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Abstract
Titanium and titanium alloys are widely used in biomedical devices and components, especially as hard tissue
replacements as well as in cardiac and cardiovascular applications, because of their desirable properties, such as
relatively low modulus, good fatigue strength, formability, machinability, corrosion resistance, and biocompatibility.
However, titanium and its alloys cannot meet all of the clinical requirements. Therefore, in order to improve the
biological, chemical, and mechanical properties, surface modification is often performed. This article reviews the
various surface modification technologies pertaining to titanium and titanium alloys including mechanical treatment,
thermal spraying, sol–gel, chemical and electrochemical treatment, and ion implantation from the perspective of
biomedical engineering. Recent work has shown that the wear resistance, corrosion resistance, and biological
properties of titanium and titanium alloys can be improved selectively using the appropriate surface treatment
techniques while the desirable bulk attributes of the materials are retained. The proper surface treatment expands the
use of titanium and titanium alloys in the biomedical fields. Some of the recent applications are also discussed in this
paper.
# 2004 Elsevier B.V. All rights reserved.
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1. Introduction
1.1. Titanium and titanium alloys
Titanium was once considered a rare metal, but nowadays it is one of the most important metals in
the industry. The element was first discovered in England by Gregor in 1790, although it did not
receive its name until Klaproth named it after the mythological first sons of the earth, the Titans, in
1795. Chemically, titanium is one of the transition elements in group IV and period 4 of Mendeleef’s
periodic table. It has an atomic number of 22 and an atomic weight of 47.9. Being a transition element,
titanium has an incompletely filled d shell in its electronic structure [1]. Some basic physical properties
of unalloyed titanium are summarized in Table 1. The incomplete shell enables titanium to form solid
solutions with most substitutional elements having a size factor within 20%. In the elemental form,
titanium has a high melting point (1668 8C) and possesses a hexagonal closely packed crystal structure
* Corresponding author. Tel.: +852 27887830; fax: +852 27887724.
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Table 1
Summary of physical properties of unalloyed titanium
Property

Value

Atomic number
Atomic weight (g/mol)

22
47.90

Crystal structure
Alpha, hexagonal, closely packed
c (Å)
a (Å)

4.6832  0.0004
2.9504  0.0004

Beta, cubic, body centered
a (Å)
3

3.28  0.003

Density (g cm )
Coefficient of thermal expansion, a, at 20 8C (K1)
Thermal conductivity (W/(m K))
Melting temperature (8C)
Boiling temperature (estimated) (8C)
Transformation temperature (8C)

4.54
8.4  106
19.2
1668
3260
882.5

Electrical resistivity
High purity (mV cm)
Commercial purity (mV cm)

42
55

Modulus of elasticity, a, (GPa)
Yield strength, a, (MPa)
Ultimate strength, a, (MPa)

105
692
785

(hcp) a up to a temperature of 882.5 8C. Titanium transforms into a body centered cubic structure
(bcc) b above this temperature [2].
Titanium alloys may be classified as a, near-a, a + b, metastable b, or stable b depending upon
the room temperature microstructure [3]. In this regard, alloying elements for titanium fall into three
categories: (1) a-stabilizers, such as Al, O, N, C; (2) b-stabilizers, such as Mo, V, Nb, Ta
(isomorphous), Fe, W, Cr, Si, Co, Mn, H (eutectoid); (3) neutrals, such as Zr. The a and near-a
titanium alloys exhibit superior corrosion resistance but have limited low temperature strength. In
contrast, the a + b alloys exhibit higher strength due to the presence of both the a and b phases. The
properties of the materials depend on the composition, relative proportions of the a and b phases,
thermal treatment, and thermo–mechanical processing conditions. The b alloys also offer the unique
characteristic of low elastic modulus and superior corrosion resistance [4,5].
Titanium–nickel alloy is a stoichiometric compound of Ti and Ni. The equiatomic intermetallic
compound TiNi exhibits the shape memory phenomenon that allows for the spontaneous recovery of
shape after being subjected to macroscopic deformation higher than their elastic limit. Shape recovery
may occur after heating or after release of loads. NiTi shape memory alloy with 55 wt% of Ni and
45 wt% of Ti is often called NITINOL (Ni for nickel, Ti for titanium, and NOL for Naval Ordinance
Laboratory, the place where Buehler and co-workers discovered this alloy). Research activities on the
application of TiNi shape memory alloys to medicine began in the late 1960’s to take advantage of
their unique shape memory properties. For example, tailored compressive fixation of bone fragments,
anchoring of implants and dentures to the living tissues, and poisoning of tissues can be more easily
achieved with TiNi alloys. In addition, flexible TiNi stents are increasingly used in surgical treatments
involving constricted arteries, recurrent urethral obstructions, biliary obstructions, and malignant
esophageal stenosis.
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1.2. Biomedical applications
Earlier applications of titanium in medical, surgical, and dental devices were based on post-World
War II advances in manufacturing processes as a result of the more stringent requirements demanded
by the aerospace and military industry. Increased use of titanium and its alloys as biomaterials stems
from their lower modulus, superior biocompatibility and better corrosion resistance when compared to
more conventional stainless and cobalt-based alloys. These attractive properties were the driving force
for the early introduction of a (cpTi) and a + b (Ti–6Al–4V) alloys as well as the more recent
development of modern Ti-based alloys and orthopedic metastable b titanium alloys. The applications
of titanium and its alloys can be classified according to their biomedical functionalities.
1.2.1. Hard tissue replacements
A schematic diagram of hard tissues in a human body is shown in Fig. 1. Hard tissues are often
damaged due to accidents, aging, and other causes. It is a common practice to surgically substitute the
damaged hard tissues with artificial replacements. Depending on the regions in which the implants are
inserted and the functions to be provided, the requirements of different endoprosthetic materials are
different.
Because of the aforementioned desirable properties, titanium and titanium alloys are widely used
as hard tissue replacements in artificial bones, joints, and dental implants. As a hard tissue
replacement, the low elastic modulus of titanium and its alloys is generally viewed as a biomechanical
advantage because the smaller elastic modulus can result in smaller stress shielding.
One of the most common applications of titanium and its alloys is artificial hip joints that consist
of an articulating bearing (femoral head and cup) and stem as depicted in Fig. 2. The articulating
bearings must be positioned in such a way that they can reproduce the natural movement inside the hip
joints whereas secure positioning of the femoral head in relation to the other components of the joint is
achieved using the stem. The hip stem is anchored permanently to the intramedullary canal of the
femur. The cup, which is the articulating partner of the femoral head, is used for fixation by reaming
out the natural acetabulum to fit the design. Titanium and titanium alloys are also often used in knee
joint replacements, which consist of a femoral component, tibial component, and patella.

Fig. 1. Schematic diagram of hard tissues in human body.
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Fig. 2. Schematic diagram of artificial hip joint.

Titanium and titanium alloys are common in dental implants, which can be classified as
subperiosteal, transosteal, and endosseous according to their position and shape. Subperiosteal
implants consist of a custom-cast framework resting on the bone surface beneath the mucoperiosteum.
The prosthesis is secured on posts or abutments that penetrate the mucosa into the oral cavity.
Transosteal implants can only be placed in the frontal lower jaw while endosseous implants can be
placed in both the upper and lower jaws via a mucoperiosteal incision. They are the most commonly
used implant types and can be used in almost any situations as single implants to replace one missing
tooth as well as in cases of partial and total edentulism. The most commonly used endosseous implants
are root-forming analogs. Fig. 3 displays some of the popular designs, such as screw-shaped devices
and cylinders. Most of the dental implants are placed according to the ‘‘osseointegration’’ concept that
allows dental implants to fuse with bones. Surface modification technologies, such as grist blast,
chemical etching, and plasma spraying are often utilized to improve the osseointegration ability of
titanium dental implants.
For endosseous implant fixation in bones, such as in the case of artificial hip and knee joints, two
methods are currently employed. One is bone cement fixation and the other is cementless implantation. Consequently, prostheses can be classified into cemented and cementless ones in accordance with
the fixation methods in bone tissues. The requirements that are related to the properties and design of
the prostheses depend closely on the type of anchoring in the human body. For cemented prostheses,
the components are fixed to the bony implant bed employing bone cement based on poly(methyl
methacrylate) (PMMA). The cement is usually prepared at the time of the surgery and applied with the
aid of a syringe to the bony implant bed after blood and medullary fat have been removed. Penetrating
into the cancellous bone structure, the cement hardens within a few minutes resulting from an
exothermal reaction. This leads to a continuous cement mantle that is well anchored in the bone and
lies closely against the implant [6]. With regard to bone cement fixation, apart from the risk of necrotic
damage of the living bone by the heat liberated during polymerization of the cement, the lifetime of a
cemented endoprosthesis depends on the durability of the cement as well as its tensile bond strength on
the implant surface. Failure begins with loosening at the interface accompanied by micro-movements
between the metal and the cement, consequently initiating the formation of metal particles and release
of metal ions. Due to its poor mechanical properties, cement is branded as the weak point in fixation as
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Fig. 3. Schematic diagram of the screw-shaped artificial tooth.

exemplified by the growing number of cases involving loosening of cemented prostheses since the late
1970s, regardless of prosthesis design [7].
Anchoring of the prosthesis directly to the living bone is one of the solutions and the driving force
for further developments. In comparison with cementing, direct cementless anchoring of the prosthesis
to the bone through osseointergration is a more recent technique. Cementless prostheses with the
optimal surface structure and composition to enable osseointergration can produce lasting mechanical
interlocking between the implant and bone [8]. Rough surfaces, porous coatings and surfaces with
osteoconductivity and osteoinductivity in body fluids have been shown to be good surfaces for
osseointergration. Depending on the desired anchorage in the bone, partial osseointegration of the
prosthetic components may be considered expedient. In such cases, the design is divided into functional
zones that are optimized according to their individual functions. For a proximal anchored hip prosthesis
stem, the solution may require the provision of a proximal surface that can osseointegrate with the bone.
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In some cases, surface modification is available to provide the specific surface. A bioactive hydroxyapatite (HA) coating can also be utilized to facilitate rapid osseointegration. The distal stem area can
be polished to avoid compromising the proximally preferred transfer of load through osseointegration,
as polishing will prevent osseointegration and thus distal transfer of the load.
Cemented anchoring and cementless anchoring have different advantages, and they are now
considered equally valid anchoring methods with approximately equal success rates. Cementless
implantation of endoprosthese experienced a large increase particularly in the late 1980s. Nowadays,
young patients who require replacement surgery are usually treated with cementless implants whereas
elderly patients are often treated using cemented systems.
Wear always occurs in the articulation of artificial joints as a result of the mixed lubrication
regime [9]. The movement of an artificial hip joint produces billions of microscopic particles that are
rubbed off during motions. These particles are trapped inside the tissues of the joint capsule and may
lead to unwanted foreign body reactions [10,11]. Histocytes and giant cells phagocytose and ‘‘digest’’
the released particles and form granulomas or granuloma-like tissues. At the boundary layer between
the implant and bone, these interfere with the transformation process of the bone leading to osteolysis.
Hence, the materials used to make the femoral head and cup play a significant role in the device
performance. Since the advent of endoprosthetics, attempts have been made to reduce wear by using a
variety of different combinations of materials and surface treatments. The search for materials with
high wear resistance and surface modification technologies to improve the wear resistance of existing
clinical materials continues to attract a lot of scientific interest, especially for load-bearing implants. In
short, the ideal materials or materials combination for hard tissue replacement prostheses should
possess the following properties: a ‘biocompatible’ chemical composition to avoid adverse tissue
reactions, an excellent resistance to degradation (corrosion) in the human body, acceptable strength to
sustain the cyclic loading endured by the joint, a low modulus to minimize bone resorption, and a high
wear resistance to minimize debris generation [12]. Besides the above properties, bioactivity, which
determines the osseointegratability of the implant, is very important to direct cementless anchoring of
artificial bones, joints, and dental implants to bones.
In order to avoid adverse tissue reactions arising from hard tissue replacements, a bioinert material,
which is stable in the human body and does not react with body fluids and tissues, is preferred. Bioinert
materials are generally encapsulated after implantation into the living body by fibrous tissues that isolate
them from the surrounding bone. Some bioactive materials, such as hydroxyapatite and bioactive
glasses are increasingly used as hard tissue replacements to improve the bonding between implants and
bone tissues because the materials can bond to living bones without the formation of fibrous tissues by
creating a bone-like apatite layer on their surface after implantation. Apatite formation is currently
believed to be the main requirement for the bone-bonding ability of materials. In this respect, titanium
with its native surface oxide is known to be bioinert, but it is difficult to achieve good chemical bonding
with bones and form new bones on its surface at the early stage after implantation. Hence, titanium and
titanium alloys do not meet all the requirements of the ‘ideal’ materials. In addition, longer human life
expectancy and younger patients requiring implants have driven biomedical research from original
implant concerns, such as materials strength, infection and short-term rejection to consideration of more
long-term materials limitations, for instance, wear, fatigue strength, and long-term biocompatibility.
The current trend is to use surface modification technologies to address a number of these everincreasing clinical demands and the various issues will be discussed later in this paper.
1.2.2. Cardiac and cardiovascular applications
Titanium and titanium alloys are common in cardiovascular implants because of their unique
properties. Early application examples were prosthetic heart valves, protective cases in pacemakers,
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artificial hearts, and circulatory devices. Recently, the use of shape memory nickel–titanium (NITINOL)
alloy in intravascular devices, such as stents and occlusion coils has received considerable attention. The
advantages of titanium in cardiovascular applications are that it is strong, inert, and non-magnetic. It also
produces few artifacts under magnetic resonance imaging (MRI), which is a very powerful diagnostic
tool. A disadvantage is that it is not sufficiently radio-opaque in finer structures. In artificial heart and
circulatory assist devices, the materials are used both in the mechanical components of the pump and as
a blood-contacting surface. Artificial hearts made entirely of titanium have in general not been very
successful clinically mainly due to problems with blood-clotting occurring on the device surface [13].
Many types of prosthetic heart valves have been used clinically. The common designs are shown
in Fig. 4. The ring and struts are made of titanium or titanium alloys while the disk is made of pyrolytic
carbon. Around the ring is a sewing ring made of knitted Teflon cloth where the sutures anchoring the
prosthesis to the heart are placed. The metals in the prosthetic heart valves are often coated with a thin
carbon film to enhance blood compatibility. At present, stents (Fig. 5) are commonly used in the
treatment of cardiovascular disease. They dilate and keep narrowed blood vessels open. Stents are
usually mounted on balloon catheters or folded inside special delivery catheters. Nickel–titanium alloy
is one of the most common materials used in vascular stents due to its special shape memory effects.
Because of inevitable damage to the vessel wall in connection with placement of the stent and possible
rejection by the body, there is always a risk of thrombotic occlusion of the stented vessel segment.
Therefore, it is necessary to improve the antithrombogenic properties of stents.
1.2.3. Other applications
Besides artificial bones, joints, and dental implants, titanium and titanium alloys are often used in
osteosynthesis, such as bone fracture-fixation. A bone fracture disables the function of the injured limb.
Early and full restoration can be achieved by osteosynthesis, a method of treating the bone fracture by

