanotube (CNT)
[77, 80] based electrodes are getting attention due to its intriguing physico-
chemical properties. They are also the materials of choice for creating nanoscale
topography. Many groups [81–83] have studied the cytotoxicity of carbon
nanofibers with neuronal cells.

The CNT electrodes are shown to improve electrode characteristics because of the
fact that the nanoscale CNTs have very high surface to volume ratio that increases the
effective interfacial area thereby reducing electrode impedance. Moreover, CNTs
have been demonstrated to be a good biocompatible and biostable material with
improved neural activity and neuronal growth. The material is highly electrically
conductive and exhibits effective electrical stimulation with long-term endurance;
hence CNT electrodes can be used for chronic neural recordings or stimulations.
CNTs are typically grown on metal conductors using chemical vapor deposition
(CVD) process. To create well aligned CNTs, a very high temperature is to be
maintained (typically around 650�) in the CVD chamber [78]. Hence, CNT based
electrodes have been successfully created only using rigid substrates such as silicon
or glass that can withstand the high temperature required for a CVD process. Since
the most of the flexible substrates are based on polymer that have relatively low
melting or decomposition temperatures, high temperature CVD is not suitable to
grow CNTs on flexible substrates. There are several alternative techniques of cre-
ating CNT microelectrodes on flexible substrates such as transferring well-grown
CNTs to flexible substrates by microwave welding, stamp transfer, polymer binding

9 Thin Film Coatings as Electrodes in Neuroscience 313



and electrodeposition coating. However, these techniques do not always ensure
good adhesion between the CNTs and the substrate; thus caution has to be taken for
long term applicability of these electrodes. Recently, CNTs have been successfully
grown on metal surface of polyimide substrate based microelectrodes using low
temperature (400 �C) CVD process. This method seems highly compatible with the
flexible microelectrode fabrication process and will be explained in a later section.

9.7.3 Conducting Polymer Electrodes

The conducting polymers (CP) or carbon derivatives are usually deposited on a
metal primarily on Platinum electrode to enhance the charge injection properties
and corrosion properties. Schimdt group is a pioneer in studying conductive
polymers as a candidate for thin film neural electrode [84]. CPs including poly-
pyrrole (PPy), polythiophene (PTh) and PTh derivative poly(ethylene dioxythi-
ophene) (PEDOT) are being studied for improved long-term efficacy and
performance of both neural stimulation and recording electrodes. The main char-
acteristic of CPs is a conjugated backbone with high degree of p-orbital overlap.
This structure can be modified by acceptor or donor electrons (also called oxidation
or reduction, respectively) thereby creating p-type or n-type materials, respectively.
It has been observed that electrical conductivities of a polymer can be improved by
as much as 15 orders of magnitude by changing just dopant concentrations.

The following section discusses several of the fabrication techniques in brief.

9.8 Fabrication of Thin Film Electrodes

It is mentioned in the Sect. 9.7.3 that there are many methods to fabricate neural
electrodes depending upon the electrode configurations and type of surface coat-
ings. In most cases, the electrodes are fabricated layer-by-layer deposition of thin
films. Thin electrode films are then patterned and etched using conventional
photolithography process to create electrodes with certain configurations. In this
section, common thin film deposition processes are discussed. Then a common
technique used in fabricating flexible electrodes is briefly presented.

9.8.1 Common Thin Film Deposition Processes

9.8.1.1 Sputtering

Various metallic materials such as platinum (Pt), iridium oxide (IrOx), gold (Au), etc.
are deposited using a physical vapor deposition (PVD) method called sputtering.
A schematic representation of the technique is shown in Fig. 9.6. The method

314 S. Khan et al.



involves ejecting material from a ‘‘target’’ that is to be deposited onto a ‘‘substrate’’
by bombarding the target surface with neutral target atoms. Substrate materials can
be of any shape however, free from small steps such as planar silicon or micro-scale
Kevler fiber [85, 86]. Ionized sputtered particles fly from the target and impact on the
substrates or vacuum chamber. To facilitate ion movement, chamber gas pressure is
controlled depending upon the type of target materials and required coating mor-
phology. At higher gas pressures, the ions collide with the gas atoms that act as a
moderator and move diffusively, reaching the substrates or vacuum chamber wall
and condensing after undergoing a random walk. The sputtering gas is often an inert
gas such as argon. Researchers have spent years to identify critical process param-
eters such as gas pressure, RF power, deposition time, etc. for creating coatings with
required surface morphology, microstructure and thickness [85]. Although the
process is complex due to the presence of many process parameters, experts have
large degree of control over the growth and microstructure of the film.

Adhesion between the substrate material and the metal coating is very critical for
the neural applications as long term implanting may result in delamination thereby
causing implant failure. The substrate surfaces are usually cleaned sequentially
prior to deposition using acetone, methanol, isopropanol, and DI water to remove
particles and organic residues [85–88] to promote adhesion. In many cases, the
adhesion between the electrode material and the substrate material is enhanced
by adding an interlayer between them. For example, a thin layer of titanium can be
used to promote adhesion of the gold films to silicon substrates [85].

Fig. 9.6 A schematic
diagram of DC plasma
sputtering (Source http://
upload.wikimedia.org/
wikipedia/commons/2/2a/
DCplasmaSputtering.jpg)
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9.8.1.2 Electrochemical Deposition/Polymerization

Electroactive conducting polymers such as polypyrrole (PPy) [89], PEDOT
[90–92], polyanilyne [93] and their composites such as PPy/graphene oxide (GO)
[94], PPy/carbon nanotube [95] are used to modify metallic electrode surfaces
using electrochemical deposition process. Such surface modifications are to
(1) improve sensitivity; (2) impart selectivity; (3) suppress the effect of interfering
reactions; and (4) immobilize indicator molecules [96]. Electrochemical deposi-
tion of polymer is often called as electrochemical polymerization.

In general, electrochemical deposition of polymer is done using electrochemical
polymerization equipment. A schematic diagram of the equipment is shown in
Fig. 9.7. The monomer compound of the polymer to be deposited is first dissolved
into a solvent containing a suitable supporting electrolyte. An appropriate voltage
is applied to the electrode pair that are being immersed into the electrolyte
solution. The monomer is oxidized or reduced to create polymer that is deposited
in the form of powder or a film on the surface of the anode or cathode, respec-
tively. If the monomer is oxidized and polymerized on the anode surface, it is
called an electrochemical oxidation polymerization. On the other hand if the
monomer is reduced and polymerized on the surface of the cathode, it is called
electrochemical reduction polymerization. The reference electrode may or may not
be necessary for all types of films.

The type of polymer to be deposited on anode or cathode surface depends on
the composition of electrolyte, solvent type, electrode type, and monomer. A list of
various thin film polymers deposited on different electrode materials are shown in
Table 9.3. Other parameters that may influence the deposited film quality are the
composition of the electrolyte, the applied voltage, the current density, distance
between electrodes, and the polymerization temperature [91].

Fig. 9.7 A schematic
diagram of electrochemical
deposition setup (oxidation
type)
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9.8.1.3 Chemical Vapor Deposition

Chemical vapor deposition (CVD) (see Fig. 9.8) is a chemical process to deposit
high-purity thin film on a substrate. One or more precursor gases are delivered into
a reaction chamber at approximately ambient temperature. The substrate that is
subjected to be thin-film deposited is maintained a high temperature that depends
on the type of deposited material. As precursor gases pass over or come into
contact with the heated substrate, they react or decompose forming a solid phase
that is deposited onto the substrate. Volatile by-products produced in the process
are removed by gas flow through the reaction chamber. CVD processes are widely
used in the microfabrication industry to deposit various metallic thin films such as
molybdenum, tantalum, titanium, nickel, and tungsten. In general, for an arbitrary
metal M the precursor gases used are metal chloride (MCl5) and hydrogen (H2)
that undergo the following chemical reaction to create M film:

2MCl5 þ 5H2 ! 2Mþ 10HCl

Currently, the CVD process is also being used to deposit CNT thin films on
metal surface for neural electrodes. In this case, a mixture of C2H2 and H2 is used
as a precursor gas.

9.8.2 Flexible Electrode Fabrication

A crystalline polymer parylene-C has received tremendous attention due to its
unique combination of physical, chemical, and mechanical properties. It is being
used as both structural and encapsulation materials because of its improved
biocompatibility and inertness, [53, 59]. Due to the poor adhesion of parylene to
metallic materials, a thin layer of interlayer can be used to improve adhesion
between them [60]. A simple two-mask photolithography based fabrication pro-
cess of a microelectrode arrays is shown schematically in Fig. 9.9 [53].