Fig. 4. Artificial heart value.
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Fig. 5. Artificial vascular stents.

surgical means. Titanium and titanium alloys are attractive materials in osteosynthesis implants inview of
its special properties that fulfil the requirements of osteosynthesis applications. Typical implants for
osteosynthesis include bone screws, bone plates (Fig. 6), maxillofacial implants, etc. Bone screws are
used as single screws for direct bone fixation and then mostly applied as ‘‘lag screws’’ exerting
compression on the fracture gap or they are used for the fixation of plates or other devices to the bones.
Bone plates are applied to almost all skeletal areas mostly as bridging devices and even as internal fixators.
Titanium and its alloys with rough surfaces (blasted, plasma sprayed, etched, etc.) or bioactive surfaces
which can enhance the deposition of bone-like apatite improve osteointegration because they bond tightly
to the bone thereby reducing relative motions that can otherwise lengthen the bone healing process.
1.3. Surface structure and properties
There has been a considerable amount of scientific and technical knowledge published on the
structure, composition and properties of titanium and titanium alloys, and many of the favorable

Fig. 6. Bone screw and bone plate [14].
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Table 2
Typical XPS oxide film composition and oxide layer thickness of mechanically polished cpTi surface
Element

Mechanically
polished (at%)

Plus organic
solvent (at%)

Plus HNO3
passivation (at%)

Plus O2
plasma (at%)

Ti
O
C
N
Si
Ca
Pb
Zn
Cu
O/Ti atomic ration
Oxide layer thickness (nm)

14.8  1.6
46.8  1.9
30.9  2.1
0.6  0.2
1.0  0.4
0.9  0.3
0.3  0.2
0.7  0.6
0.4  0.1
2.54  0.14
4.3  0.2

21.5  1.1
51.5  2.0
25.1  2.2
0.3  0.1
Not detected
0.2  0.1
0.3  0.2
0.6  0.3
0.5  0.1
2.39  0.12
4.3  0.2

26.1  0.9
54.4  2.0
19.0  2.9
0.5  0.1
Not detected
Not detected
Not detected
Not detected
Not detected
2.08  0.03
4.3  0.2

27.8  0.8
58.8  1.5
12.8  1.8
0.6  0.2
Not detected
Not detected
Not detected
Not detected
Not detected
2.12  0.04
5.1  0.1

properties arise from the presence of the surface oxide. It is well known that a native oxide film
grows spontaneously on the surface upon exposure to air. The excellent chemical inertness, corrosion
resistance, repassivation ability, and even biocompatibility of titanium and most other titanium
alloys are thought to result from the chemical stability and structure of the titanium oxide film that is
typically only a few nanometers thick. The composition and oxide thickness of mechanically
polished cpTi surfaces characterized by X-ray photoelectron spectroscopy (XPS) are summarized
in Table 2 [15].
The characteristics of films grown at room temperature on pure titanium are schematically shown
in Fig. 7 and summarized as follows:

Fig. 7. Schematic view of the oxide film on pure titanium [15].
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1. The amorphous or nanocrystalline oxide film is typically 3–7 nm thick and mainly composed of the
stable oxide TiO2.
2. The TiO2/Ti interface has an O to Ti concentration ratio that varies gradually from 2 to 1 from the
TiO2 film to a much lower ratio in the bulk.
3. Hydroxide and chemisorbed water bond with Ti cations leads to weakly bound physisorbed water
on the surface. In addition, some organic species like hydrocarbons adsorb and metal–organic
species, such as alkoxides or carboxylates of titanium also exist on the outmost surface layer whose
concentrations depend on not only the surface conditions, such as cleanliness but also the exposure
time to air as well as the quality of the atmosphere during storage.
1.3.1. Surface charges on hydrated titanium oxide surface
Hydroxide ions (OH) attached to metal cations possess acid/base properties depending on the
type of the metal cations and the coordinate bonds with the cations. Hydroxides or hydro-complexes of
multivalent (e.g. TiIV) cations are generally ‘‘amphoteric’’, that is, exhibiting both acid and base (or
alkaline) properties. The underlying hydrolysis equations of titanium in an aqueous solution can be
shown as follows:
TiOH þ H2 O , ½TiO þ H3 Oþ

(1)

TiOH þ H2 O , ½TiOH2 þ þ OH

(2)

Reaction (1) leads to the formation of negative charges on the surface and reaction (2) yields positive
charges [15]. A number of papers have been published suggesting that the titanium oxide surface has
two hydroxide groups: acidic and basic types [16–19]. The two types of hydroxides have been linked
to different bonds between the Ti surface cations and basic hydroxide coordinated to one Ti cation
(bridge coordination) leading to increased polarization and electron transfer from the oxygen atom to
the Ti cation. A schematic illustration of a structurally ordered TiO2 surface with the two types of
hydroxides is depicted in Fig. 8. As a quantitative measure, the isoelectric point (IEP) is often used to
investigate the surface charges. The IEP values of titanium oxide vary from 5 to 6.7 [20–22]. In water
with a neutral pH, a small negative charge forms on the surface of titanium due to a fraction of the
acidic hydroxides being deprotonated, while almost all of the basic and a large part of the acidic groups
are still present in neutral form. In a basic aqueous solution, the negative charges on the titanium
surface increases with increasing pH.
1.3.2. Corrosion properties
Materials implanted in vivo initially come in contact with extracellular body fluids, such as blood
and interstitial fluids. The chloride ion concentration in blood plasma of 113 mEq l1 and in interstitial

Fig. 8. Schematic view of a structurally ordered TiO2 surface with two types of hydroxides [15].
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fluid of 117 mEq l1 [23] is sufficiently high to corrode metallic materials. Body fluids also contain
amino acids and proteins that tend to accelerate corrosion [24,25]. They act as a buffer and,
consequently, the pH changes very little. The pH of normal blood and interstitial fluid is 7.35–
7.45 [26]. However, the pH decreases to about 5.2 in the hard tissue after implantation and recovers to
7.4 within 2 weeks [27]. Thus, corrosion due to an abrupt change in the body fluid pH appears
negligible. The pH of the body fluid in the vicinity of the materials surface may, however, change
based on the isoelectric points of the biomolecules, such as proteins. Whatever the cause, toxicity and
allergy occur in vivo if metallic materials are corroded by the body fluids, leading to release of metal
ions into the body fluid for a prolonged period of time and ions combining with biomolecules, such as
proteins and enzymes. Thus, the corrosion resistance of metallic biomaterials is important. Unlike
many other types of materials, titanium and its alloys corrode either very quickly or extremely slowly
depending on the environmental conditions. When in contact with body fluids having close to neutral
pH, the materials exhibit corrosion rates that are extremely low and difficult to measure experimentally.
As aforementioned, titanium and titanium-based alloys are widely used in biomedical and dental
applications. This is due, partly, to the stability and corrosion resistance that results from the native
titanium dioxide film that protects the metal from further oxidation [28]. It is commonly accepted that
titanium exhibits high stability and corrosion resistance in vitro [29,30], although there have been
reports showing the accumulation of titanium in tissues adjacent to the implant [31,32] that signifies
metal release and some degree of corrosion in vivo. Aziz-Kerrzo et al. [33] investigated the corrosion
resistance of Ti, Ti–6Al–4V, and Ti–45Ni in a buffered saline solution using electrochemical methods.
Ti–6Al–4V and Ti exhibited high resistance to the onset of localized corrosion, but pits were found to
initiate at potentials as low as +250 mV (SCE) on Ti–45Ni. Pitting potentials exceeding 800 mV were
measured on Ti–45Ni following a surface modification process in a H2O2 solution. However,
repassivation potentials as low as 1–50 mV (SCE) were measured using the modified and unmodified
Ti–45Ni electrodes, suggesting that when pitting initiated, the pits were capable of propagating at
potentials significantly below the pitting potential.
1.3.3. Mechanical properties
The mechanical properties of titanium and its alloys are summarized in Table 3 [34]. Titanium is
very promising in orthopedics due to its high specific strength and low elastic modulus. However,
titanium has low wear and abrasion resistance because of its low hardness, as summarized in Table 4
[35]. The relatively poor tribological properties have spurred the development of surface treatments to
enhance the hardness and abrasive wear resistance [36–40]. Various procedures including PVD
coatings (TiN, TiC), ion implantation (N+), thermal treatments (nitriding, diffusion, and hardening),
and laser alloying with TiC have been suggested. Ion implantation is one of the common methods
[40,41] that has been shown to result in either little or substantial improvement in the sliding wear
resistance of Ti–6Al–4V, though there have been consistent reports about improvement in the wear
resistance to abrasion [39]. While surface treatments have been shown to produce a harder layer
composed of various oxides to improve lubrication, no long-term data are yet available. In addition,
modification of only a thin layer (<10 mm in best cases) may lead to catastrophic wear as the treated
surface wears away or become discontinuous during prolonged use in humans.
1.3.4. Biological properties
Biocompatibility is the ability of the materials to perform in the presence of an appropriate host
for a specific application [42]. Titanium and titanium alloys are generally regarded to have good
biocompatibility. They are relatively inert and have good corrosion resistance because of the thin
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Table 3
Mechanical properties of some titanium and its alloys
Alloy designation

Microstructure

Elastic modulus
E (GPa)

Yield strength,
YS (MPa)

Ultimate strength
UTS (MPa)

cpTi
Ti–6Al–4V
Ti–6Al–7Nb (protasul-100)
Ti–5Al–2.5Fe
Ti–12Mo–6Zr–2Fe (TMZF)

a
a/b
a/b
a/b
Metastable b

105
110
105
110
74–85

692
850–900
921
914
1000–1060

785
960–970
1024
1033
1060–1100

Ti–15Mo–5Zr–3Al

Metastable b
Aged b + a

82
100

771
1215

812
1310

Ti–0/20Zr–0/20Sn–4/8Nb–2/4Ta+
(Pd, N, O)
Ti–Zr
Ti–13Nb–13Zr
Ti–15Mo–3Nb–0.3O (21SRx)
Ti–35Nb–5Ta–7Zr (TNZT)
Ti–35Nb–5Ta–7Zr–0.4O (TNZTO)
Bone

a/b

N/A

726–990

750–1200

Cast a0 /b
a0 /b
Metastable b + silicides
Metastable b
Metastable b
Viscoelastic composite

N/A
79
82
55
66
10–40

N/A
900
1020
530
976
–

900
1030
1020
590
1010
90–140

surface oxide. They typically do not suffer from significant corrosion in a biological environment.
Titanium readily adsorbs proteins from biological fluids. For instance, some specific proteins
including albumin [43,44], laminin V [45], glycosaminoglycans [46], collagenase [47], fibronectin
[48], complement proteins [49], and fibrinogen [50] have been found to adsorb onto titanium surface.
Titanium surfaces can also support cell growth and differentiation. Much work has been devoted to the
investigation of cell interactions with titanium surfaces. After the materials are implanted into a human
body, neutrophils and macrophages are first noted on the implants, followed by the formation of
foreign body giant cells from activated macrophages. It is generally accepted that osteoprogenitor cells
migrate to the implant site and differentiate into osteoblasts that make bone. After the materials have
been implanted into the body, the first stage in the reaction (after interaction with water and ions) is
non-specific protein adsorption. Afterwards, neutrophils and macrophages interrogate the implant.
The macrophage interaction and cytokines released by the macrophages are believed to attract
fibroblasts and drive the foreign body encapsulation process [51,52].
Table 4
Typical hardness of titanium and its alloys
Grad designation and Type

Metallurgical condition

Typical hardness (Rockwell)

Ti cp-1 (a)
Ti cp-2 (a)
Ti cp-3 (a)
Ti cp-4 (a)
Ti–3Al–2.5V (a/b)
Ti–6Al–4V (a/b)
Ti–6Al–7Nb (a/b)
Ti–15Mo (b)
Ti–15Mo–2.8Nb–0.2Si (b)
Ti–12Mo–6Zr–2Fe (b)
Ti–35Nb–7Zr–5Ta (b)

1300 8F
1300 8F
1300 8F
1300 8F
1300 8F
1300 8F
1300 8F
1475 8F
1475 8F
1400 8F
1300 8F

70 HRB
80 HRB
90 HRB
100 HRB
24 HRC
36 HRC
32 HRC
24 HRC
24 HRC
33 HRC
35 HRC

(anneal
(anneal
(anneal
(anneal
(anneal
(anneal
(anneal
(anneal
(anneal
(anneal
(anneal

HRB, hardness Rockwell B scale; HRC, hardness Rockwell C scale.

700 8C)
700 8C)
700 8C)
700 8C)
700 8C)
700 8C)
700 8C)
800 8C)
800 8C)
760 8C)
700 8C)
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In bones, titanium heals in close apposition to the mineralized tissues under the proper conditions.
However, titanium and bones are generally separated by a thin non-mineral layer [53] and true
adhesion of titanium to bones has not been observed. Instead, the bond associated with osteointegration is attributed to mechanical interlocking of the titanium surface asperities and pores in the bones.

Table 5
Overview of surface modification methods for titanium and its alloys implants
Surface modification methods

Modified layer

Objective

Rough or smooth surface formed
by subtraction process

Produce specific surface topographies;
clean and roughen surface; improve
adhesion in bonding

<10 nm of surface oxide layer
1 mm of sodium titanate gel
5 nm of dense inner oxide and
porous outer layer

Remove oxide scales and contamination
Improve biocompatibility, bioactivity
or bone conductivity
Improving biocompatibility, bioactivity
or bone conductivity

Sol–gel

10 mm of thin film, such as calcium
phosphate, TiO2 and silica

Improve biocompatibility, bioactivity
or bone conductivity

Anodic oxidation

10 nm to 40 mm of TiO2 layer, adsorption
and incorporation of electrolyte anions

Produce specific surface topographies;
improved corrosion resistance; improve
biocompatibility, bioactivity or
bone conductivity

CVD

1 mm of TiN, TiC, TiCN, diamond and
diamond-like carbon thin film

Improve wear resistance, corrosion
resistance and blood compatibility

Biochemical methods

Modification through silanized titania,
photochemistry, self-assembled monolayers,
protein-resistance, etc.

Induce specific cell and tissue response
by means of surface-immobilized
peptides, proteins, or growth factors

30 to 200 mm of coatings, such as
titanium, HA, calcium silicate,
Al2O3, ZrO2, TiO2

Improve wear resistance, corrosion
resistance and biological properties

1 mm of TiN, TiC, TiCN, diamond and
diamond-like carbon thin film

Improve wear resistance, corrosion
resistance and blood compatibility

Mechanical methods
Machining
Grinding
Polishing
Blasting
Chemical methods
Chemical treatment
Acidic treatment
Alkaline treatment
Hydrogen peroxide
treatment

Physical methods
Thermal spray
Flame spray
Plasma spray
HVOF
DGUN
PVD
Evaporation
Ion plating
Sputtering

Ion implantation and deposition
Beam-line ion
10 nm of surface modified layer and/or
implantation
mm of thin film
PIII

Modify surface composition; improve
wear, corrosion resistance, and
biocompatibility

Glow discharge plasma
treatment

Clean, sterilize, oxide, nitride surface;
remove native oxide layer

1 nm to
layer

100 nm of surface modified
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In order to make titanium biologically bond to bones, surface modification methods have been
proposed to improve the bone conductivity or bioactivity of titanium.
1.4. Reasons for surface modification
The bulk properties of biomaterials, such as non-toxicity, corrosion resistance or controlled
degradability, modulus of elasticity, and fatigue strength have long been recognized to be highly
relevant in terms of the selection of the right biomaterials for a specific biomedical application. The
events after implantation include interactions between the biological environment and artificial
material surfaces, onset of biological reactions, as well as the particular response paths chosen by
the body. The material surface plays an extremely important role in the response of the biological
environment to the artificial medical devices. In implants made of titanium, the normal manufacturing
steps usually lead to an oxidized, contaminated surface layer that is often stressed and plastically
deformed, non-uniform and rather poorly defined. Such ‘‘native’’ surfaces are clearly not appropriate
for biomedical applications and some surface treatment must be performed. Another important reason
for conducting surface modification to titanium medical devices is that specific surface properties that
are different from those in the bulk are often required. For example, in order to accomplish biological
integration, it is necessary to have good bone formability. In blood-contacting devices, such as
artificial heart valves, blood compatibility is crucial. In other applications, good wear and corrosion
resistance is also required. The proper surface modification techniques not only retain the excellent
bulk attributes of titanium and its alloys, such as relatively low modulus, good fatigue strength,
formability and machinability, but also improve specific surface properties required by different
clinical applications. According to the different clinical needs, various surface modification schemes
have been proposed and are shown in Table 5.
In the following sections, the improvement of bioactivity, biocompatibility, blood compatibility,
wear and corrosion resistance of titanium and titanium alloys using various surface modification
technologies are discussed. These methods are classified into mechanical, chemical and physical
methods according to the formation mechanism of the modified layer on the material surface.

2. Mechanical methods
Common mechanical surface modification methods, such as machining [54–57], grinding,
polishing [58], and blasting [59–64], involve physical treatment, shaping, or removal of the materials
surface. The typical objective of mechanical modification is to obtain specific surface topographies
and roughness, remove surface contamination, and/or improve adhesion in subsequent bonding steps.
For a more detailed discussion on mechanical methods used in the surface modification of titanium and
its alloys, the readers are referred to Ref. [65].

3. Chemical methods
Chemical methods described here include chemical treatment, electrochemical treatment (anodic
oxidation), sol–gel, chemical vapor deposition (CVD), and biochemical modification. During the
chemical treatment, electrochemical treatment, and biochemical modification, chemical, electrochemical or biochemical reactions occur, respectively, at the interface between titanium and a solution.
Chemical vapor deposition is a process involving chemical reactions between chemicals in the gas
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phase and the sample surface resulting in the deposition of a non-volatile compound on the substrate.
On the other hand, in the sol–gel process, chemical reactions do not occur at the interface between the
sample surface and solution or gel, but rather in the solution.
3.1. Chemical treatment
Chemical treatment of titanium and its alloys are mainly based on chemical reactions occurring at
the interface between titanium and a solution. The common ones are acid, alkali, H2O2, heat, and
passivation treatments.
3.1.1. Acid treatment
Acid treatment is often used to remove oxide and contamination to obtain clean and uniform
surface finishes. A combination of acids is frequently used to pre-treat titanium [66,67]. A solution
composed of 10–30 vol% of HNO3 and 1–3 vol% of HF in distilled water has been recommended to be a
standard solution for acid pre-treatment. Hydrofluoric acid that readily attacks TiO2 reacts with Ti to
form soluble titanium fluorides and hydrogen. Incorporation of hydrogen in titanium can cause
embrittlement of the surface layer, but a ratio of nitric acid to hydrofluoric acid of 10 to 1 can minimize
the formation of free hydrogen [68]. Takeuchi et al. investigated the decontamination efficiency of three
acids, Na2S2O8, H2SO4, and HCl, to the Ti surface and found that HCl was an excellent decontamination
agent because it could easily dissolve titanium salts and not weaken Ti surfaces [69]. Acid etching
generally leads to a thin surface oxide layer (<10 nm). These oxide layers have been shown to grow
slowly in air, from 3 to 6 nm during a 400-day period [70]. The oxide is predominantly TiO2, but
residues from the etching solution are frequently observed, particularly chemicals containing fluorine. It
is also known that some treatments can lead to hydrogen incorporation in the surface region below the
oxide [71]. These residues can remain even after post-thermal treatment of the etched surfaces. In
addition, the acid treatment was often used to combine other treatment methods to improve the
properties of titanium and its alloys. Wen et al. reported that the bioactivity of Ti alloy could be improved
by two-step chemical treatments employing (HCl + H2SO4) and alkaline solution [72,73].
3.1.2. Hydrogen peroxide treatment
Titania gel coating can improve the bioactivity of titanium implants because titania gels can
induce the formation of apatite when soaked in a simulated body fluid (SBF) [74–77]. Titanium
surfaces have been shown to react with H2O2 producing Ti-peroxy gels [78–80]. From a surface
engineering point of view, the H2O2-titanium interaction offers a method for chemical dissolution and
oxidation of titanium surface [81,82] as well as pretreatment for apatite precipitation [83–85]. An
amorphous titania gel layer can be formed by treating Ti in a H2O2/0.1 M HCl solution. The reaction
between titanium and the H2O2 solution results in the formation of a layer of amorphous titania gel on
the Ti surface. A shorter chemical treatment time yields a thinner gel layer with higher porosity
typically submicrometer in size. The thickness of the titania gel layer depends almost linearly on the
duration of the chemical treatment [86]. Pan et al. [83,84] suggested that the oxide had a two-layer
structure consisting of a thin (<5 nm) and dense inner oxide and an outer porous layer. Subsequent
heat treatment above 300 8C gradually transformed the gel from the amorphous to crystalline state.
The as-treated amorphous gel layer transformed mainly to anatase if the treatment temperature was
below 600 8C while the rutile phase was dominant above 700 8C. Thermal treatments at temperatures
lower than 600 8C hardly changed the morphology of the pores of the gel layer. Large spherical
particles of titania have been reported to appear after heat treatment at 700 8C, apparently due to the
coalescence of small particles. Further increasing the temperature to 800 8C results in a fully densified
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Fig. 9. XRD patterns of the specimens treated with the H2O2/HCl solution at 80 8C for 30 min and subsequently heat-treated
at various temperatures for 1 h, indicating the transformation of crystal structure of the gels [86].

titania layer as shown in Fig. 9. The titania gel processed between 400 and 500 8C possesses the
anatase structure and exhibits excellent bioactivity (Fig. 10). A higher temperature raises the rutile
content in the gel and degrades the bioactivity.
Chemical treatments of titanium in a H2O2/TaCl5 solution also provide an amorphous titania gel
layer on the Ti surface. The amorphous titania is subsequently transformed into anatase by heating
between 300 and 600 8C and becomes active for apatite deposition in simulated body fluids. Nucleation
of apatite has been found to preferentially take place inside cracks in thicker titania gel layers. These
thicker titania gel layers enable the deposition of a larger amount of apatite compared to the thinner layers

Fig. 10. SEM images of apatite particles deposited on the Ti surfaces after soaked in SBF for 5 days. The Ti surfaces have
been treated with the H2O2/HCl solution at 801 8C for 30 min and subsequently heat-treated at 400 8C for 1 h [86].
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after immersion in SBF for a period of up to 1 day. After immersion for 2 days, the specimen surfaces are
almost entirely covered with apatite, independent of the thickness of titania gel layers [87].
3.1.3. Alkali treatment
Kim et al. [88] first introduced alkali and heat treatment to improve the bioactivity. The method
enables the formation of a biologically active bone-like apatite layer on the surface of bioactive ceramics,
such as Biogalss1 [89], hydroxyapatite [90] and glass–ceramic A/W [91]. The alkali and heat treatment
can be described as follows [88,92]. The materials are first immersed in a 5–10 M NaOH or KOH
solution for 24 h, followed by rinsing with distilled water and ultrasonic cleaning for 5 min. The
specimens are then dried in an oven at 40 8C for 24 h and finally heated to around 600–800 8C for 1 h.
Because of the strong tendency of titanium to oxidize, the heat treatment is performed at a pressure of
104 to 105 Torr. After the treatment, a porous surface forms on the surface of titanium (Fig. 11). The
thin film XRD (TF-XRD) patterns acquired from the treated titanium reveal the formation of sodium
titanate hydrogel on the titanium substrate. A larger amount of crystalline sodium titanate as well as rutile
and anatase precipitate after thermal treatment at 800 8C for 1 h (Fig. 12). After the treated titanium has
been soaked in SBF for 4 weeks, bone-like apatite forms on the surface as shown in Fig. 13, indicating
that the alkali- and heat-treated (AHT) titanium possesses good bioactivity.
The structural change on the titanium surface during alkali and heat treatments and mechanism of
apatite formation on the treated surface in simulated body fluids are described as follows. During the
alkali treatment, the TiO2 layer partially dissolves in the alkaline solution because of the attack by
hydroxyl groups.
þ
TiO2 þ NaOH ! HTiO
3 þ Na

This reaction is assumed to proceed simultaneously with hydration of titanium.

Ti þ 3OH ! TiðOHÞþ
3 þ 4e

1
TiðOHÞþ
3 þ e ! TiO2 H2 O þ 2H2 "

TiðOHÞþ
3 þ OH $ TiðOHÞ4

Fig. 11. Surface views of the alkali and heat treatment titanium [93].
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Fig. 12. TF-XRD patterns of the surface of titanium soaked in 10 M NaOH at 60 8C for 24 h then heated various
temperatures for 1 h [88].

A further hydroxyl attack on the hydrated TiO2 produces negatively charged hydrates on the surfaces
of the substrates as follows:
TiO2 H2 O þ OH $ HTiO
3 nH2 O
These negatively charged species combine with the alkali ions in the aqueous solution to produce an
alkalinic titanate hydrogel layer. During heat treatment, the hydrogel layer is dehydrated and densifies
to form a stable amorphous or crystalline alkali titanate layer.
To fathom the mechanism of apatite formation, the zeta potential of the surface of sodium titanate
was measured by laser electrophoresis at various SBF soaking times [94]. It was found that the surface
of the sodium titanate was highly negatively charged in the SBF, as shown in Fig. 14 [95]. The surface
potential increased with increasing soaking time to a maximum positive value. Thereafter, it decreased
with increasing soaking time, reached a negative value again, and finally converged to a constant
negative value. On the basis of this finding, the complex process of apatite formation described above
can be interpreted in terms of the electrostatic interaction between the functional groups and ions in the

Fig. 13. Surface view of the alkali and heat treatment titanium soaked in SBF for 4 weeks [94].
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Fig. 14. Schematic showing the relationship between the changes in surface structure and the potential of amorphous sodium
titanate in the apatite formation process on its surface in an SBF [95].

fluid. The Ti-OH groups formed on the surface of sodium titanate after soaking in SBF are negatively
charged and hence, combine selectively with the positively charged Ca2+ ions in the fluid to form
calcium titanate, as demonstrated in Fig. 14. As the calcium ions accumulate on the surface, the
surface gradually gains an overall positive charge. As a result, the positively charged surface combines
with negatively charged phosphate ions to form amorphous calcium phosphate. The calcium
phosphate spontaneously transforms into apatite because apatite is the stable phase in the body
environment [96]. A similar electrostatic mechanism for apatite formation may be valid for the other
functional groups described above that are effective in apatite nucleation, because all of these
functional groups have isoelectric zero points at pH values much lower than 7 and thus should be
negatively charged in the living body.
Osteoblastic differentiation in bone marrow cells on the alkali- and heat-treated titanium and
apatite-formed titanium were examined by Nishio et al. [97] revealing that apatite formation played an
important role in osteoblastic differentiation. Bone-like apatite-formed titanium after alkali- and heattreatment were observed to provide the most favorable conditions for bone marrow cell differentiation.
Alkali- and heat-treated titanium bonds to bones directly, but titanium that is only alkali-treated
does not. Both alkali and heat treatments are essential in order to acquire the bone bonding ability [93].
The detaching failure loads of untreated, alkali-treated, and alkali- and heat-treated titanium 8–16
weeks after implantation are summarized in Fig. 15. After 8 weeks, the failure load of the alkali- and
heat-treated titanium group was 2.71  1.47 kgf. This is significantly higher than those of the alkalitreated titanium and control titanium groups being 0.51  0.52 and 0.02  0.03 kgf, respectively.
After 16 weeks, the alkali- and heat-treated titanium group shows a failure load of 4.13  1.25 kgf.
This value is significantly higher than that of the same group at 8 weeks and those of alkali-treated and
control titanium groups at 16 weeks. The failure loads of alkali-treated and control titanium groups do
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Fig. 15. Results of detaching test. Failure loads (mean  S.D.). Control, untreated pure titanium group; alkali, alkali-treated
group; alkali and heat, alkali- and heat-treated group. *P < 0.001; **P < 0.05 [93].