Fig. 9.8 A schematic diagram showing a typical CVD process (Source http://
upload.wikimedia.org/wikipedia/commons/9/9e/ThermalCVD.PNG)
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In the first step, silicon substrate is vapor deposited with parylene-C (Fig. 9.9a).
To create the array geometry, a positive photoresist is spun over parylene followed
by photo-exposure and development (Fig. 9.9b). Sputtering technique is then used
to successively deposit chromium and gold on parylene (Fig. 9.9c). Chromium is
used in this case to promote adhesion between gold and parylene. The unwanted
metal is then removed using lift-off technique where the wafer is sonicated in an
acetone bath (Fig. 9.9d). A second layer of parylene is deposited next on the entire
wafer surface to encapsulate the patterned metal lines. The next several steps
(Fig. 9.9f–i) are used to selectively remove parylene thereby exposing metal
surfaces for recording sites and interconnecting bond pads. First, a thin positive
photoresist layer is spun, exposed, and developed (Fig. 9.9f). A thin copper layer is
then deposited using sputtering technique (Fig. 9.9g) that is later used as a par-
ylene etch mask. The unwanted copper is then lifted-off thereby creating electrode
outline and openings for recording sites and bond pads (Fig. 9.9h). Reactive ion
etching of parylene is carried out to remove it from not only the recording sites and
bond pads, but also from edges to define the final outline of the device (Fig. 9.9i).
After wet-etching of copper, the devices are manually peeled off from the wafer
surface (Fig. 9.9j).

Similar processing steps have also been adopted to create polyimide based
flexible microelectrodes [54]. In this case, glass slide is used as handle substrate
and sputtered titanium/platinum is used as electrode material. For both the

Fig. 9.9 Fabrication steps of flexible microelectrode arrays
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parylene and polyimide based electrodes, the exposed recording sites can be
coated with conducting polymer, CNT, polymer nanotube, etc. to have further
improvement in neuronal cell response.

9.8.3 CNT Electrode Fabrication

It is discussed previously that CVD based fabrication of CNT electrode requires
high temperature substrate materials. Recently, researchers [80] were successfully
able to deposit CNT film on metal at relatively low temperature (400 �C). Since
polyimide (PI) melting point is around 550 �C, CNT electrode can be fabricated
using polyimide as a substrate material. Figure 9.10 illustrates the process flow of
fabricating CNT microelectrodes on a PI substrate. The process steps are described
as follows. A thin layer of adhesion layer followed by a layer of gold (Au) are
deposited on PI film (Fig. 9.10a). Both layers are then patterned to form micro-
electrodes, interconnecting wires, and bond pads (Fig. 9.10b–d). A titanium (Ti)
adhesion layer followed by a thin catalyst layer of nickel (Ni) are deposited using a
shadow mask having openings only above microelectrode sites (Fig. 9.10e). The
Ni catalyst layer is used to promote adhesion between CNTs and the metal elec-
trode surface. This adhesion is critical for long term stability of the CNT layer in
neural environment. Then, CNTs are grown above the Ni catalyst by thermal CVD
with using C2H2/H2 as precursor gases. Finally, all regions except for the electrode
areas and the wire-bonding pads are encapsulated by a relatively thick layer of
electrochemically deposited parylene.

Fig. 9.10 Fabrication steps of CNT electrode for flexible microelectrode arrays (adapted from
Ref. [80])
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9.9 Degradation of Thin Film Electrodes in Neural
Environment

The major drawback of thin film microelectrodes is they are prone to degradation
in chronic application. This section reviews the degradation mechanism of the
common thin film coatings used in brain implantable microelectrodes.

Electrolysis of water is the most common irreversible processes responsible for
platinum electrode dissolution due to the oxidative formation of soluble metal
complexes coupled with pH changes and gas formation. Oxidation of organics,
such as glucose and tyrosine, and saline oxidation, have been identified, as other
possible irreversible or harmful electrochemical reactions that might be respon-
sible for degradation [10, 11] of implanted neural stimulation electrodes like Pt
dissolution [11, 97] and iridium oxide delamination [98]. It is important to
establish the maximum charge density for stimulation specific to the thin film
material. It has been found that application of current pulse higher than a safe
maximum results in polarization of the IrO2 electrode beyond the potential
window for electrolysis of water (-0.6–0.8 V versus Ag|AgCl) and delamination
of the film [98].

For thin film conductive polymer electrodes, water absorption and volume
change due to mass transport are possible reasons of degradation [99]. A com-
parison between electrodeposited PPy/Cl, PPy/PSS and PPy/SWCNT films on Pt
after stimulation showed a significant delamination for PPy/Cl films after stimu-
lation. PPy/PSS films did not show significant delamination, but the edge of the
film was swollen and noticeably deformed [95]. The volume change due to
electrode cycling may result in adhesion failure of the conducting polymer films
on the electrode substrate [100].

9.10 Biocompatibility Testing

To achieve functionality and reliability of the device, interaction of the brain cells
with the device at the interface must be studied with respect to biocompatibility.
Before any experiments with these neural implant devices are conducted in living
animals, characterization should be conducted upon cultured cells. Cell viability is
a preliminary study of biocompatibility. Therefore, culturing of cells on the pro-
posed materials is essential to test the cytotoxicity.

However, the concept of biocompatibility is not limited to non-toxicity, but
encloses a wide spectrum of physical and chemical surface properties and whole
behavioral aspects in the biological environment around the implant as well.
Therefore, three areas need to be considered [101]:

• The bio-safety which include body’s response to the electrode
• The bio-functionality which include the electrodes performance in the body
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• In addition, bio-stability is important since the implant must not be susceptible
to attack of biological fluids, proteases, macrophages or any substances of
metabolism. Stability of implant material is important not only for stable
function, but also because degradation products may be harmful for the host
organism.

All these aspects of biocompatibility should be investigated in culture before
any material or device can be tested in vivo. For the development of an
implantable neural electrode the general tests of biocompatibility consists of the
following steps:

• in vitro
• in vivo testing
• animal models
• cytotoxicity

The information presented in Tables 9.4 and 9.5 are taken from the website of
the US Food and Drug administration (FDA: http://www.fda.gov/MedicalDevices/
DeviceRegulationandGuidance/GuidanceDocuments/ucm080742.htm) that entails
the general guideline for the initial evaluation tests for any medical device
biocompatibility.

Table 9.5 Some additional tests suggested by FDA

Device categories Biological effect

Body contact Contact
duration:
A-limited
(\24 h)
B-prolonged
(24 h to
30 days)
C-permanent
([30 days)

Chronic
toxicity

Carcinogenicity Reproductive/
developmental

Biodegradable

Implant
device

Tissue/
bone

A
B
C X X X

Blood A
B
C X X X

X ISO evaluation tests for consideration
O Additional tests which may be applicable
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9.11 Conclusions

Key materials for thin film coatings for microelectrodes are Pt, IrOx and gold.
These systems use microelectronic fabrication technique such as sputtering and
can be mass produced. Conductive polymers such as PEDOT and gold coated
Parylene are very good options. PEDOT is utilized via electrochemical deposition
while gold coating can be accomplished on Parylene using sputtering. Carbon
nanotube systems can be developed via thermal/chemical vapor deposition. Other
coating materials discussed in the article have good potential. However, their
efficacy is closely tied to acute microelectrode applications. Chronic applications
require more stable material systems as the ones mentioned above. Biocompati-
bility of all of these materials require further evaluation for their long-term
application in neural devices.

9.12 Future Trends

Chronic neural stimulation requires highly stable microelectrode and biocompat-
ible materials with high charge injection capability. Conductive polymers coating
is a major trend that must be exploited that meets these goals. Conductive polymer,
poly (3,4-ethylenedioxythiophene) PEDOT has excellent promise as it has charge
injection limit similar to IrOx. Well-coated PEDOT electrodes can be very stable
under chronic stimulation conditions, suggesting that PEDOT is a promising
electrode material to be further developed for chronic neural stimulation appli-
cations. Parylene-C shows promise as selective insulation of microelectrodes to
provide greater intensity at the electrode probes for neural activity. Flexibility of
Parylene has also been exploited for micro channeling for drug delivery. Chemical
vapor deposited Parylene-C films show potential for implantable dielectric
encapsulation material. Gold-coated parylene is an important trend in new neural
devices. Gold with CNT can increase sensitivity several fold.