not increase over the 8-week loads, and their values are 0.49  0.38 and 0.33  0.36 kgf, respectively.
Alkali- and heat-treated titanium is thought to bond to bones via surface apatite formation [88].
Fujibayashi et al. [98] investigated the effects of sodium removal on the bone-bonding ability of
bioactive titanium prepared by alkali and heat treatment. Sodium-free bioactive titanium plates were
prepared by immersion in an aqueous solution of 5 M NaOH at 60 8C for 24 h, followed by immersion
in distilled water at 40 8C for 48 h before heating to 600 8C for 1 h. The in vivo bioactive performance
was examined mechanically and histologically after 4, 8, 16, and 24 weeks. Sodium removal was
found to enhance the bone-bonding strength of bioactive titanium at 4 and 8 weeks postoperatively.
However, its bone bonding strength was inferior to that of conventional alkali- and heat-treated
titanium at 16 and 24 weeks. Histological examinations after the detaching test revealed breakage of
the treated layer in the sodium-free alkali- and heat-treated titanium group. Sodium removal
accelerated the in vivo bioactivity of bioactive titanium and led to faster bone bonding because of
the anatase surface structure, but the loss of the surface graded structure due to the complete removal
of sodium decreased the adhesive strength of the treated layer to the titanium substrate.
Since Kim and Kokubo et al. introduced the alkali and heat treatment to improve the bioactivity of
titanium and its alloys, many researchers have further investigated the mechanism and optimized the
treatment process for better bioactivity [99–106]. Lee et al. [92] investigated the bioactivity and
surface changes on surface treated Ti–In–Nb–Ta and commercial Ti–6Al–4V ELI alloys by in vitro
tests using simulated body fluids. Porous networked layers of sodium titanate (Na2Ti5O11 or
Na2Ti6O13) were formed on the surface of titanium alloys after surface modification by alkali and
heat treatments. The pore size of the inner porous reticular structures in the Ti–In–Nb–Ta alloy was
finer than that of the Ti–6Al–4V ELI alloy, whereas the thickness of the sodium titanate layer on the
Ti–In–Nb–Ta alloy was half that of the Ti–6Al–4V ELI alloy. It thus appears that the corrosion
resistance to alkalis is enhanced on the Ti–In–Nb–Ta alloy. Jonášová et al. [101] postulated that
titanium treated in NaOH formed inhomogeneous and non-uniform apatite after exposition in SBF.
Etching of titanium by HCl under inert atmosphere was explored to produce a uniform microroughened surface that provided improved conditions for in situ apatite formation. After alkali
treatment in NaOH, apatite nucleation was found to be homogenous and the thickness of the
precipitated apatite layer increased continuously with time. The treatment of titanium by a two step
HCl and subsequent NaOH process appears to be a suitable method to enhance the surface bonebonding ability.
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A plasma-sprayed titanium surface is thought to be suitable for bone ingrowth. The materials can
endure shear forces that can break the bones. Alkali and heat treatment of such porous titanium
implants leads to significantly higher bonding shear strength in the canine femora push-out model 4
weeks after implantation. This alkali- and heat-treated porous titanium may be useful in clinical
situations, such as cementless total hip arthroplastry (THA) and total knee arthroplastry (TKA) [107].
Lee et al. [108] showed that a nanosized porous layer of sodium titanate (Na2Ti5O11 or Na2Ti6O13) was
formed on the surface of the plasma sprayed titanium implants after alkali and heat treatments. The
average pore size on the surface of the alkali- and heat-treated implant was about 150 nm. The AHT
implant had good bone bonding strength after 4 weeks of healing because of the mechanical
interlocking in the micrometer-sized rough surface and the large bonding area between the bone
and implant caused by the nanosized porous surface structure, which will also be discussed in details in
Section 4.1.1.3.
3.2. Sol–gel coatings
A colloid is a suspension in which the dispersed phase is so small ( 1–1000 nm) that
gravitational forces are negligible and interactions are dominated by short-range forces, such as
van der Waals attraction and surface charges. A sol is a colloid suspension of solid particles in a liquid
and a gel is a substance that contains a continuous solid skeleton enclosing a continuous liquid phase
[109]. The sol–gel process can be divided into five main steps: (1) hydrolysis and polycondensation;
(2) gelation; (3) aging; (4) drying; (5) densification and crystallization [110].
Metal alkoxides, M(OR)n, are the most common metalorganic precursors, where M is a metal or
metalloid atom and R is an alkyl group. Normally, the alkoxide is dissolved in alcohol and hydrolyzed
by the addition of water. Hydrolysis replaces the alkoxide ligands with hydroxyl ligands as shown in
the following reaction:
MðORÞ4 þ H2 O ! HOMðORÞ3 þ ROHðhydrolysisÞ
Two partially hydrolyzed molecules can link together via a condensation reaction:
3 MOH þ HOMðORÞ3 ! ðORÞ3 MOMðORÞ3

þ H2 OðoxolationÞ:

(OR)

Conversely, one hydrolyzed molecules can react directly with one alkoxide molecule:
3 MOR þ HOMðORÞ3 ! ðORÞ3 MOMðORÞ3

þ ROHðalcoxolationÞ

(OR)

In both cases a small molecule (water or alcohol) is liberated. When a sufficiently large number of
interconnecting M–O–M bonds is formed in a region, they respond cooperatively as colloidal particles
or a sol. The colloidal particles gradually link together to become a three-dimensional network. If one
molecule reaches macroscopic dimensions so that it extends throughout the solution, it is said to be a
gel and the process is called gelation. Gelation can also be produced by rapid evaporation of the
solvent. The structure and properties of the gel can be changed by the aging process. During aging,
polycondensation continues with dissolution and reprecipitation of monomers or oligomers. At the
same time, the wet gel is converted into a dry gel, and considerable shrinkage occurs. In order to
control the stress and strains in the gel, the drying process must be carefully designed. Most gels are
amorphous even after drying, but many crystallize when heated. If the objective of the process is to
produce a pore-free ceramic, it is necessary to heat the gel to a high enough temperature to induce
sintering. Sol–gel thin films are usually produced using the spin coating or dip coating techniques. The
spin coating process consists of four stages: deposition, spin up, spin off, and evaporation. For complex
shaped substrates, the commonly used sol–gel technique is dip coating. In this process, the sample is
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dipped in the solution containing the precursors and then withdrawn at a constant speed, usually with
the help of a motor. Gravitational draining and solvent evaporation, accompanied by further
condensation reactions, result in the deposition of a solid film.
The sol–gel process is widely used to deposit thin (<10 mm) ceramic coatings. Compared to
conventional thin film processes, it allows for better control of the chemical composition and
microstructure of the coating, preparation of homogeneous films, reduction of the densification
temperature, and finally simpler equipment and lower cost. It is especially easy to purify the precursors
by distillation or crystallization or, taking the opposite approach, to introduce trace elements. In
addition, these precursors can be mixed at the molecular level in the solution and a high degree of
homogeneity can be attained in the films. The process thus permits lower processing temperature
during sintering. The resulting microstructure depends mostly on the treatment performed on the
precursors as well as the relative rates of condensation and evaporation during film deposition.
The use of the sol–gel process in the biomedical area is recent. The first papers came out about ten
years ago, and the number of publications has noticeably increased during the last five years. Many
coatings, such as titanium oxide (TiO2), calcium phosphate (CaP), and TiO2–CaP composite have been
prepared on titanium and its alloys for biomedical applications. Some silica-based coatings have also
been produced using the sol–gel technique.
3.2.1. TiO2 coating
Titania coatings synthesized by the sol–gel process are widely used in the optical, electrical, and
catalytic fields [111–113]. The standard sol can be prepared by mixing tetraisopropyl orthotitanate,
ethanol, ethyleneglycol monoethylether, hydrochloric acid, and water. The sol is mixed for 1 h before
titanium plates are dip coated. The sol container is kept at 0 8C in order to slow down the condensation
reaction. Valeric acid is then added to part of the sol and these containers are kept at room temperature.
The films are deposited on titanium by dip coating at a withdrawal speed of 0.30 mm s1 and then
heated to 600 8C for 10 min. After the thermal treatment, the specimens are ultrasonicated in acetone
and ethanol for 5 minutes. The dipping, heating and washing steps are repeated five times sequentially
to complete the process. The standard coating procedure is carried out at certain temperature [114].
The bonding strength of titania coatings synthesized on titanium substrate using the sol–gel
technique was investigated by Pätsi et al. In their work, three different pretreatments were used,
namely sodium hydroxide corrosion, plasma cleaning, and titanium nitride coating. The effects of the
temperature, heating in vacuum, and titanium surface roughness were studied. The maximum
attachment strengths (24–26 MPa) were achieved by a 1-h treatment in 10 M sodium hydroxide
solution. All the samples showed the ability to form a calcium phosphate layer in simulated body fluids
[115]. It is believed that the sol–gel titania rich in Ti–OH groups can induce calcium phosphate
formation and may therefore be able to contribute to enhanced bonding to bones. Li et al. [116] also
demonstrated the precipitation of bone-like hydroxyapatite on the surface of sol–gel titania coating.
The thickness of the bone-like hydroxyapatite may reach up to 10 mm after 2 weeks in simulated body
fluid [114]. Cell culturing tests indicated that the sol–gel titania was compatible with bone cells and
was able to facilitate osteogenesis of bone precursor cells [117]. In vivo, the calcium phosphate was
observed within the titania gel film after 12 weeks of implantation in femurs of goals by Li et al. [118].
However, Müller-Mai et al. could not observe any mechanical interlocking between the implant with
the titania gel film and rabbit bone after 12 and 24 weeks [119]. The differences in performance are
still difficult to explain. Liu et al. [120] deposited TiO2 film on NiTi alloy using the sol–gel method to
enhance its biocompatibility. Their results showed that nm-scale TiO2 particles were embedded in the
205 nm thick film. The film existed mainly in the form of anatase, and the film was compact and
smooth. The electrochemical corrosion measurement indicated that the TiO2 thin film was effective as
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a protective layer and improved the corrosion resistance of the NiTi alloy. Additionally, the in vitro
blood compatibility was evaluated by the dynamic clotting time and blood platelets adhesion tests. The
results showed that NiTi alloy coated with TiO2 possessed improved blood compatibility.
3.2.2. Calcium phosphate coatings
The possibility of modifying the surface area, porosity, composition, adsorption capacity, and
dissolution rate using the sol–gel technique is very attractive in the fields of medicine and dentistry.
Calcium phosphate coatings, especially hydroxyapatite coatings, are commonly used in orthopedic
applications. The sol–gel method is a relatively simple way to prepare hydroxyapatite coatings on
titanium alloys because of the easy formation of the oxide coatings at a relatively low temperature.
However, the selection of a phosphorus precursor is a major problem. Monophosphates (PO43) are
good glass formers but are not good gel formers unless the gels are prepared in aqueous solutions of
polyphosphates. Because of the high reactivity of the phosphate esters, OP(OR)3, towards water, the
high reactivity of phosphoric acid, H3PO4, and powerful complexing capacity to form crystalline salts,
neither of these species can be employed in the sol–gel synthesis in most cases.
A special sol–gel process has been proposed by Brendel et al. [121] to produce the hydroxyapatite
coatings. It was subsequently extended to the synthesis of fluoroapatite/hydroxyapatite coatings by
Partenfelder et al. [122]. In this method, a solution of phenyldichorophosphine (C6H5PCl2) in acetone
is hydrolyzed and mixed with a solution of calcium nitrate, Ca(NO3)2. The Ca to P ratio is set to 1.67
that corresponds to the stoichiometry of pure hydroxyapatite. The mixture is then oxidized by
bubbling air into the solution. Polymerization of the phosphorus precursor is induced by combined
hydrolysis-oxidation. In the fluoroapatite/hydroxyapatite mixture, some of the calcium nitrate is
replaced by calcium tri-fluoroacetate Ca(CF3COO)2. The crystalline hydroxyapatite phase builds up
between 350 and 400 8C. If the mixture is coated on a titanium substrate, a b-tricalcium phosphate
(b-TCP) phase is also formed. It originates from the chemical reactions that occur at the hydroxyapatite/titanium dioxide interface. A part of the calcium in the hydroxyapatite reacts with titanium
to form calcium titanate and the hydroxyapatite is no longer stoichiometric. It becomes calcium
deficient and the b-tricalcium phosphate phase emerges.
Weng et al. used a mixture of mono- and di-alkyl phosphates, OP(OR)x(OH)3  x (x = 1,2), in
combination with calcium nitrate, calcium glycoxide and calcium acetate [123–125]. These esters
were obtained by dissolving P2O5 in alcohol (mainly ethanol and butanol). Crystalline hydroxyapatite
was formed at around 500 8C. The crystallinity increased with time and sintering temperature. The
adhesion strength of these coatings was between 10 and 15 MPa. Hydroxyapatite coatings were also
synthesized using the sol–gel method by dissolving triethyl phosphite P(OEt)3 and calcium diethoxide
Ca(OEt)2 in a mixture of ethanol and ethanediol [126–128]. The high moisture sensitivity of Ca(OEt)2
necessitated a preparation time of at least 24 h under dry nitrogen. Kim et al. [129] prepared HA and
FHA coatings using this method and investigated their biological performance. The HA- and FHAcoated Ti exhibited higher ALP expression levels compared to pure Ti as shown in Fig. 16, confirming
improved activity and functionality of cells.
3.2.3. Titania/hydroxyapatite composite coatings
The hydroxyapatite coatings synthesized by the sol–gel method are typically bioactive but have
poor adhesion strength to the substrate. On the other hand, titanium dioxide (TiO2) coatings strongly
adhere to titanium but their bioactivity is limited. Hence, a composite titania/hydroxyapatite coating
can take advantage of the high adhesion strength of TiO2 and bioactivity of calcium phosphate. Milella
et al. [130] prepared TiO2/HA composite coatings as illustrated schematically in Fig. 17. Titania
(TiO2) sol was prepared by mixing titanium isopropoxide, acetyl acetone, nitric acid, n-propane
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Fig. 16. ALP activity of human osteoblasts on each sample after culturing for 10 days [129].

alcohol and distilled water. Hydroxyapatite powders were then added to anhydrous ethanol in the same
ratio to prepare the HA sol. Two sol solutions could be mixed in different ratios. A homogeneous,
rough and porous TiO2/HA composite coating was produced on the titanium substrate and hydroxylic
groups as Ti-OH were detected on the surface of the coatings. The film adhesion strength determined
using the pull-test was 39.8  3.75 MPa.
Kim et al. [131] deposited hydroxyapatite on titanium by means of a titania (TiO2) buffer layer
using the sol–gel method. The HA layer showed a typical apatite phase at 400 8C. The phase intensity
increased above 450 8C. The HA and TiO2 films of thicknesses of approximately 800 and 200 nm,
respectively, adhered tightly to each other and to the Ti substrate. The bonding strength of the HA/TiO2
double layer was markedly improved when compared to that of a single HA coating on Ti. The
maximum strength of the double layer coating of 55 MPa was attained after heat treatment at 500 8C.
The improvement in the bonding strength with the insertion of a TiO2 buffer layer was attributed to the
enhanced chemical affinity of TiO2 towards the HA layer as well as Ti substrate. Human osteoblast
(HOS)-like cells cultured on the HA/TiO2 coating surface proliferated in a similar manner to those on
the single TiO2 coating and Ti. However, the alkaline phosphatase (ALP) activity of the cells on the
HA/TiO2 double layer was expressed to a higher degree than the single TiO2 single coating and Ti, as

Fig. 17. Sol–gel process of TiO2/HA composite coatings [130].
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Fig. 18. Proliferation number and ALP activity of HOS cells cultured on each sample for periods of 5 and 10 days,
respectively. The heat treatment for each coating was performed at 500 8C for 1 h in air [131].

shown in Fig. 18. The corrosion resistance of Ti was also improved by the presence of the TiO2 coating
as confirmed by potentiodynamic polarization tests.
The biocompatibility of titania/hydroxyapatite coatings prepared by the sol–gel process was
investigated by Ramires et al. [132]. They suggested that the composite coatings were not cytotoxic
and allowed the differentiation of cells stimulating the expression of some peculiar osteoblast
biochemical markers: alkaline phosphatase activity, collagen and osteocalcin production. In particular,
the TiO2/HA coatings increased some differentiation markers of the osteoblastic phenotype. The good
performances of these coatings can be explained by the characteristics of the chemical composition
and the deposition technique. The TiO2/HA coatings are bioactive due to the presence of hydroxyl
groups on the surface promoting calcium and phosphate precipitation thereby improving the
interactions with osteoblastic cells.
3.2.4. Silica coating
The role of silica gel in the formation of bone-like apatite on the substrate has been investigated
by many researchers. Hench et al. [133] proposed that the combination of an alkaline interfacial pH
due to the high content of soda in the glasses and repolymerizing SiO2 from surface Si–OH groups is
sufficient to attract CaO and P2O5 from the body fluids to achieve nucleation and growth of the apatite
layer. Karlsson et al. [134] later proposed that silicate chelating was an essential step in the formation
and mineralization of hard tissues. The silica gel formed on the glass surface not only acted as a
chelating agent, but also was flexible enough to supply the correct atomic distance required by the
crystal structure of bone-like apatite. Li et al. [135] prepared the silica gels using sol–gel methods and
investigated their structure and properties. A pure silica gel with micrometer-range interconnected
pores as well as nanometer-range pores was prepared by hydrolysis and polycondensation of
teraethoxysilane (TEOS). The detailed process is as follows. Initially, 0.7 g of poly(ethylene glycol)
having an average molecular weight of 10,000 was dissolved in 8.0 g of distilled water, and 0.81 g of
concentrated nitric acid (62 wt%) was added. Then 7.0 ml of TEOS was added to the solution under
vigorous stirring. After stirring for 5 min, the solution was transferred to a plastic petri dish with its top
tightly sealed, and was kept at 40 8C in an air-circulating oven for gelation. After it was aged for 18 h,
the wet gel was immersed in an equivolume mixture of distilled water and ethanol to remove the
organic polymer. After 6 h, the wet gel was immersed in 1 mol dm3 nitric acid for 2 h and dried at
40 8C for 4 days. The dried gel was finally heated to 400 8C at the rate of 100 8C/h and held for 2 h
before cooling gradually to room temperature.
After immersion in simulated body fluids, the silica gel induces apatite formation on the surface,
but silica glass and quartz do not induce it in the same environment. One of main differences among
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silica gel, silica glass and quartz is the density of the silanol groups (Si–OH) on the surface. It was
originally thought to be responsible for apatite formation. However, further investigation reveals that
the silanol groups present on the silica gel before soaking in the simulated body fluid are not
responsible for apatite nucleation. Cho et al. [136] suggested that the silanol group formed on the
surface of the silica gel treated below 800 8C in simulated body fluids could be responsible for apatite
nucleation. These additional silanol groups might be structurally different from those present on the
silica gel before soaking.
Yoshida et al. [137] investigated the silica coatings produced on titanium by the sol–gel
technique. The formation of both thin SiO2 and SiO2/F-hybrid films by the sol–gel dipping process
gave rise to excellent surface properties including high bonding strength to the metal substrate (above
55 MPa), small amount of leached titanium ions (30.5 ppb cm2 and 9.5 ppb cm2, respectively), and
high hydrophobicity (81.68 and 105.78 of contact angle of water, respectively). With these important
findings, the bond strength of dental resin cements to titanium can be improved, the release of titanium
ions from the substrate can be mitigated, and accumulation of dental plaque on intraoral dental devises
can be reduced.
3.3. Anodic oxidation
Anodic oxidation encompasses electrode reactions in combination with electric field driven metal
and oxygen ion diffusion leading to the formation of an oxide film on the anode surface. Anodic oxidation
is a well-established method to produce different types of protective oxide films on metals. Different
diluted acids (H2SO4, H3PO4, acetic acid and others) can be used as electrolytes in the process. The main
technological advantage of anodizing titanium is improved adhesion and bonding, which is particularly
relevant in the aerospace industry. It can also be used to increase the oxide thickness to increase corrosion
protection and decrease ion release, coloration, and porous coatings. The structural and chemical
properties of the anodic oxides can be varied over quite a wide range by altering the process parameters,
such as anode potential, electrolyte composition, temperature, and current.
The anodizing apparatus is schematically shown in Fig. 19. The main reactions leading to
oxidation at the anode are as follows:
At the Ti/Ti oxide interface:
Ti , Ti2þ þ 2e :

Fig. 19. Schematic diagram of the anodizing apparatus [138].
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At the Ti oxide/electrolyte interface:
2H2 O , 2O2 þ 4Hþ ðoxygen ions react with Ti to form oxideÞ;
2H2 O , O2 ðgasÞ þ 4Hþ þ 4e ðO2 gas evolves or stick at electrode surfaceÞ:
At both interfaces:
Ti2þ þ 2O2 , TiO2 þ 2e :
The titanium and oxygen ions formed in these redox reactions are driven through the oxide by
the externally applied electric field resulting in the formation of the oxide film. Anodic titanium
oxides have high resistivity relative to the electrolyte and the metallic parts of the electrical circuit.
The applied voltage drop mainly occurs across the oxide film of the anode. As long as the electric
field is high enough to drive the ions through the oxide, a current will flow and the oxide
will continue to grow. The final oxide thickness, d, is almost linearly dependent on the applied
voltage U bearing the relationship d = aU, where a is a constant which is usually within the range
1.5–3 nm V1. If the anodizing process is carried out at voltages above the breakdown limit, the
oxide will no longer be resistive enough to prevent further current flow. At such high voltages, the
process will lead to increased gas evolution and frequently sparking. This type of anodizing is
often referred to as spark anodizing that typically leads to less uniform and more porous oxide
films.
Anodic spark oxidation is also called micro-arc oxidation (MAO) or plasma electrolytic
oxidation. It is a novel anodic oxidation technique to deposit ceramic coatings on the surface of
metals, such as Al, Ti, Mg, Ta, W, Zn, and Zr and their alloys [139–145]. Such metals in their natural
state are protected by thin, self-healing, tightly adherent dielectric oxide films, which resist the
passage of current in the anodic direction. In MAO processes, the anode made by metals is
immersed in an aqueous solution, and an asymmetric alternating voltage is applied between the
anode and the cathode. In the anodic half circle, the voltage is usually in the range of 150–1000 V,
while in the cathodic half circle, the voltage is in the range of 0–100 V. MAO processes are typically
characterized by the phenomenon of electrical discharge on the anode in the aqueous solution. A
temperature of up to 10,000 K and local pressure of several hundred bars in the discharge channels
have been reported. Using the MAO technique, high quality coatings with high micro-hardness,
adhesion, strength and wear resistance can be synthesized. The quality of the MAO coating is
determined by parameters, such as composition of electrolyte, temperature of electrolyte, alloy
composition, voltage, current density, time, etc. High quality coatings can be formed using properly
selected deposition parameters.
Yang et al. [146] indicated that anodic oxidation in H2SO4 solution combined with subsequent
heat treatment was an effective method to prepare bioactive titanium. After anodic oxidation, the
surface was observed to be covered by porous titania of the anatase and/or rutile phase. In simulated
body fluids, the titanium anodically oxidized during spark discharge inducing apatite formation on its
surface, as shown in Fig. 20. The induction period of apatite formation decreased with increasing
amount of either the anatase or rutile phase. However, no apatite formed on anodically oxidized
titanium without spark discharge, even though anatase was produced on the surface. After the titanium
metal was anodically oxidized under the conditions without spark discharge and subjected to
heat treatment at 600 8C for 1 h, it could induce apatite formation in SBF because the amount of
anatase and/or rutile was increased by the heat treatment. The results show that apatite formation on
titanium metal can be attained by anodic oxidation in conjunction with heat treatment, indicating that a
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Fig. 20. Surface views of titanium untreated (A), oxidized in 1 M H2SO4 solution at 155 V (B) and then soaked in SBF for 6
days (C) [146].

three-dimensional structure of the micro-porous titanium oxide structure may be necessary to induce
apatite formation on the surfaces.
Surfaces containing Ca and/or P induce osteoinduction of new bones and become bioactive.
Ishizawa and Ogino [147,148] first developed the oxide film containing Ca and P by anodizing
titanium in an electrolyte composed of b-glycerophosphate sodium and calcium acetate, and they
further transformed it into hydroxyapatite by a hydrothermal treatment. The electrolyte had certain
impurities, e.g. sodium, and needed relatively high concentration, which decreased the strength of the
anodic oxide film giving a Ca/P ratio in the film of up to 1.67. Zhu et al. [149,150] explored new
calcium glycerophosphate and calcium acetate electrolytes for the formation of Ca and P containing
anodic oxide films on titanium implants. With calcium glycerophosphate and calcium acetate
electrolytes, the titanium anodic oxide film is porous, highly crystalline, and rich in Ca and P.
The optimal conditions recommended are that the concentrations of the calcium glycerophosphate and
calcium acetate are 0.02 and 0.15 M, respectively, current density is 70 A m2 and final voltage is
about 350 V. The oxide film formed under these condition are without microcracks, 0.98 mm rough
(Ra), 5–7 mm thick, adhesive to the underlying substrate, and have a near 1.67 Ca to P ratio. The
surface properties of the anodic oxide film also show positive biological response.
Titania-based films have been synthesized on titanium by MAO in electrolytic solutions
containing sodium carbonate, sodium phosphate, acetate monohydrate, and b-glycerophosphate
disodium salt pentahydrate using a pulsed voltage of 200–500 V [151]. The films are porous and
nanocrystallized and do not exhibit an apparent interface with the titanium substrates as revealed in
Fig. 21. The pore size increases and the predominant phase changes from anatase to rutile with
increasing applied voltage as shown in Fig. 22. In all of the prepared titiania-based films, only the film
containing CaTiO3, b-Ca2P2O7, and a-Ca3(PO)2 can induce the formation of apatite on the surface to
exhibit bioactivity. MAO can make titanium implant surface bioactive, porous, and nanocrystallized.
Takebe et al. [152] reported that the thin HA layer formed by anodization and hydrothermal treatment
on the surface of cpTi implant materials showed desirable cellular behavior. The thin HA layer on the
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Fig. 21. Cross-sectional view of the MAO titanium formed in electrolytic solutions containing sodium carbonate, sodium
phosphate, acetate monohydrate, and b-glycerophosphate disodium salt pentahydrate [151].

cpTi surface affects cellular attachment and spreading, and a thin HA layer appears to be more
osteoconductive to cellular attachment than untreated cpTi as illustrated in Fig. 23.
Nie et al. [153] described a hybrid treatment comprising micro-arc oxidation and electrophoretic
deposition to improve the biocompatibility and durability of Ti–6Al–4V. A phosphate solution was
used to produce a relatively thick and hard TiO2 coating using micro-arc oxidation. At the same time,
using an HA powder aqueous suspension at high pH, an HA coating was deposited on TiO2 using a
combination of plasma electrolysis and electrophoresis. The results indicate that a hybrid process
combining micro-arc oxidation and electrophoretic deposition can produce a phase-pure HA top layer

Fig. 22. XRD spectra of MAO titanium formed in electrolytic solutions containing sodium carbonate, sodium phosphate,
acetate monohydrate, and b-glycerophosphate disodium salt pentahydrate at the voltages of: (a) 250 V; (b) 350 V; (c) 450 V;
(d) 500 V [151].