Finally, carbon nanotube modified microelectrodes have been used to increase
the sensitivity, promote electron transfer, and reduce cell coverage or fouling.
Most methods have focused on nanotube coatings of somewhat larger electrodes
and slower electrochemical techniques that are not good for measurements in vivo.
However, nanotube modified coatings will continue to offer new coating designs
and offers the potential for tailored systems for superior microelectrode perfor-
mance, both from optimizing electrochemical property improvements and also
from durability for chronic implantation.
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Chapter 10
Scanning Electrochemical Microscopy
Applied to Cancer Related Studies

Isabelle Beaulieu and Janine Mauzeroll

Abstract This book chapter will not only provide an overview of the SECM
principles but will also focus on SECM and cancer. More precisely we will look at
biomarkers involved in cancer and SECM experiments concerning mammalian
cancer cells. A description of selected SECM modes will also be included as well
as an introduction to Bio-SECM.

10.1 Introduction

Scanning probe microscopy (SPM) encompasses several techniques such as atomic
force microscopy (AFM), scanning tunneling microscopy (STM) and scanning
electrochemical microscopy (SECM). All of these techniques can be used in
imaging applications while a probe is moved above a sample and monitors its
topography.

In AFM, surface induced mechanical forces are monitored at a tip that is fixed
on a cantilever (Fig. 10.1b) [1], which lead to subtle (0.1 Å) deflection of the
cantilever. The studied sample is placed on a piezoelectric controlled positioning
system that moves in the x, y and z directions. The cantilever deflections are
measured by recording the position of a focused laser beam that is reflected off of
the cantilever surface. Movement of the cantilever causes a change in the amount
of light reflected on the photocells, which creates a differential electrical signal [1].
The extent of the cantilever deflection for a certain force and the sensitivity is
determined by the spring constant of the cantilever [2]. To avoid sample
destruction, the force applied by the cantilever on the surface has to be small
enough to prevent atomic bond breaking [3]. Since interatomic spring constants in
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solids are on the order of 10 N/m, the stiffness of the cantilever needs to be
significantly lower [2, 3].

STM measures the tunneling current that occurs between a sharp metal tip and a
conducting sample as the tip is brought close to and rastered across a surface
(Fig. 10.1a) [1]. Tunneling is a form of electronic conduction that occurs when the
tip is so close to the surface (i.e., 5–10 Å apart) that the wave functions of the tip
overlap with those of the surface atoms. This current flow is not based on a
faradaic process and does not produce a chemical change. The electrons tunnel
from filled electronic states in the sample to empty states in the tip when the

Fig. 10.1 Schematic illustrations of a a scanning tunneling microscope and b an atomic force
microscope. Tripod representation of piezoelectric elements is for illustrative purposes only.
Reproduced with permission from [1]. Copyright (1993) John Wiley and Sons
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sample versus tip voltage is negative, and from the tip to empty sample electronic
states when the bias is positive. The tunneling current depends exponentially on
the tip-sample separation with a typical 10 fold change per Å. STM depends on the
density of electronic states of the sample and tip. The most common STM mode is
the constant current mode where an image of a surface is acquired by moving the
tip in the z-direction until a tunneling current flows and then scanning the tip
across the surface (in the x–y plane) while maintaining the current constant by
moving the tip up and down, i.e., by varying z. Atomic-resolution x–y-z motion of
the tip is accomplished by using piezoelectric controlled positioners [4].

Finally, SECM (Fig. 10.2) measures the faradaic current recorded at an
microelectrode positioned within hundreds of nanometers of a surface. SECM
provides quantitative information about the electrochemical reactions that occur
within the confined volume between the tip and the surface [5]. The tip can be
moved normal to the surface (the z direction) to probe the diffusion layer, the so-
called approach curve. The tip can also be scanned across the surface (x and
y directions) in order to record a single line scan or a full image. The tip and
substrate are immersed in an electrochemical cell that usually also contains other
(e.g., auxiliary and reference) electrodes. The instrument necessary to make such
studies requires a movement of the tip with a resolution as low as Å level, which is
attainable with precise motors such as piezoelectric or stepping motors [6]. In
recent years, electrochemists started using SECM to work with biological samples
like enzymes [7–9] and cells [9–12]. The sensitivity of the tip allows the detection

Fig. 10.2 Schematic illustration of a scanning electrochemical microscope
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of small electrochemically active molecules such as neurotransmitters [13–15],
reactive oxygen species [16] or other biomarkers [17, 18]. This is the reason why
this book chapter will not only provide an overview of the SECM principles but
will also focus on SECM and cancer. More precisely we will look at biomarkers
involved in cancer and SECM experiments concerning mammalian cancer cells.

10.2 SECM Principles

Unlike other electrochemical instruments employing macroelectrodes, SECM uses
a microelectrode to make quantitative electroanalytical measurements. Several
reviews have been written about the behavior of the far away from the surface [19–
23]. To perform SECM measurements, three electrodes are employed: a working
electrode (or tip), the auxiliary electrode (or counter electrode) that balances the
current produced at the working electrode and the reference electrode that fixes the
potential bias set point. All three electrodes are placed in a vessel called an
electrochemical cell that contains a redox mediator solution of concentration c and
electrolyte salts to ensure high solution conductivity. When a potential far
exceeding the standard potential of the dissolve redox mediator is applied between
the working and the reference electrodes, the mediator is consumed at the tip
surface via an oxidation or reduction reaction. The electrochemical reaction leads
to a current flow between the working and auxiliary electrodes, which is detected
at the tip. The recorded data of the current versus the potential forms a sigmoidal
plot called a voltammogram (Copyright [24]).

The limiting current observed on the sigmoidal voltammogram occurs because
the electrochemical process is governed by mass transfer. This implies that the
dissolved redox mediator diffuses from the bulk solution to the electrode surface
where the electrochemical process has reduced its concentration to essentially
zero. Mathematically, the steady state diffusion-controlled current of a voltam-
mogram acquired at a microelectrode of disk radius a (m) embedded in an insu-
lating sheath, is given by [25]:

Iss ¼ 4nFDcabðRGÞ

where n is the number of electrons involved in the electrochemical process, F is the
Faraday constant (96.48534 9 103 C mol-1), D is the diffusion coefficient of the
electroactive species in solution (m2 s-1) and c is the concentration of the elec-
troactive species (mol m-3). Although other geometry exists, SECM experiments
are often carried out with disk-shaped electrodes, because they have the best
sensitivity. The current dependence on the radius of the insulating sheath, rg, often
referred in the SECM literature as RG = rg/a is expressed by b(RG) factor.
Common b(RG) values are: b(10) = 1.02, b(5) = 1.04, b(2) = 1.11, b(1) = 1.43
[25]. Moreover, the current is practically not affected by convection in the bulk of
the solution since the diffusion of the species to the small disk (*Dc/a) is
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relatively large. Also, the current enters a steady state quite rapidly for a small disk
(*a2/D) this means that while scanning a surface with this kind of electrode, the
system can be considered as a steady-state system. Lastly, because tips used for
most experiments have a size of nm to lm, the recorded currents are quite low (pA
to nA) [24].

10.2.1 Probe

We cannot emphasize enough the importance of the microelectrodes in SECM
measurements. This is the reason why so many electrochemists focus on their
fabrication and characterization. Their goal is to develop the smallest of probes
with, if possible, a reproducible fabrication process. This is extremely challenging
because of the fragility of the tip. Of course through the years, new fabrication
methods have appeared on the electrochemical scene. The specific fabrication
process differs depending on the nature of the material used (e.g. gold, platinum,
carbon and borosilicate, quartz or soda glass) and the kind of analysis done [26].
The resulting electrode geometry varies, for example it can be disk-type [27–29],
ring-type [30], cone-shaped [31, 32] or needle-type [33]. A multitude of articles
and reviews have been written about different fabrication processes which include
sealing/polishing [27] and laser-pulling [32] and showcase a variety of electrodes
[5, 34–36].

Overall the choice of a working electrode in SECM depends on the type of
measurement needed to be performed such as imaging, sensing process more
complex than electron transfer or quantitative kinetic data acquisition [37]. For
example, biosensors can be employed as a working electrode. A biosensor is
composed of a recognition element that detects a molecule in a matrix [38]. Then a
transducer transforms the biological signal into an electrical one and the data is
displayed by the processor [38–41]. Like other electrodes, biosensors can include
different type of material as recognition elements, among them, enzymes, anti-
bodies and antigens are commonly used [38]. Those kinds of sensors can be used
to analyze radicals, ions and small molecules to name a few [38, 41]. As for
transducers; nanowires, carbon nanotubes, nanorods and quantum dots are being
included into recent devices [38, 41]. One of the first biosensor was created by
Clark to detect oxygen [42] and later was instrumental in the advent of the glucose
sensor [43]. The type of biosensors used for electrochemical measurements are
mainly amperometric, potentiometric and conductometric devices as mentioned in
a nice review by Grieshaber et al. [41]. Amperometric sensors include the oxygen
and glucose (through detection of hydrogen peroxide) sensors, more examples are
cited in a review by Borgmann et al. [38]. As for potentiometric and conducto-
metric biosensors, they can respectively detect hybridization of single-stranded
oligonucleotide near a PVC membrane and enzymatic reactions [41].
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10.2.2 Motors

Scanning probe microscopies involve displacements in x, y and z directions. In
SECM, the probe displacement in the z axis has to be of nanometer-scale precision,
which practically requires mounting the microelectrode on a high resolution pie-
zoelectric actuator. The x and y travel distances can range from a few hundred
microns to a few millimeters [44] and achieved by a variety of motor combina-
tions. For example, HeKa produces a system called Elproscan that has a closed
loop XY translation stage on which the sample is positioned. The entire stage
changes direction thanks to a DC servo stepper motor controlled by a computer.
There is also a stepper motor for z axis movement and a Z-piezo for fine posi-
tioning to move the stage on which the electrode is mounted. The global resolution
of the positioning system is 1.0 nm [45]. Other systems are also available com-
mercially such as the CHI900B SECM from CH Instruments Inc. This instrument
also includes a combination of stepper motors and a XYZ piezo block for rough
positioning and precise displacements respectively [44]. The positioning system
has a global resolution of 1.6 nm [45]. Most instruments now use close-loop
positioners that correct movement hysteresis using sensors that are optical-,
capacitive- or strain- based in nature. This is particularly important in large-
distance imaging of surfaces or in measurements where the exact surface area is
scanned twice in order to deconvolute the contributions of surface topography and
reactivity to the tip current [44].

10.2.3 Modes

SECM proved to be a versatile analytic method. In fact, different SECM modes
offer diverse possibilities. In this section, we will review a few of those modes:
feedback, imaging, generation-collection SG/TC and TG/SC, direct, redox-com-
petition, surface interrogation and penetration and ion transfer modes [46]. In
depth discussion of other operational modes are also available [37, 44, 47–50].

10.2.3.1 Feedback Mode

In feedback mode, when the UME approaches an insulating surface, the diffusion
of the electroactive species towards the tip is hindered by the physical presence of
the surface. The hindered diffusion leads to an overall decrease of the tip current
with decreasing tip to substrate distance [so-called negative feedback (Fig. 10.3)].
If the surface is conductive, during a reduction process at the UME, the surface
potential will regenerate the original electroactive species by re-oxidizing it. The
established redox cycle during the positive feedback mode of SECM produces an
additional flux of material that overrides the hindered diffusion process and results
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in a progressive increase in tip current with decreasing tip to substrate distance. A
plot of the tip current with decreasing tip to substrate distance is called an
approach curve. Experimental approach curves can readily be compared to theo-
retical approach curves obtained by solving the diffusion equations for a given
microelectrode geometry [25, 51]. Typically the current and distances reported on
approach curves are given in dimensionless form (IN, L). The measured micro-
electrode current (iT) and tip to substrate distances (d) are respectively normalized
by the microelectrode current acquired far away from the surface (iT,?) and the
microelectrode radius (a). Normalized approach curves have differential behavior
based on the concentration and diffusion coefficient of electroactive species,
substrate kinetics and microelectrode geometry. Practically approach curves are
often use to preposition the microelectrode at a known d prior to imaging [24].

10.2.3.2 SECM Imaging Modes

1. Constant height

In order to acquire an SECM image, the tip is brought in close proximity to the
surface. Pre-positioning of the electrode prior to imaging is most often achieved
using a feedback mode approach curve. When the tip is within a tip to substrate
distance that is on the order of the tip radius, the microelectrode scans across the
sample in x and y plane at a defined height. Constant height imaging is particularly
sensitive to substrate tilts. As such slope correction protocols are often integrated
prior to SECM imaging. For example, having defined a rectangular area of the
substrate to be imaged, three negative approach curves are performed at the cor-
ners of the image. Since the microelectrode current scales with the tip to substrate

Fig. 10.3 A selection of modes of operation of a SECM, illustrating how the current response,
expressed as a normalized quantity, hinges upon imaging certain features. Arrows represent the
flow of the electroactive species (or ions) to the UME. Reproduced with permission from [50].
Copyright (2006) IOP Publishing
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distance, the slope in the x and y direction are then defined based on the current
variations recorded between two corners. The z position of the microelectrode is
then adjusted at each point of the image based on the value of these two slopes.
The image is acquired because of the current changes detected by the electrode.
SECM imaging in constant height mode has some disadvantages. The main
problem is related to irregular surfaces whose topography deviates from the linear
slope correction. Significant topographical features create artifacts because their
effect competes with the substrate reactivity. Also, during feedback based constant
height imaging, the electrode is placed within a tip radius of the surface. Important
surface roughness or tilting can lead to tip crash or break during imaging [52]. In
fact, as people try to produce electrodes of smaller size to get a better resolution
imaging, the risk of crashing the tip increases greatly when the scanning is done at
constant height [52].

2. Constant distance

Constant-height mode is not always the best option for imaging due to its limi-
tations. However the constant-distance mode allows control of the distance
between the tip and the sample, which gives a more accurate detection of the
current variations. During scans at a constant distance, the electrode follows the
contour of the sample and is protected against a potential crash on the surface. It
also allows simultaneous acquisition of the electrochemical response and deter-
mination of sample topography [52]. This is particularly important while scanning
above living cells to avoid damaging the studied sample (Fig. 10.4). The cells are
not completely flat on the surface and the reactivity is not always stable across the
entire cell surface therefore topography cannot be a factor during the measurement
because all the reactivity variations need to be detected. The constant distance
SECM is a good solution to maintain the distance between the electrode and the
cell constant during the scan by using the distance dependent feedback signal [54].
Shear force is a nice way of controlling the distance in this mode. It consists in
fixing piezoelectric elements near the tip of the probe [53]. Systems have evolved
lately using different types of piezos such as piezo dither [55–59] and piezo tuning
fork [60–63].

3. 4D shearforce-based constant-distance mode scanning electrochemical
microscopy (4D SF/CD-SECM)

(4D SF/CD-SECM) is designed to measure currents at the tip at different points of
the x, y-scanning grid but at constant distances of the interrogated surface
depending of its topography [64]. The distance of the tip from the surface depends
on the signal received and is created by a shear-force interaction between the
resonance of the tip vibrating and the surface. This kind of measurement is
achieved by dividing the sample surface in a grid of multiple points. At each grid
point, a distance calibration curve is performed using the shear-force controller.
Distance calibration curve are acquired once the tip is in contact with the surface.
During the retraction steps, pairs of tip current and position are recorded for each
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distances of determined increment and tabulated. Having established the tip to
substrate distance for a given grid point the tip can be moved back vertically to
larger separations that would not conventionally be accessible through shear force
control. Finally, it requires the use of shear force only intermittently resulting in
reduced analysis time [64].

10.2.3.3 Generation-Collection Modes

Tip collection mode has been really useful to measure transport phenomenon in
artificial and biological membranes [65–71]. When the chemical process at the
surface are slow, the tip collection is a nice mode for measurements since its
efficiency relies mainly on the tip sensitivity to relevant species. But this mode
might be difficult to use over heterogeneous surfaces with variable reactivity
making the mass transport between the tip and the surface harder to define [50].

1. Sample-generation/tip-collection (SG/TC) mode

While doing SECM measurements in the sample generation-tip collection
mode, the tip detects the reactivity of the sample. A pre-determined potential is
applied at the tip to collect the sample generated electrochemically active species.