Fig. 23. Cell attachment ratio of Rat bone marrow stromal (RBM) cells on HA/cpTi and cpTi disks after 30, 60, and 120 min
(**P < .01; n = 5) [152].
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and anticorrosive TiO2 interlayer with sufficiently good mechanical and biochemical stability to
withstand the corrosive environment in a human body.
Chromic acid anodization is a standard method to pretreat aluminum to improve adhesive
bonding and has also been used on titanium and its alloys for the same purpose. This process can
produce a thin, firmly adherent TiO2 film with very fine porosity on the scale 10–100 nm, but traces of
Cr and F remain on the surface after the process. Zwilling et al. [154] demonstrated electrochemical
depositon on titanium and Ti–6Al–4V alloy in a chromic acid electrolyte with or without the addition
of fluorine. The deposition mechanism in a fluorinated electrolyte is thought to involve a competition
between dissolution and oxide formation, in which the CrVI ions and the fluorine species play a
poisoning and antidote role, respectively. The competition results in the growth of a porous film with a
regular columnar structure.
In summary, anodization is a simple and effective method to modify the surface of titanium and
its alloys for better biocompatibility and bioactivity. The anodic oxide film exhibits a variety of
different properties that depend on the composition and microstructure of the materials and processing
parameters, such as anode potential, electrolyte composition, temperature, and current.
3.4. Chemical vapor deposition
Chemical vapor deposition is a process involving chemical reactions between chemicals in the
gas phase and the sample surface resulting in the deposition of a non-volatile compound on the
substrate. It is different from physical vapor deposition (PVD), which typically employs techniques,
such as evaporation and sputtering involving no chemical reactions. CVD is widely adopted in the
industry to produce organic and inorganic films on metals, semiconductors, and other materials. Many
CVD processes, such as atmospheric-pressure chemical vapor deposition (APCVD), low-pressure
chemical vapor deposition (LPCVD), plasma-enhanced chemical vapor deposition (PECVD) or
plasma-assisted chemical vapor deposition (PACVD), and laser-enhanced chemical vapor deposition
(LECVD) have been developed, and hybrid processes combining features of both physical and
chemical vapor deposition have also emerged [155].
The sequential steps that occur in every CVD process are sketched in Fig. 24 and include:
1. convective and diffusive transport of reactants from the gas inlet to the reaction zone;
2. chemical reactions in the gas phase to produce new reactive species and by-products;

Fig. 24. Sequence of gas transport and reaction processes contributing to CVD film growth [155].
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Table 6
Comparison of properties of chemical-vapor-deposited diamond and titanium [157]
Properties

CVD diamond

Titanium

Hardness (kg mm2)
Young’s modulus (GPa)
Bulk modulus (GPa)
Thermal conductivity 0–100 8C (W m1 K1)
Thermal expansion coefficient (106 K1)

10000
1000
42
20
1.1

230
120.2
108.6
0.21
8.8

3.
4.
5.
6.
7.

transport of the initial reactants to the substrate surface;
adsorption (chemical and physical) and diffusion of these species onto the substrate surface;
heterogeneous reactions catalyzed by the surface leading to film formation;
desorption of the volatile by-products after surface reactions;
convective and diffusive transport of the reaction by-products away from the reaction zone.

Thin films grown by CVD typically have a better step coverage than films produced by physical
vapor deposition. Therefore, CVD is a process of interest for the fabrication of microelectronic devices
or coating objects with complex geometry and has also been widely used to modify the mechanical and
biological properties of titanium and titanium alloys.
In the late 1970s, it was demonstrated that diamond films could be deposited at pressures below
1 atm using CVD [156]. Due to a combination of superior properties including hardness, fracture
toughness, low friction coefficient, high chemical resistance and a variety of possible coating substrates,
CVD diamond has high potential in the biomedical field. Table 6 compares the typical properties of CVD
diamond and titanium. CVD diamond and titanium have a high thermal expansion mismatch, which has
been thought to be responsible for the high compressive stress in the film and relatively poor film
adhesion [158,159]. The internal compressive stress may reach 8 GPa and strongly depends on the
substrate temperature during deposition. The stress can be lowered to values of 2 GPa by grit-blasting of
the substrates prior to deposition [160]. Another alternative is to deposit the diamond film onto a 1–
100 mm thick TiC intermediate layer but not directly on the metal [161]. Baek et al. [162] demonstrated
the deposition of a continuous diamond film on a thin TiC buffer layer (0.2 mm thick) on Ti–6Al–4V
substrates by combustion-assisted (CA) CVD, as shown in Fig. 25. Andreazza et al. also adopted an
intermediate TiC layer to deposit diamond coatings on titanium by PECVD [163].

Fig. 25. Diamond growth and interface on Ti–6Al–4V alloy after deposition times 20 min [161].
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Deposition of polycrystalline diamond films onto titanium substrates improve the tribological
properties since diamond exhibits the highest hardness and the highest heat conductivity of all known
materials, as listed in Table 6. However, as-deposited diamond films usually cause severe abrasive
wear on the counter bodies due to sharp surface facets on the diamond films. Diamond films deposited
by chemical vapor deposition possess a hydrogen-saturated surface, which results in lower friction.
The wear coefficient can be reduced by an order of magnitude and the friction coefficient by a factor of
six, but it should be noted that wear increases at higher humidity [164].
The biocompatibility of CVD diamond thin films has been investigated by Tang et al. [157]. The
CVD diamond is as biocompatible as titanium, and has been used frequently in biomedical implants.
In fact, CVD diamond adsorbs and ‘denatures’ relatively small amounts of fibrinogen. Both in vitro
and in vivo experiments on cell-materials interactions have shown less cell adhesion and activation on
the surface of CVD diamond as compared to titanium. Cell culturing tests using human osteoblasts
seeded on the surfaces of the titanium alloys with and without CVD diamond revealed no negative
influence of diamond on cell growth and division [165].
Diamond-like carbon (DLC) is a metastable form of amorphous carbon containing a significant
fraction of sp3 bonds and is a durable, wear- and corrosion-resistant material for biomedical implants.
The excellent biocompatibility of DLC films in orthopedic and cardiovascular applications has been
demonstrated [166–168]. DLC coatings have been deposited on biomedical implants using various
CVD methods [169–172]. Ianno et al. reported the deposition of DLC on Ti–6Al–4V by PECVD
intended for use in hip and knee prostheses. The adhesion strength of the DLC coating obtained by
PACVD is, however, lower that that prepared by DC magnetron sputtering [173]. An interlayer (TiC
and TiN) produced by DC ion plating or reactive RF sputtering has again been adopted to improve
adhesion between DLC deposited by PACVD and titanium substrate used in bi-leaflet heart valve
prosthesis. The coatings produce no haemolytic effect, except in the case of TiN deposited by reactive
RF sputtering, which show a significant effect after long assessment periods. In contrast to the DLC
coating, all of the interlayers show a slight tendency towards thrombus formation during later stages of
incubation. Platelet spreading has been correlated with the surface energy of the coatings [174].
3.5. Biochemical modification of titanium and titanium alloys
Biochemical modification of biomaterials utilizes biological and biochemical knowledge on
cellular function, adhesion, differentiation and remodeling. The objective of modification is to induce
specific cell and tissue response by means of surface-immobilized peptides, proteins, or growth
factors. However, it is imperative that while biochemical modification improves the biocompatibility
of the surface, the bulk properties cannot be adversely affected, and so the concept of a bio-mimetic
surface to guide cell behavior on an ultrathin layer consisting of bioactive molecules has been
introduced [175]. A variety of techniques, such as silanized titania [176,177], photochemistry [178],
self-assembled monolayers [179], protein resistance, and protein immobilization [180,181] have been
used on titanium and titanium alloys. These technologies exploit either physical adsorption via van der
Walls, hydrophobic, or electrostatic forces, or chemical bonding. On account of the existence of a
surface TiO2 film, the modified layer does not make direct contact with the substrate as shown in
Fig. 26. Since TiO2 is a relatively inert surface, only a few organic reagents, such as organosilanes,
organophosphates, and photosensitive chemicals, are able to form strong chemical bonds.
Covalent attachment of organosilanes has proven to be a simple and versatile method to enhance
surface properties, such as wettability, adhesion, and surface activity. Siloxane films have been
synthesized on many kinds of solid surfaces including glasses, metals, ceramics and polymers. Silane
chemistry is used on the titanium surface to enhance metal–metal and metal–polymer adhesion,
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Fig. 26. Schematic diagram of biochemical modification of titanium surface. (A) Attachment site by physical or chemical
adsorption or covalent linkage without or with cross-polymerization (dashed line); (B) spacer to adjust distance of functional
group C from original surface; (C) chemical, biochemical or biological functionality, such as organo-functional group,
peptide, protein, etc. [175].

convert semiconducting TiO2 films into electrodes [182], immobilize enzymes, and conduct chromatography. It is also useful to graft biomolecules onto the titanium implant surface for improvement
in biocompatibility. The process can be classified into three types, namely thiol-, amino- and carboxyldirected reactions, according to the reactive residues of peptides and proteins used in the chemical
attachment process. The chemical reactivities of peptides and proteins depend on the side chains of the
amino acid compositions as well as the free amino and carboxyl groups of the N- and C-termini,
respectively. Silanized titania for biochemical modification of titanium and its alloys has been
described in detail by Xiao et al. [178].
Photochemistry can also be used to graft biomolecules onto titanium surface. Two ways have
been proposed [175]. The first means is to synthesize a bioconjugate compound bearing both a
bioactive species and a photoactive group. The bioconjugate compound adsorbs onto the titanium
surface and then the photosensitive group is activated by light or heat causing an undiscriminatory
reaction with its environment. Ideally, the activated photosensitive group should react only with the
substrate surface and form a uniform monolayer. Weber et al. [183] grafted carbohydrates onto TiO2
surfaces for applications in cell recognition, blood coagulation cascade and sialoglycoprotein
recognition. Hypolite et al. [184] and Herbert et al. [185] synthesized bioconjugate molecules bearing
both a peptide domain and photoactive group together with benzophenone. The benzophenone
derivatives could be linked covalently onto the solid surface by irradiation. Clemence et al. [186]
and Collioud et al. [187] produced a photosensitive hetero-bifunctional crosslinker, which could
couple petides containing the cell-adhesive motifs of RGD and YIGSR to maleimidyl groups using
thiol/maleimide chemistry. The photosensitive diazirine group generates an intermediate carbene after
irradiation with non-destructive UV light (320 nm). The second method is to first covalently attach
the photosensitive group to a surface on which the biomolecule adsorbs and then to activate the nonspecific binding reaction using light or heat. Erdtmann et al. [188] first coupled an arylazide to
cellulose membranes, then immobilized heparin and dermatan with UV irradiation.
Self-assembled monolayers (SAMs) have become an important research technique to produce
surfaces with a very well defined chemical composition. SAMs have often been used as model surfaces for
various biological assays including the study of cell-surface interaction and the influence of the surface
chemistry on the spontaneous mineralization caused by contact with simulated body fluid [189,190].
Recently, self-assembled monolayers of alkane phosphates or phosphonates have been used on
titanium surfaces to tailor selected physico-chemical properties of the surface, such as wettability
and electrical charge [191,192]. SAMs have also been widely used for the biofouling study on
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material surfaces [193]. Several functionalized SAMs have been prepared on gold. The effects of the
surface chemistry on protein adsorption and cell adhesion have been discussed [194–197]. In particular,
phosphorylcholine assembled surfaces have been of interest since they reduce biofouling. Surface
modification typically follows two approaches. The first one is to generate hydroxylterminated monolayers [195,198,199] and the second one is to utilize the chemical or physical adsorption of phospholipids
or phospholipid derivatives on alkylsilane monolayers [196,197,200–203]. Protein adsorption and cell
adhesion are reduced on the phosphorylcholine-assembled surfaces. With the intention of producing
well-controlled surfaces on oxide, chlorosilanes [204], hydroxamic acid [205], carboxylic acids [206],
and phosphoric and phosphonic acids [207–210] have been proposed as SAMs molecules.
Protein-resistant and protein immobilization technologies are often used to modify the surface of
titanium and titanium alloys. In many cases, integration of the implant with the newly formed tissue is
desired. Thus, the adsorption of cell-adhesive proteins or bioactive proteins is an important aspect of
the healing process. Bone morphogenetic protein can be immobilized on the surface of Ti–6Al–4V to
enhance the bioactivity [181]. Plasma polymerization of allyl amine has also been used to provide
functional groups for immobilization of biomolecules on Ti–6Al–4V surfaces. The amount of protein
weakly and strongly bound to metallic biomaterials can be controlled by the choice of the surface
treatment and immobilization chemistry. BMP-4 bound to Ti–6Al–4V having a high density of amino
groups using a two-step carbodiimide immobilization scheme appears to induce significant osteoblastic activity in pluripotent C3H10T1/2 cells. In other applications, protein adsorption may lead to a
deleterious physiological response depending on the type and nature of the adsorbed proteins [175].
For example, non-specific protein adsorption may impair the performance of blood or serum in contact
with stents or diagnostic sensors.
The native oxide on titanium is beneficial to the adhesion of many proteins. However, in some
applications, it is necessary to reduce surface protein adsorption, for example in blood-contacting
devices, such as stents and sensors. The simplest approach to controlling protein adsorption is to
passivate the surface with a layer of an inert protein, such as albumin [175]. Immobilization of
poly(ethylene glycol) (PEG) on the titanium surface has long been known to decrease protein
adsorption [211–214]. Some researchers have reported the chemisorption of a polycationic comb-like
graft copolymer and poly(l-lysine)-graft-poly(ethylene glycol) (PLL-g-PEG) onto negatively charged

Fig. 27. Shematic view of a PLL-g-PEG/PEG-peptide adlayer at the titanium oxide surface [180].
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Fig. 28. Blood plasma protein adsorption at 37 8C onto smooth titanium (oxide) surfaces coated with: (A) PLL-g-PEG; (B)
PLL-g-PEG/PEG-RGD; (C) PLL-g-PEG/PEG-RDG onto (D) bare titanium (oxide). The white bars refer to the adsorbed
polymer and the gray bars indicate the total adsorbed mass per unit area after subsequent incubation in heparinized blood
plasma. No significant mass change was observed (P > 0.05) [180].

metal oxide surfaces by a simple dipping process in an aqueous solution of the polymer [215,216].
When the appropriate polymer is chosen, such coated surfaces can be stable and protein resistant for
days even in the presence of fibrinogen or full human serum [217]. At physiological pH, the poly(llysine) chains (pKa 10.5) display positively charged amino groups (NH3+) that interact strongly
through Coulombic interactions with negatively charged metal oxides, such as TiO2, Ta2O5, Nb2O5,
and SiO2 thus leading to a densely packed layer of PEG chains at the metal-oxide substrate surface, as
shown in Fig. 27. Tosatti et al. have reported that these polymeric interfaces are highly protein resistant
while in contact with blood plasma at physiological temperature (Fig. 28).