Fig. 10.4 Top Panel: There is a risk of tip crash when the tip is scanned at constant height across
a tilted surface (a) or when the height of three-dimensional structures on the sample surface
significantly exceeds the diameter of the SECM tip itself (c). On the other hand, the feedback or
collection efficiency is lost if the tip is scanned away from a tilted surface � 2002 WILEY-VCH
Verlag GmbH & Co. KGaA, Weinheim (b) or during scanning across grooves or holes (d).
Reproduced with permission from [52]. Bottom Panel: Illustration of SECM imaging of live cells
in constant distance mode. Dotted line represents the probe scan path. Reprinted with permission
from [53]. Copyright (2010) American Chemical Society.
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The principle is quite simple, when the tip is positioned above an active part of the
sample, it detects an increase of current and when it is positioned above an inactive
area, it detects a background current (same thing applies to TG/SC mode) [72].

2. Tip-generation/sample-collection (TG/SC) mode

As for the tip-generation sample collection mode, the opposite reasoning to SG/
TC mode applies. In this mode, the electroactive species are generated at the tip
and detected at a larger substrate electrode [73]. A possible problem with this
mode is the fact that small currents are generated and they can get lost in the
background noise created when the needed potential is applied on the sample. This
collection mode as the advantage of having a better sensitivity than the feedback
mode but its resolution is inferior [8, 72]. The larger substrate allows a great
collection efficiency [74] for stable species therefore experiments can quickly be
done under steady state conditions [59, 73, 75–78]. Also the mass transport is well-
defined for TG/SC which simplifies numerical modeling designs [74].

10.2.3.4 Direct Mode

In the direct mode of SECM, the tip has the role of a microscopic size counter-
electrode. As for the macroscopic sized sample, it acts as the working electrode.
Due to a limitation through the counter electrode reaction and a confinement of the
electric field between the tip and the perpendicular surface area of the sample,
electrochemical processes at the sample surface are restricted to an area approx-
imately the size of the tip and located opposite to the SECM tip position [72].

10.2.3.5 Redox-Competition Mode

The redox-competition mode is illustrated in Fig. 10.5. This mode of SECM
requires the use of a bipotentiostat. During the experiment, the tip competes with
the sample for the same analyte. When the electrode is near an area of the sample
where there is electrocatalytic activity, the measured current decreases [80]. This
mode is particularly useful if one wants to do imaging when an irreversible
reaction, such as oxygen reduction, is involved. For each point of the image, an
oxidative potential is applied at the electrode to locally generate O2. As soon as the
generation step is stopped, the potential of the electrode is switched to a reductive
potential and competes with the substrate to collect the generated O2. If the
experiment is performed above an electrocatalytic surface, a fraction of the gen-
erated O2 will be consumed at the surface to form hydrogen peroxide. Therefore,
the collection efficiency at the microelectrode will be lower above an active sur-
face and the collection current will also be lower. To create the image, the current
transients from all the points over which the electrode is positioned are recorded
[79]. One of the main advantage of this mode compared to TG/SC, is the possi-
bility to use it on large samples without being limited by the tip diameter [79, 80].
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10.2.3.6 Surface Interrogation Mode

In this SECM mode, the tip is approached to a substrate of similar diameter. This
tip is approached to the sample surface while the latter is being polarized to
produce a reaction and a deposit on the electrode. The sample surface potential is
then returned to open circuit to allow one of the redox specie generated at the
working electrode (tip) to react with its counterpart redox specie adsorbed at the
substrate electrode. During this surface interrogation the current measured through
a feedback process varies accordingly to the amount of species absorbed on the tip
substrate. In other words, in this mode for the same electrochemical system the
generation and detection of reactive species happen concomitantly in solution and
is made possible through SECM feedback mode [81].

10.2.3.7 Penetration Mode

The name of this mode is self-explanatory. A small electrode is used to penetrate
into a polymer film. The film contains a redox mediator and the variation of
distance in the z axis allows for the determination of concentration differences,
kinetics and mass transport variations [82, 83] depending of the depth of the
electrode in the film. When the tip is inside a homogenous polymeric film, it is
possible to make the same kind of voltammetric measurements than in solution. In

Fig. 10.5 General principle of the RC mode. a Pulse program at the UME: ES(t) (dotted line),
ET(t) (solid line), and iT(t) (dashed line). b O2 is generated and re-collected at the UME above an
electrocatalytically inactive substrate. c O2 is generated at the UME and partly consumed at an
electrocatalytically active substrate. As a result, the current at the UME decreases. Reprinted with
permission from [79]. Copyright (2008) Oldenbourg Wissenschaftsverlag
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fact, as the tip goes through this film, reasonably conductive, and approaches the
surface on which it is deposited, the feedback effects transpire and are comparable
to those happening in solution though tunneling effects may occur for distances of
\1 nm [49]. What makes this mode interesting is the possibility to use it with
biological samples such as nuclei, [84] liposomes, [85] and cells [11] to detect
intracellular electroactive molecules, differences of potential and ions crossing the
cell membrane. Such experiments can provide information about the distribution
of electroactive species inside the cell, potentials, and ion transfers across bio-
logical membranes [44].

10.2.3.8 Ion Transfer Mode

In this mode, the steady state diffusion controlled current, when the tip is away
from the surface, and the feedback currents are generated during ion-transfer
processes. A micropipette holds two unmixable solutions that create an interface
and serve as an amperometric tip. Another interface is used as a sample but it can
either be of liquid or solid nature. This setup can be useful for high-resolution
SECM imaging of the liquid/liquid and liquid/membrane interfaces [49].

10.2.4 Different Substrate Used and Their Target Analysis

SECM instruments have been used for electrochemical measurements in many
applications on a variety of materials such as charge transfer kinetic mechanisms
[86], dissolution processes [87], corrosion of metals [88] and kinetic studies of
adsorption and desorption [89], to name a few. The relatively new approach of
electrochemist groups is their use of SECM to study biological systems [50]. It is
possible to study different processes among them: neurotransmitter release [90],
enzymatic activity and DNA hybridation [18], photosynthesis, respiration or redox
activity at single-cell level [10].

10.2.5 Bio-SECM: Adaptation of the Instrument
for Biosystem Analysis

A Bio-SECM is a SECM that has been modified to incorporate an inverted
microscope. There are different models mostly homemade but HeKa Elektronik
Dr. Schulze GmbH (Lambrecht/Pfalz, Germany) is offering two commercial
models HeKa ELP 2 and HeKa ELP 3. The adaptation of conventional SECM into
a bioanalytical tool made it more convenient to study electrochemical reactions on
seeded cells [11, 14, 56, 69, 91, 92]. The inverted microscope gives the possibility
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to identify suitable cells, with typical morphology of healthy cells and position the
tip more quickly above the cells [26]. It is also possible to use a fluorescence
microscope, which adds a non-negligible advantage of following the cell state by
using specific viability fluorescent dyes. This allows one to corroborate electro-
chemical data with fluorescence images captured with a CCD camera.

10.3 SECM Studies Applied to Cancer

10.3.1 Biomarkers

Everyone has heard about cancer or knows someone affected by it. But what is
cancer exactly? Cancer is a genetic disease appearing after alterations or changes
in the DNA sequence of important genes [93]. By important genes we mean
oncogenes stimulating cell division and survival or tumor suppressor genes con-
trolling the cell cycle and regulating apoptosis (programmed cell death). When
these genes are altered, cell functions are not regulated as they should and normal
cells change into cancer cells that starts proliferating uncontrollably creating
tumors [40].

An increasing number of people are affected by cancer every year and it is well
known that early detection improves chances of successful outcome. This is the
reason why researchers have been working towards developing more sensitive and
specific methods for early cancer diagnosis [94]. A good strategy for improved
screening is to look at cancer biomarkers. They are molecular changes detectable
in patients’ biological fluids, like blood or urine, but are not present in healthy
people [40, 94, 95]. These biomarkers come from the tumor or are the results of the
body reacting to the presence of a cancer [40]. Research in proteomic and genetic
allows the discovery of promising biomarkers that could have clinical use.
However, biomarkers have to be approved by the Food and Drug Administration
(FDA) through clinical validation before they can be used and that process can be
long and difficult [96]. Here are examples of commonly used biomarkers that
successfully made it through: human chorionic gonadotropin-b (hCG b-subunit)
for testicular cancer, cancer antigen 19-9 (CA19-9) for pancreatic cancer, cancer
antigen 125 (CA125) for ovarian cancer, carcinoembryonic antigen (CEA) for
colon cancer, prostate-specific antigen (PSA) for prostate cancer and cancer
antigen 15-3 (CA15-3) for breast cancer [40, 96]. The use of biomarkers offers a
great advantage of not being as invasive as biopsies. Also, the extraction of tissue
is not always efficient in primary stage of cancer because cancer cells can be
missed, in that case biomarkers can be better for early detection [94, 97]. More-
over, it is possible to use arrays to make multianalyte detection simultaneously by
doing multiple immunoassays. Wilson and Nie used electrodes on which a dif-
ferent antigen was immobilized to detect seven tumor markers and obtained
comparable results than with single-analyte enzyme-linked immunosorbent assays
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(ELISA) [98]. Also, Ju’s group developed a disposable device for automated
detection of four tumor markers through amperometric immunoassay. In this case,
antigen immobilized on working electrodes compete against antigens circulating in
the sample for antibodies labeled with an enzyme, horseradish peroxidase (HRP),
present in a limited quantity. The detection is done by amperometric monitoring of
the enzymatic reduction of the HRP substrate, H2O2 [99]. Such multianalyte arrays
diminish the detection time at a relatively low cost. The main problem with
biomarkers is that they are often present in small amounts at a scale of pL and in
order to make a diagnosis it is a prerequisite to have sensitive detection method
with low enough detection limits [41]. As discussed below, this is where SECM
could be relevant since it has been proven that single molecule can be detected
[100–102] and could come in handy for diagnosis of cancer at an early stage.

10.3.2 SECM Studies on Cancer Biomarkers

10.3.2.1 Cytokine

Cytokines are small molecules that are mainly produced by leukocytes [104, 105]
but also by tumor cells [106]. These proteins play a role in cell-to-cell commu-
nication by transmitting signals between cells [107]. Among them, there is the
interleukin-1b (IL-1b) which is a pro-inflammatory cytokine present in the vicinity
of almost all the tumors [108]. This same IL-1b is involved in many diseases, for
examples it is known to stimulate colon cancer cell growth [109], breast cancer
progression [110] and cell proliferation in prostate cancer [106]. Also, when it’s
secreted at high concentration it promotes invasiveness of tumor cells [111].

The cytokine IL-1b secreted by two cancer cell lines, used as leukocyte models,
was studied on a cellular chip. This chip combines cell-collagen gel spots and SECM-
enzyme linked immunosorbent assay (SECM-ELISA) [103]. During culture, the
leukocyte models human monocytic leukemia (THP-1) and human promyelocytic
leukemia (HL-60), were activated with phorbol 12-myristate-13-acetate (PMA) and
lipopolysaccharides (LPS). As can be seen on Fig. 10.6a, a first antibody (Anti-
IL-1b) is attached to a glass substrate, this antibody links the IL-1b secreted by the
leukocytes in the collagen matrix. After removal of this matrix, the cytokine is
trapped by a second antibody marked with a biotin to form a sandwich; this is the
ELISA (Fig. 10.6b). Then this biotin combines with an avidin molecule labeling an
enzyme (HRP). As mentioned earlier, the HRP uses H2O2 as a substrate. The
enzymes catalyze the reduction of the hydrogen peroxide and then the ferrocene-
methanol (FcMeOH) used as a redox mediator acts as an electron donor. The
concentration variation of the oxidized form of ferrocenemethanol (FcMeOH+) is
detected by measuring the reduction current generated at the electrode scanning over
the spots. Even though the authors conclude the quantification of IL-1b was chal-
lenging, they had results comparable to other methods found it literature [112, 113]
and they did so by using sample volume of 1 lL [103].
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10.3.2.2 Single Nucleotide Polymorphisms

Single nucleotide polymorphisms (SNPs) are the most frequent genetic variations
[114, 115]. A SNP is a difference of a single nucleotide in the genome. Nucleotides
are Adenosine (A), Thymine (T), Cytosine (C) and Guanine (G). For example, a
SNP would be a mismatch due to a substitution between an A and a C. So SNP are
biomarkers that can help locate genes related to diseases [114, 116–118]. Also, if
the polymorphism happens in a repair gene section of the DNA, damage reparation
can be altered and lead to cancer [119, 120].

Electrochemical measurements have been done to detect mismatch in DNA.
Kraatz’s group recently used electrochemical impedance spectroscopy (EIS) and
SECM for this detection [121]. We will focus on the SECM part of their study. A
25 base fragment of hybridized ds-DNA films (forming a base-paired double helix)
was printed on a gold substrate. SECM approach curves were done above the
golden surface and the DNA spots with a Pt tip in a solution containing a redox
mediator K4[Fe(CN)6] in presence or absence of Zn2+. The Zn2+ is used solely for
signal amplification purpose. Above the bare surface, a positive feedback current
was recorded compared to a negative feedback when the tip approached the ds-
DNA. This negative current is mainly due to the diffusion limitation of the
mediator to the tip caused by the presence of the ds-DNA. In the presence of Zn2+,
the signal amplification helped to better discriminate the mismatches ds-DNA film.
Interestingly, the electrochemical results obtained were similar to those previously
reported optical studies. This method shows that it is possible to study mismatches
independently of their position, in this case they evaluated the entire 25 base
sequence unlike other electrochemical experiments for which people looked at
three positions only (top, center, bottom) [121].

Fig. 10.6 Assembly of the sandwich structure on the antibody-immobilized glass substrate for
cytokine assay of IL-1. Cell–collagen gel mixture droplets containing PMA or LPS were spotted,
followed by further decoration for SECM imaging (a). A schematic diagram of the operating
principle of the SECM-cytokine assay system (b). Reprinted with permission from [103].
Copyright (2006) Elsevier
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10.3.2.3 Proenzyme

A pepsinogen is inactive; this is why we call it a proenzyme until it is converted
into pepsin, its enzymatic active form [122]. Pepsinogens, like PG 1 and 2, are
proteins secreted by gastric cells that can be measured in the plasma and the serum
[123]. A low concentration of PG1 and low ratio of PG1/PG2 are considered to be
biomarkers of atrophic chronic gastritis, a condition precursor of gastric cancer
[84, 123–125]. SECM-ELISA type experiment is done to detect both pepsinogens
[126]. The sandwich immunocomplexes are also done with HRP as previously
described in the Cytokine section. This time, the ELISAs are done with anti-PG1
and anti-PG2 IgG antibodies to form microspots. Two method of microspot for-
mation are used and compared. The first method consists of using a typical
immunoassay procedure by immobilizing the antibodies on hydrophobic glass
slides. A 50 lm diameter glass capillary is used to deposit the anti-PGs in small
spots on the surface and then different concentrations of PG1 and PG 2 are added
on the spots. The second method demands the use of silicon stencil made by
lithography to create arrays containing pyramidal holes. The holes formed by
chemical etching have 100 9 100 lm dimensions. This stencil is deposited on a
Polydimethylsiloxane (PDMS) surface and PDMS separators are added on the
silicon to make sure all the holes are isolated before adding the anti-PGs in the
holes. After the immunoreaction, the PDMS separators and the silicon template are
removed. SECM dual imaging of PG1 and PG2, linked to different microspots, is
done by scanning the electrode above the surfaces, glass or PDMS, in presence of
the FcMeOH mediator. Once again, the detected reaction was previously explained
in the Cytokine section. Both microspots fabrication methods allowed the detec-
tion of the pepsinogens, with limited cross-contamination, but the method using
the pyramidal hole array gave sharper results [126].

10.3.2.4 Antigens

An antigen is an element that can induce the production of antibodies by lym-
phocytes [127]. Antigens specifically bind antibodies [128] equivalent to our daily
lock and key combinations. The first antigen used as a cancer biomarker through
an immunoassay was the carcinoembryonic antigen (CEA) [129, 130]. Matsue’s
group detected CEA with antigen/antibody sandwich microspots using SECM
imaging just like they did with the pepsinogens. Doing so they could detect as low
as 104 CEA molecules in a spot of 20 lm radius [131].

Also, it’s been demonstrated that SECM GC mode can be useful for immu-
noassay to detect the circulating CA15-3 antigen [132]. The HRP enzyme was also
used in the ELISA but this time around the detection was done in the presence of a
hydroquinone (H2Q) as a redox mediator. As can be seen on Fig. 10.7, the HRP in
presence of H2O2, catalyzes the conversion of the H2Q into benzoquinone (BQ).
The reduction current generated by the BQ at the electrode corresponds to the
amount of CA15-3 immobilized in the sandwich. With this method, it was
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determined that the limit of detection is 2.5 U/mL, which is sensitive enough to
detect CA15-3 antigens [9, 132].