4. Physical methods
During some surface modification processes, such as thermal spraying and physical vapor
deposition, chemical reactions do not occur. In this case, the formation of surface modified layer, films
or coatings on titanium and its alloys are mainly attributed to the thermal, kinetic, and electrical
energy. In the thermal spraying process, the coating materials are thermally melted into liquid droplets
and coated to the substrate at a high speed (kinetic energy). Physical vapor deposition leads to film
growth by reaction between a substrate surface and an adjacent vapor which supplies the coating
material in the form of atoms, molecules or ions, generated from a target and transported to the
substrate surface on which condensation and reaction with atoms of the surface lattice take place. The
generation of atoms, molecules or ions from targets can be accomplished by resistance heating,
electron beam, laser or electrical discharge in vacuum. Glow discharge plasma treatment and ion
implantation are also categorized as physical methods in this review.
4.1. Thermal spraying
Thermal spraying is a process in which materials are thermally melted into liquid droplets and
introduced energetically to the surface on which the individual particles stick and condense. The
coating is formed by a continuous build-up of successive layers of liquid droplets, softened material
domains and hard particles. Thermal spraying requires a device that creates a high temperature flame
or a plasma jet. Therefore, thermal spraying is often divided into flame spraying and plasma spraying.
The principal difference between flame and plasma spraying is the maximum temperature achievable.
The coating material is heated by the gases in the flame spray torches and electrical currents provide

83

84

X. Liu et al. / Materials Science and Engineering R 47 (2004) 49–121

Fig. 29. Thermal spray techniques divided by their principal energy sources [218].

energy to the plasmatrons. In flame spraying, the temperature is limited by the internal heat of
combustion of the fuel gas. Conventional oxyacetylene torches reach temperatures of around 3000 K.
Plasma spraying, using electrical energy as the source to create the plasma can theoretically provide
very high temperature that is determined by the energy input. In addition to these two techniques, other
thermal spraying techniques, such as arc spraying, detonation gun spraying, laser spraying and high
velocity oxy-fuel (HVOF) spraying, are widely used in the industry. Thermal spraying methods
classified by the principal energy sources are illustrated in Fig. 29.
4.1.1. Plasma spraying
Since its inception in Union Carbide in the mid-1950s, plasma spraying, a subset of thermal
spraying, is often used to form ceramic coatings. With the advent of the space age and commercial
plasma spray devices in the early 1960s, thermal-sprayed ceramic coatings have found utility in
thermal barrier coatings (TBCs), some electrical conductors, and dielectrics. The materials are often
used in the aerospace, printing, petrochemical, and other industries with much research being
conducted in the medical, biomedical, electronic, and electrical engineering fields. DC plasma arc
devices currently dominate the commercial market, but radio frequency (RF) or inductively coupled
plasmas (ICPs) have a few niche, commercial applications with respect to thermal spraying.
Plasma spraying includes atmospheric plasma spraying (APS) and vacuum plasma spraying
(VPS). The process uses an electrical arc to melt and spray materials onto a surface as illustrated

Fig. 30. Schematic diagram of plasma spray torch [220].
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Fig. 31. Distribution of temperatures in plasma beam.

shown in Fig. 30. The high energy and density available in a plasma jet has made plasma spraying one
of the popular thermal spraying techniques. The density, temperature, and velocity of the plasma beam
are important to the formation of coatings. The temperature of a plasma beam depends mainly on the
degree of ionization, which is determined by the type of plasma gas and the parameters of the plasma
torch. A typical temperature distribution in a plasma beam is shown in Fig. 31. The temperature in the
core region is relatively constant at approximately 12,000 K and dramatically decreases towards the
nozzle. Almost all materials can be melted in the plasma jet.
The velocity of a plasma beam can be calculated in terms of the plasma beam intensity, gas
volume and the nozzle diameter according the relationship [219],
v¼A

Q0 T
;
d2 M

where v is the plasma beam velocity (m s1), Q0 the volume of gas flow rate (m3 s1), T the gas
temperature (K), d the nozzle diameter (m), A the proportionality constant, and M is the molecular weight
of gas. At present, gases, such as Ar, He, H2, and N2 are commonly used in a plasma torch. The plasma
forming gases are divided into two basic groups—single or double atom gases. Argon and helium belong
to the first group whereas nitrogen and hydrogen belong to the second. The plasma formation process of a
two-atom gas differs from that of a one-atom gas. Ionization of a two-atom gas starts with dissociation of
the molecule. In order to increase the enthalpy and velocity of the plasma beam, gas mixtures of different
proportions are used. An argon and nitrogen mixture increases the kinetic energy of the beam, and the
sprayed materials and a nitrogen mixture with 3–10% hydrogen increases the plasma beam velocity. To
ensure environment inertness, a mixture of argon and hydrogen is mostly used.
The formation of a plasma coating consists of several stages, which affect the properties of the
sprayed layer. The high thermal and kinetic energy of the plasma beam enables the melting and
acceleration of the particles from the supplied powder. The method of powder transport to the plasma
torch and the shape and granularity of powder then affect the paths of the particles and the velocity.
Interaction between the molten material and the plasma beam and surrounding atmosphere influences
the way the particles in the plasma beam melt and transform physically and chemically. The
mechanical, chemical and thermal conditions of the substrate also determine the overall characteristics
and properties of the sprayed layer.
A powder suitable for plasma spraying should exhibit good pouring properties that are
determined by the shape and size of the powders. The powders should be of spheroidal or similar
shape and their size should be as uniform as possible. Spraying of powders of different sizes causes
overheating and eventual evaporation. Due to the thermal and kinetic effects of the plasma beam, the
sprayed powders are accelerated in the molten state. The mechanism of heat transfer from the plasma
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beam to the powders is a very complex phenomenon that is not yet fully understood. During the
particle flight in the plasma, interactions of particles with gases in the surrounding atmosphere and
plasma take place since all materials at or close to the melting temperature exhibit high chemical
activity. The interactions include gas adsorption followed by chemical interaction and formation of an
oxide layer and other bonds on the surface, dissolution as molten particles, and diffusion and
mechanical mixing of the products. When the molten particles impinge onto the substrate, their kinetic
energy is converted into thermal and deformation energy. In order to improve the bonding between the
coating and substrate, the surface of the substrate should be degreased with organic solvents and
roughened prior to plasma spraying. The advantages of plasma sprayed coatings include high
deposition rates (80 g/min), thick deposits (5 mm in some materials), low capital cost, and low
operating cost. In addition, plasma sprayed coatings possess a rough surface that is favorable for bone
substitutes. Therefore, the technique is widely used to prepare biomedical coatings on titanium
implants used in orthepedics. Some bioinert ceramics with excellent mechanical properties, such as
Al2O3, ZrO2, and TiO2 are deposited onto titanium by plasma spraying. There have been many papers
discussing the structure and properties of plasma sprayed Al2O3 and ZrO2 coatings. These coatings are
being used clinically because of their excellent wear resistance and corrosion resistance. However,
Al2O3 and ZrO2 coatings cannot bond directly to human bone tissues due to its bioinertness thereby
limiting their applications. Many attempts have been made to plasma spray bioactive ceramics onto
titanium implants. Some examples are given in the following sections.
4.1.1.1. Plasma sprayed hydroxyapatite coating. Because of its similarity to the mineral phase of
natural hard tissues, artificial hydroxyapatite is considered to be a bioactive material. Bone can be
regarded as an organic matrix with inclusion of inorganic filler with a crystal size in the submicron
range. About 70% of the mineral fraction of bone has a HA-like structure and the use of HA as an
orthopedic biomaterial has been suggested and clinically demonstrated. However, the mechanical
properties of HA are quite poor, making it unsuitable as bulk a material in applications where high load
or strain occurs. The idea of using plasma spraying to produce HA coatings on endoprosthesis was first
proposed in Japan [221]. It has been shown that implants with a HA surface develop a strong
connection with the bone tissue in a short time [222–224]. The relatively poor bonding between a
plasma sprayed HA coating and titanium is one of main disadvantages. The bonding strengths of HA
coating on titanium or its alloys reported in the literature is summarized in Table 7. It is obvious that
the bonding strength of the HA coating on titanium decreases with longer immersion time in simulated
body fluids (SBF) [232]. The high residual stress resulting from the mismatch of the thermal expansion
coefficient between HA (13.3  106 K1) coating and titanium ((8.4–8.8)  106 K1) is thought to
be responsible for the low bonding strength between the two materials.
Table 7
Bond strength of plasma sprayed HA coatings (ASTM C633)
Authors

Compositions

Thickness (mm)

Bond strength (MPa)

Khor et al. [225]
Chang et al. [226]
Khor et al. [227]
Silva et al. [228]
Wang et al. [229]
Tsui et al. [230]
Zheng et al. [231]
Kweh et al. [232]

HA–Ti alloys composite
ZrO2–HA composite
HA
HA–P2O5–CaO composite
Calcium phosphate
HA
HA–Ti composite
HA

200
210
60–80
100
220
200
200
150

8.0
32.49  4.24
16.6
35
6.67
5.97  0.78
<20
24.5  2.4
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Another important concern is the resorption and degradability of HA coatings in a biological
environment. This may lead to disintegration of the coating resulting in the loss of both the coating–
substrate bonding strength and implant fixation. There also exists the threat of coating delamination
and formation of particulate debris [233,234]. During plasma spraying, the molten HA particles
deposited on the metal substrate are quenched at a high cooling rate leading to the formation of
amorphous calcium phosphate compounds and the reduction of the crystallinity of the coating.
Some metastable compounds, such as calcium-deficient hydroxyapatite (CDHA), oxyhydroxyapatite (OHA), calcium oxide (CaO), a-tricalcium phosphate (a-TCP), b-tricalcium phosphate, and
tetra-calcium phosphate (TTCP) have been detected in the coating [230,235]. It has been reported
that the amorphous and metastable compounds are more soluble than the crystalline HA [236]
thereby accelerating fixation of the implant with the bone and promoting bone remodeling and
attachment [237]. However, the coating with amorphous and metastable compounds causes
excessive dissolution. It affects the long-term reliability of the implants [238]. From the perspective
of long-term performance of the implant, a high crystallinity in the plasma sprayed HA coating is
deemed desirable.
The structure, composition, and performance of plasma sprayed HA coatings depend strongly on
the process parameters including the atmosphere, particle size, plasma gas and flow, input power,
distance, substrate angle, cooling rate, and so on. The dependence of the crystallinity of air plasma
spraying HA coating on the spray parameters is summarized in Fig. 32. During the vapor plasma
spraying process, the sprayed particles have a high velocity resulting in a significant reduction of the
dwelling time of the injected HA particles and a correspondingly reduced dwelling time of the spray
particles at high temperature before rapid solidification starts [241]. Therefore, the VPS technique has
the advantage that the sprayed HA particles stay for a shorter time above the critical temperature for
dehydration, decomposition and phase transformation, in comparison to the APS coating. At the same
time, the maximum temperature that a particle can reach after having been injected is lower in VPS
than in APS. The crystallinity of the HA coating deposited by VPS can be as good as 93% and much
higher than that attainable by APS [230]. As shown in Fig. 33, the crystallinity and porosity of the HA
coating decreases with increasing input power. In general, the crystallinity of the HA coating required
in biomedical applications is from 65 to 70% [242]. In order to increase the crystallinity, some postdeposition treatment processes have been proposed including furnace heating [243], laser treatment

Fig. 32. Influence of spray parameters on the amorphicity of the coating. Abscissa is variable according to values or level of
parameter. Amorphous content was determined by X-ray diffraction [239,240].

87

88

X. Liu et al. / Materials Science and Engineering R 47 (2004) 49–121

Fig. 33. Amorphous contents and porosity levels of HA coatings sprayed with different power levels and plasma gas
mixtures [230].

[244] and water vapor treatment [245]. After the vapor–flame treatment, the crystallinity of HA
coatings has been observed to increase to 98% [246–248].
The thickness of the HA coating affects both its resorption and mechanical properties. A thicker
coating usually exhibits poorer mechanical properties. The suggested optimum thickness is about
50 mm in order to avoid fatigue failure while still providing reasonable coating bioresorption and
consistent bone growth [249–252]. A 50 mm coating exhibits significantly higher shear strength than a
200 mm coating. In addition, although it has similar histological behavior, the 50 mm coating only
fractures at the implant–bone interface, whereas the 200 mm coating also fractures within the coating
in a cohesive manner or at the coating-implant interface in an adhesive mode. These different failure
locations indicate that the residual stress in the thick coating may be responsible for a decrease in the
mechanical properties of the coating. A thickness of 50–75 mm is adopted by most commercial
producers of orthopedic implants. The value, however, depends upon the location of implantation,
cellular environment, cleanliness of the implant, and coating characteristics. In some dental implants,
the thickness of the HA coating can be as thick as several hundred micrometers.
The first clinical trials on femoral stems with HA coatings were reported by Furlong and Osborn
[253] in 1985 and by Geesink [254] in 1986. Since then, hydroxyapatite coatings have been
extensively used in both dental and orthopedic prostheses, such as hip and knee implants as well
as in screws and pins used in bone plates for fixing bone fractures. After about twenty years of clinical
trials, there is general agreement that the originally pursued benefits of HA coatings, that is, earlier
fixation and stability with more bone ingrowth or ongrowth, can be achieved. Most components
become stabilized within 3 months with bone apposition. It has been suggested that migration of the
femoral component within the first 2 years is related to the final outcome [255,256]. A large number of
clinical trail experiments on HA coatings have also shown continued fixation for longer periods (2–10
years), but doubts still exist concerning the durability of the fixation. A main concern is the
degradability of the HA coating and the disintegrated HA granules that have been claimed to
accelerate the polyethylene wear or cause third-body wear. Any HA degradation will lead to increased
osteolysis, and there is the potential that the degraded products will enter the joint space and damage
the articulating surfaces [257]. Fig. 34 depicts the cross-sectional SEM micrograph of titanium
implants with the HA coating that have been implanted in the dog tibia for 1 and 3 months. New bone
can be observed between the bone and HA coating and mature gradually with the increasing
implantation time.
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Fig. 34. SEM view of cross-section of titanium implants with HA coating implanted in dog tibia for 1 month (a) and 3
months (b).