In another study, SECM imaging was used to detect CD10 antigens [133].
These antigens can be expressed in different form of cancer like acute lympho-
blastic leukemias, follicular lymphomas and Burkitt-like lymphomas [134]. To
carry the experiment, a gold electrode coated with anti-CD10 antibodies is used as
sample. Then to amplify the signal, gold nanoparticles are activated with gluta-
thione to allow bonding with the HRP enzyme. When the CD10 antigen is present,
the sandwich is formed on the electrode with a secondary antibody and the
nanoparticles bonded to the HRP. A 10 lm platinum electrode was used to
measure the reduction current of mediator Fe(CN)6

3- to Fe(CN)6
4- at the same time

than imaging with the SG/GC mode. Optimal conditions allowed to have a linear
response in a range from 1.0 9 10-11 up to 6.0 9 10-11 M with a detection limit
of 4.38 9 10-12 M [133].

10.3.3 Studies on Mammalian Cancer Cells

As much as it is interesting to study biomarkers, the validation process can be
dreadful [96]. Therefore, it can be advantageous to immobilize cells and evaluate
the production and the diffusion of molecules in the vicinity of these cells. Many

Fig. 10.7 Assembly of the
sandwich structure on the
streptavidin-coated substrate
and the schematic of SECM
detection. Reprinted with
permission from [132].
Copyright (2006) Elsevier
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molecules have been studied in electrochemistry such as reactive oxygen species
(ROS), reactive nitrogen species (RNS) and nitric oxide synthases (NOS) [16,
135]. Detecting species produced by the cell itself restricts the cytotoxicity issues
that can be induced by exogenous mediators that are potentially toxic. This is one
of the reasons why people often choose to use oxygen to evaluate cell viability
[12]. SECM offers great advantages to detect ROS at varied location on the cell
membrane even at low levels and it is relatively specific [135]. But one of the main
disadvantages during biological measurement is the biological molecules tendency
to stick on the surface of the electrode [135] causing a decrease in the signal
detected.

Reactive oxygen species are often studied because of their implication in cel-
lular homeostasis and functions. Therefore monitoring ROS as principal indicator
is interesting because of their production by all types of cells. This is the reason
why SECM measurements are made on a variety of cells. Here are some examples
of cancer cells studies.

10.3.3.1 MCF-10A and MDA-MB-231 Breast Cells

SECM has been used to measure the redox activity of individual human breast
cells. In this experiment, Mirkin’s group used a chemical mediator called quinone
that takes part in intracellular redox activity after crossing the membrane [136].
The microelectrode is positioned close to the membrane in order to record the
reactions in microsecond timescale. This experiment is extremely interesting
because it reveals that the redox activity of breast cancer cells is different than the
one seen in non-cancerous cells. With non-transformed or metastatic cells, the
redox activity yield rate constants change accordingly to the alteration of
expression or activity of the protein kinase Ca which is an enzyme involved in the
mechanism of cell metastasis. The SECM 2D scans allow to spatially resolve the
redox map of an individual cell or field of cells. Therefore, this method allows one
to distinguish breast cancer cells in the middle of non-transformed cells [136].

10.3.3.2 Hepatoblastoma Hep G2 Cells

Bard’s group first studied the cytotoxicity of menadione on hepatocytes by using
SECM’s substrate generation/tip collection mode. They exposed the cells to
menadione and detected the product made after it conjugates with glutathione.
Glutathione acts as an antioxidant and protects the cell against oxidative product
damages. This menadione-S-glutathione conjugate called thiodione is exported
from the cells by an ATP-dependent pump. The SECM experiments made it
possible to electrochemically observe and image the efflux of the thiodione from
single cells and within groups of confluent living cells. Consequently, they could
determine the amount of molecules of thiodione per cell per second exported from
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a single layer of Hep G2 cells by using a simulation constant flux model. See
Fig. 10.8 for a timeline exportation of thiodione from adjacent cells [69].

10.3.3.3 HeLa Cervical Cells

In Bard’s group, menadione has been used for numerous years as an inducer of
oxidative stress in living cells [69, 91, 137]. Menadione is a hydrophobic molecule
that passes through the cell membrane passively and is cytotoxic. As mentioned

Fig. 10.8 Time-dependent profile of the export of thiodione from two adjacent human liver cells
as detected by SECM imaging. a–d SECM images of the Hep G2 cell. The tip potential was held
at 0.55 V versus Hg/Hg2SO4 and scanned at 150 lm/sec. The quiet time was 2 s. e and
f Simultaneous optical micrograph of the Hep G2 cell being imaged. The black spot on the
micrograph is the 10-lm Pt UME at two different positions, (e and f). One division corresponds to
10 lm. g–j Superimposed optical micrograph on the SECM image. These images were acquired
after 43 min of incubation in the 80 lM menadione solution. All images were normalized with
respect to scale. Reprinted with permission from [69].Copyright (2004) National Academy of
Sciences, U.S.A
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earlier, once inside the cell, a detoxification process occurs and the menadione is
conjugated to glutathione to form thiodione. This new molecule is then actively
transported outside the cell by a pump called MRP1. The SECM system allowed
them to measure the extracellular level of thiodione after its release. They man-
aged to compare their experimental data with a computer simulation and deter-
mined the kinetic of menadione uptake and thiodione expulsion. Also, to make
sure the MRP1 was really responsible for the transport, they used an inhibitor
MK571 to moderate the pump’s activity by competing with glutathione conjugate
transport (Fig. 10.9) and a monoclonal antibody QCRL-4 that selectively blocks
the MRP1 pumps. The thiodione flux decrease confirmed that thiodione was
indeed actively transported by MRP1, and that glutathione is an essential substrate
for MRP1-mediated transport. Therefore, one can say SECM can be a useful tool
in quantitative studies of MRP1 inhibitors and suggests that monoclonal antibodies
can be used to inhibit the transport of these pumps, and potentially limit the effects
of multidrug resistance [137].

The beauty of the SECM is the possibility to make measurements at the single-
cell level. In Matsue’s group, they exploited this feature to measure the respiratory
activities of cultured HeLa cells. They used the SECM to detect the oxygen

Fig. 10.9 Schematic diagram of cellular response to menadione in the presence or absence of
MRP1 blocker MK571. Reprinted with permission from [137]. Copyright (2012) National
Academy of Sciences, U.S.A
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surrounding the cell and produced images of the localized distribution of oxygen.
In this present study, they combined the utilization of a fluorescent probe, Calcein-
AM, and SECM to assess changes in a single HeLa cell respiration after it’s been
exposed to inhibiting chemicals like KCN and Antimycin A. Calcein-AM stains all
living cells green and emits fluorescence after being transformed to Calcein by
esterases found in the cytoplasm. If the cell membrane is altered, the Calcein leaks
and there is no fluorescence. So this probe is useful to visualize the damage done
by the drugs to the membrane integrity. With this study, they could demonstrate
that SECM made it possible to monitor the decrease of cellular respiration after the
addition of inhibitors. When combining fluorescence measurements with SECM,
the acquired information could help in elucidating drug action mechanism [138].

10.3.3.4 T24 Bladder Cells

Ding’s group discovered a periodicity in the ROS evolution of human bladder
cancer (T24) cells by time-lapse SECM (Fig. 10.10) [139]. They defined the
extracellular profile of ROS when generated and released by a cell and when the
cell is not releasing ROS. They could do so by comparing their experimental
approach curves with simulated ones. The cell releases more or less ROS to
maintain a good homeostasis. While an untreated cell actively released ROS its
distribution was found to be steady with a long release/unrelease cycle. After
administrating cisplatin to induce apoptosis, the periodicity of the ROS generation
cycle is significantly accelerated and more species are released in the extracellular
surrounding. This shows a modification in cell homeostasis. With ROS released
from the cells as the redox mediator, SECM provides an excellent label-free
method to monitor the physiological activities of single cancer cells [139].

10.3.3.5 Chinese Hamster Ovarian Cells and Human Epithelial
Carcinoma A431 Cells

The epidermal growth factor receptor (EGFR) was imaged on the cell membrane
of Chinese hamster ovarian cells (CHO) and human epithelial carcinoma A431
cells with SECM [140]. The EGFR has an important role in cancer cell devel-
opment. A malfunction of this membrane protein causes unregulated proliferation,
apoptosis inhibition, angiogenesis and possible metastasis [142]. Once again,
SECM-ELISA type method was utilized with SG/TC and feedback modes to
measure the amount of EGFR expressed in cell membrane. To do so, the receptor
was attached to a first antibody (anti-EGFR) which was linked to a second anti-
body labelled with an alkaline phosphatase (ALP) molecule. The ALP hydrolyses
the p-aminophenylphosphate monosodium salt (PAPP) present in the media into p-
aminophenol (PAP). The antibody setup can be viewed on Fig. 10.11a. The latter
was detected at the microelectrode by applying at +0.3 V potential versus an Ag/
AgCl reference electrode. Doing so, single-cell imaging was accomplished and the
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expression level of EGFR was statistically determined for CHO, CHO over-
expressing EGFR and A431 cells. With the CHO cells having the lowest density of
receptors and the A431 having the highest amount [140].

Later on, the same group showed optical and SECM images of EGFR expressed
in patterned cells (Fig. 10.11b) [141]. The patterns of each cell lines can be view in
the optical micrograph and the gradient of EGFR density is well visible from one
cell line compared to the others on Fig. 10.11b.

Fig. 10.10 ROS evolution of an untreated T24 cell revealed by time-lapse SECM images. a–
j are representative conventional SECM images out of 27 images in total, which were taken by a
5 lm diameter Pt UME at -0.800 V versus Ag/AgCl scanning over the same area in each image
(80 9 80 lm) at certain time intervals (15–30 min). The scale bar presents the normalized
current. The acquisition time of images (a) and (b) was 3 min for with 128 9 128 pixels, while
that for images (c–j) was 12 min with 256 9 256 pixels. k Cross-section lines extracted from all
the 27 time-lapse SECM images. The location of the cross-section line is illustrated in images (a–
j) by the dashed red line. A correction of baseline tilting was made for the cross-section lines. ib is
the current value when the UME was far away from the cell. The duration of this set of time-lapse
SECM experiments was 510 min. Reproduced with permission from [139]. Copyright (2012) by
Elsevier
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10.4 Conclusion

Analytical method development is intrinsically linked to our increased under-
standing of cancer. Several imaging techniques have already proven critical in
early diagnostic and disease progression analysis: Positron Emission Tomography
(PET), Ultrasound, and Magnetic Resonance Imaging (MRI).

PET is a 3D diagnostic imaging technic in nuclear medicine that produces
images of functional process of the body [143]. This diagnostic tool uses chemical
tracers such as neurotransmitters [144] and Fluorodeoxyglucose F18 (FDG) which
is a radiolabelled glucose analogue [145]. Although it appeared in the 1970s [143,
146], PET research led to its gradual application in clinical use, oncology being its
most important application [143] where it is used for: tumor detection [147],
differential diagnosis of benign and malignant tumors [143], tumor metabolism
and growth measurements [148], tumor staging and evaluation of tumor response
[149], radiation treatment planning and development of new anticancer drugs
[143]. Overall PET strives to image specific molecular targets that are associated
with cancer to allow earlier diagnosis and better management of oncology patients.

Many imaging systems used for clinical purposes depend on electromagnetic
radiation interaction with tissues or fluids [150]. As for ultrasonic imaging, it is
mainly based on high-frequency sound waves being scattered, refracted, attenuated
and reflected [151]. Since the sound waves bounce off tissues, it is possible to

Fig. 10.11 a Schematic diagrams of EGFR detection using generation-collection mode. Adapted
from [140] Copyright (2009) American Chemical Society. SECM image of the EGFR expression
level of patterned different kinds of cells. b Optical microscopy image. c SECM image. The
electrode was set at 20 mm above the substrate, and the scan rate was 100 lm s-1. The scan
range was 7.0 9 3.0 mm, and the step size was 100 lm. Reproduced from [141] with permission
of the PCCP Owner Societies
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image tissue stiffness allowing to distinguish between normal cells and cancer
cells. As reported in the literature, tumors are stiffer than normal tissue [152]
which makes them detectable by palpation. Palpation has its limitations since
lesions are often too small or not positioned in a way to be felt [153, 154]. In cases
like these ultrasound elastography can be a solution as it has been used to examine
breast, prostate and liver [155]. This method can also be used endoscopically and
can be used to image lymph nodes, oesophageal cancer, pancreatic cancer, adrenal
and submucosal tumors [150, 156].

There are several reasons why MRI has emerged as a key technique in cancer
diagnosis and management. First, MRI avoids the use of potentially damaging
ionizing radiation and radioactive materials. It derives its signals from the inter-
action of tissues with a magnetic field and radiofrequency energy. For example,
MRI can image nuclei atoms containing an odd number of protons and/or neu-
trons. As such, water molecules and protons on fat molecules are commonly
imaged in MRI [157]. Second, the quality of the MRI images consistently has
enhanced contrast among a variety of soft tissues. MRI has enhanced contrast in
part because of a flexible parameterization that can be tuned to exploit different
tissue-specific properties. Third, MRI generates tomographic images either as a
true three-dimensional (3D) volume or by reconstruction from a stack of two-
dimensional (2D) slices. This tomography can be acquired from any plane without
patient or instrument movement.

PET and MRI are high-cost and low-throughput last line tools that are over-
booked and critical to all cancer treatments. Ultrasound is definitely a lower cost
technique but overall its throughput is relatively low. It is important to pursue the
development of low cost and/or high-throughput first line of defense analytical
methods capable of achieving early cancer diagnostics. As such, multianalyte
protein arrays, high sensitivity mass spectrometry and electrochemical methods
are attractive candidates.

The development of multianalyte protein arrays is tied to advances in micro-
fluidics, arrays, sensors, and nanomaterials. Parallel acquisition of measurements
of many analytes requires the use of arrays containing 100–10,000 lm sized
features [158]. Microarray principle is based on receptors bound on the surface
intercepting analytes and generating a signal. Each array area can be specific for
different analytes making simultaneous analysis possible [159]. The detection of
the signal is usually done electrochemically, gravimetrically or optically label free
or not [160, 161]. Different labels include fluorescent dyes, quantum dots and
metal colloids [161]. For example, DNA microarrays proved to be useful for
cancer classification, diagnosis and prognosis [162]. They are used in different
cancer research settings namely breast [163], prostate [164] and pediatric [165]
cancers. Tissue microarrays (TMA) are also well known as diagnosis tools in
Hodgkin’s lymphomas, breast, prostate and bladder cancers among others [166,
167]. These TMA’s present great advantages as they are an amplification of tissue
resources and more biomarkers analysis can be performed for each sample. They
are also great for reproducibility, rapid analysis and more economical since less
reagent is needed [167]. On the other hand, the selected sample needs to be
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representative of the total tissue or population, the results need statistical valida-
tion of the final cohort [167] the use of arrays in general require complex training
protocols [158].

Mass Spectroscopy (MS) is an analytical chemistry staple capable of quanti-
fying the exact mass of protein or peptide fragment from protein. Protein and
peptides need to be ionized in order to be detected in MS. There are several sample
introduction and ionization methods available, but for the specific case of protein/
peptide samples direct or laser ionization are often used. The accelerated ions
produced are then injected in a time of flight component, which achieves ion
separation based on the time taken by individual ions to reach the detector. The
time of flight of an ion is dependent on its charge to mass ratio. Aside from time of
flight MS, tandem methods exist that can establish peptide sequences [168].
Hyphenation with chromatographic chips array MS can also be used in tandem
with chromatographic chip arrays to selectively bind subsets of proteins from
complex samples. The surfaces can be washed to remove nonspecifically bound
proteins and substances that can interfere with the ionization process (salt,
detergents, etc.). This type of analysis provides high throughput via automation
and requires minimal sample preparation.

Finally electrochemistry is another analytical method that has potential for early
cancer diagnostic applications for cancer biomarkers and in live cell assays. In this
Chapter we have focused on an electrochemical imaging approach that can study
cancer biomarkers and cancer cells. In terms of cancer biomarkers, SECM has
been applied to cytokines, single nucleotide polymorphism, proenzymes and
antigens. It has also been used to monitor the metabolic state of cancer cells
through studies performed on reactive oxygen species, multidrug resistance and
cancer protein membrane expression.
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