4.1.1.2. Plasma sprayed calcium silicate coating. Some glasses, glass–ceramics, and ceramics
consisting of CaO–SiO2 have been reported to possess good bioactivity and biocompatibility. Kokubo
et al. [258,259] and Ohtsuki et al. [260] showed that the CaO–SiO2 components contributed mainly to
the bioactivity of the CaO SiO2-based glass and ceramics. De Aza et al. [261–264] pointed out that
wollastonite ceramics (CaSiO3) were bioactive and Nonami and Tsutsumi [265] working with
diopside (CaO–MgO–2SiO2) ceramics found that an apatite layer was formed on the surface of
diopside ceramics implanted into the bone of rabbits and monkeys. However, clinical applications
have been sparse on account of their relatively poor mechanical properties.
The amount of literature on apatite crystal nucleation and growth is quite large. Different
mechanisms have been proposed to explain apatite nucleation on the CaO–SiO2-based bioceramic
surface. Kokubo proposed a mechanism on the formation of apatite on CaO–SiO2-based glasses and
glass–ceramics. According to the suggested mechanism, calcium ions dissolved from the glasses and
glass–ceramics increase the ion activity product of the apatite in the surrounding body fluid, and the
hydrated silica on the surfaces of glasses and glass–ceramics provides favorable sites for apatite
nucleation. Consequently, the apatite nuclei are rapidly formed on the surface, and they spontaneously
grow by consuming calcium and phosphate ions from the surrounding body fluid. The calcium
phosphate phase that accumulates on the glass and glass–ceramics surface is initially amorphous. It
later crystallizes into a carbonate-containing hydroxyapatite (CHA) structure by incorporating
carbonate anions from the solution within the amorphous calcium phosphate phase [266–268].
Bioactive glass was once deposited onto titanium and its alloys using plasma spraying. The
bioactive glass coating retains the properties of the original glass with respect to the amorphous
structure and the behavior in a hydrolytic environment [269]. The idea of using plasma spraying to
produce a bioactive wollastonite and dicalcium silicate coating on titanium was first conceived by Liu
et al. [270,271]. The surface and cross-sectional views of plasma sprayed dicalcium silicate coatings
soaked in simulated body fluids for 2 days are presented in Fig. 35. The coating can be observed to be
completely covered by a ball-like apatite and two layers having different compositions are observed on
the surface. The top layer is the Ca–P-rich (apatite) layer and a silica-rich layer is found underneath.
The thickness of the Ca–P-rich layer is about 10 mm. Formation of apatite on the coating surface in a
short period indicates that the coating has excellent bioactivity or bone conductivity. The bioactivity of
other calcium silicate coatings, such as diopside has also been reported [272]. The surface morphologies of coatings seeded with osteoblasts for 4 days are shown in Fig. 36. The cells cultured on
the wollastonite and dicalcium silicate coatings are compact and exhibit dorsal ruffles and filapodia
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Fig. 35. Surface (a) and cross-section (b) views of plasma sprayed dicalcium silicate coating soaked in simulated body fluid
for 2 days.

(with a fibre like attachment to the coating surface). Individual cells as well as clustered cells, which
have a compact structure with many dorsal ruffles, are observed. The results indicate that the
wollastonite and dicalcium silicate coatings can promote the proliferation of osteoblast and possess
excellent biocompatibility. The reason may be the local chemical environment, which is suitable for
the proliferation of osteoblasts as a result of dissolution of wollastonite and dicalcium silicate coatings.
The bonding strength of the as-sprayed wollastonite and dicalcium silicate coating on titanium
measured according to ASTM C-633 is about 39.0  1.9 MPa [273] and 38.9  3.5 MPa [271],
respectively, both of which being higher than that of the HA coating. However, similar to the HA
coating, the bonding of wollastonite and dicalcium silicate coatings to titanium substrate degrades
obviously with increasing immersion time in SBF because of the dissolution of the two coatings. Some
attempts have been made to control the dissolution of the wollastonite coating, such as the use of
wollastonite/ZrO2 and wollastonite/TiO2 composite coatings [274,275].
4.1.1.3. Plasma sprayed titanium coating. Plasma-sprayed titanium coatings with porous structure
have been used in teeth root, hip, knee and shoulder implants. The porous surface improves fixation via
the growth of bone into the coating forming a mechanical interlock. Vercaigne et al. [276] evaluated
the biological and mechanical properties of the implant with a titanium coating and investigated the
effects of the surface roughness on the bone response. No correlation was observed between the
percentage of bone contact and surface roughness. The percentage of bone contact after 3 months of
installation was very low. The loosening of particles during or after implant placement endangers the
safe application of very rough coatings, but with the advent of improved plasma spraying techniques
and post processing, rough coatings that show no particle release have been produced.

Fig. 36. Surface morphologies of coatings seeded with osteoblasts for 4 days: (a) wollastonite and (b) dicalcium silicate.
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Fig. 37. Pull-out forces of the three kinds of implants after 4 weeks of implantation [108].

Lee et al. [108] investigated the mechanical stability and in vivo behavior of implants of three
surface designs: smooth surface (SS), rough titanium surface with a plasma-sprayed coating (PSC),
and alkali- and heat-treated titanium surface after plasma spraying. Four weeks after the implants have
been grafted onto the dog bone, the pull-out forces of the SS, PSC, and AHT implants are 235  34.25,
710  142.25, and 823  152.22 N, respectively, as shown in Fig. 37. The AHT implant showed good
bone-bonding strength after 4 weeks of healing because of the mechanical interlocking in the
micrometer-sized rough surface and the large bonding area between the bone and implant as a result
of the nanosized porous surface structure. During this healing period, new bone on the surface of AHT
implant undergoes higher growth than that on the PSC implant, and the results have been confirmed by
our group as shown in Fig. 38.
At the interface between implant and newly formed bone, many bone cells are observed in the
case of the AHT implant and they are more abundant than those found on the SS and PSC implants. It is
expected that the implant design incorporating the alkali- and heat-treatment on the plasma sprayed
coating can be applied to orthopedic implants substituting for current designs because it has excellent
corrosion resistance, bone-bonding strength, and biocompatibility without containing toxic elements,
such as Al and V. Moreover, the AHT implant can be used in cementless orthopedic implantation. The
appropriate selection of a surface design can improve early implant stability and induce an accelerated
healing response, thereby improving the potential for implant osseointergration.

Fig. 38. SEM morphologies of the interface between titanium implants and bone for the implantation of 4 weeks in cortical
bone: (a) as-sprayed implant and (b) alkali-modified implant (unpublished).
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Fig. 39. XRD plots of the HVOF sprayed pure HA coatings using different powder size: (a) 50  10 mm; (b) 40  10 mm;
(c) 30  10 mm [279].

4.1.2. Other thermal spraying techniques
In addition to plasma spraying, some other thermal spraying techniques are used to modify the
surface of titanium and its alloys in biomedical applications. A high velocity oxy-fuel torch was
developed in the late 1970s and early 1980s. The principle of the HVOF process can be described as
follows. The powder is injected axially into the jet as suspension in the carrier gas, burns in the
combustion chamber, and flows through the nozzle out of the torch. The HVOF spraying technology
has been introduced into biomedical application by several researchers [277,278]. Khor et al.
[279,280,282,285] and Li et al. [281,283,284,286,287] described the relationship between processing
parameters and the microstructure and properties of the hydroxyapatite-based bioceramic coatings
deposited onto titanium alloy substrate using HVOF spraying. The XRD results in Fig. 39 show the
influence of the particle size of the starting powders on the phase composition of resultant coatings. It
demonstrates the dominant influence of the molten state of the HA powders on the composition of the
coatings. It was also found that the dissolution and precipitation behavior of the coatings depended
very much on the incipient coating composition and precipitation of bone-like hydroxyapatite on the
coating surface and was directly related to the dissolution process. Higher dissolution rates of
tricalcium phosphate, tetracalcium phosphate and amorphous calcium phosphate relative to HA
resulted in accelerated precipitation. Moreover, addition of titania or zirconia as secondary phase in
HA showed promising effects on improving the mechanical properties of the HVOF HA-based
coatings. An overview graph portraying the significant dependence of both mechanical properties and
phase composition of the HVOF HA and HA/titania (YSZ) coatings on processing conditions is shown
in Fig. 40, in which a comparison with plasma sprayed HA coatings is also illustrated.
Detonation-gun (DGUN) spraying has also been explored to prepare hydroxyapatite coatings on
titanium alloys. During the DGUN spraying process, a mixture of oxygen and acetylene is fed into the
barrel together with a charge of power. The gas is ignited and the detonation wave accelerates the
powder up to about 750 m s1. There are 1–15 detonations per second with purges of nitrogen between
them. Gledhill et al. [288] investigated the difference between detonation-gun sprayed and vapor
plasma sprayed (VPS) hydroxyapatite coatings. DGUN spraying is a higher temperature and velocity
technique, which is thought to introduce a higher degree of melting to the ceramic starting powder. The
DGUN process produces a denser coating, which has a higher proportion of the amorphous phase with
some evidence for the appearance of beta tri-calcium phosphate. The lower crystallinity and higher
residual stress found in the DGUN coatings result in a faster rate of dissolution in vitro and in vivo
compared to the VPS coatings. In summary, there are many different types of bioceramic coatings in
clinical use and each of them has its own intrinsic materials properties.
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Fig. 40. An overview of dependence of both mechanical properties and phase composition of the HVOF sprayed bioceramic
coatings on processing conditions [279].

4.2. Physical vapor deposition
Physical vapor deposition process can be described succinctly as follows. In vacuum, the target
materials are evaporated or sputtered to form atoms, molecules or ions that are subsequently
transported to the substrate surface, on which condensation and sometimes some reactions with
the materials surface take place leading to film growth. The important processes and parameters in
PVD are: (1) generation of particles from the target materials; (2) transport and film growth; (3)
particle energy, density, substrate temperature and reactive gas properties. PVD processes are
characterized by high coating density and strong adhesion, multi-component layers, low substrate
temperature, and a myriad of coating and substrate materials.
Physical vapor deposition processes include evaporation, sputtering, and ion plating. Evaporation
is carried out in vacuum, typically 0.1–1 Pa, so that the evaporated atoms undergo a collisionless
transport prior to condensation on the substrate. The substrate is usually held at ground potential. Since
this is a line-of-sight process, care must be exercised to deposit a uniform layer and the deposition rate
is typically 10–25,000 nm/min. In the sputtering process, positive argon ions produced in a glow
discharge bombard the target materials (cathode) dislodging atoms that enter into the vapor phase and
are deposited onto the substrate. The typical gas pressure in the chamber is 2–15 Pa and the deposition
rate is 25–1000 nm/min that is smaller than that of evaporation. In the ion plating process, the
materials are vaporized as in evaporation, but they pass through a gaseous glow discharge on its way to
the substrate for increased ionization. The deposition rate is typically 10–25,000 nm/min.
4.2.1. Evaporation
The evaporation process consists of a thermal phase change from a solid to vapor similar to
boiling. The difference between vacuum evaporation and boiling is that the boiling point is defined as
the temperature at which the phase of a material changes from a liquid to a gas at one atmosphere of
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pressure. In evaporation, the vapor pressure is usually on the order of 0.1–1 Torr depending upon the
evaporation rate and so the evaporation temperature is much lower than the boiling point. The
composition of the vapors from the different elements in an alloy can be different depending on the
individual evaporation rates, and so the deposited film may have a different composition from the
original charge. The charge used in evaporation can be metals or refractory compounds, e.g. oxide,
carbides, and nitrides. When evaporation is conducted in an ambient with reactive gases, compound
films can be deposited at higher rates and lower temperature. For example, TiC and TiN coatings have
been deposited by evaporating Ti in the presence of C2H2 and N2 plasma, respectively [289].
4.2.2. Ion plating
Ion plating is characterized by energetic bombardment by particles that alter the substrate surface
and influence the film formation process. Generally, energetic particles are extracted from plasma, a
compound or alloy sputtering target, vacuum or plasma arcs, or special ion sources [290]. Various ion
plating processes, for instance, arc ion plating and plasma immersion ion plating, have been used to
prepare hard films and coatings, such as TiN, TiC, BN, and hydrogenated amorphous carbon (a-C:H)
on different substrates [291–298]. The high hardness, low coefficient of friction and chemical inertness
of these films make them attractive as potential wear-resistant coatings. However, ion plating has not
been extensively explored in biomedical engineering. A TiN coating several micrometers thick
deposited by ion plating onto a titanium prosthetic heart valve cage was first introduced by Mitamura
et al. [299]. Many of the papers that follow have focused on dental prostheses in which Co–Cr–Mo
alloys are commonly employed [300–303].
The biocompatibility of DLC coating is generally better than that of TiN and TiC coatings.
Protein adsorption and platelet attachment and activation on TiN, TiC and DLC coatings produced by
the DC ion plating process were investigated by Jones et al. [304]. The titanium substrates were
negatively biased and a reactive gas was added to an argon flow and the reactive gases used were N2 for
TiN and C2H2 for TiC and DLC. Multilayer structures could be produced without breaking vacuum by
changing the reactive gas on the fly. Although a large number of platelets attach to the surface, a DLC
coating causes little or no activation of platelets as indicated by their morphology and low degree of
spreading. The small degree of activation of platelets on a DLC coating means very little thrombus
formation on the surface. The success of DLC is thought to be due to its smooth surface and
hydrophobic nature, while on the other hand, titanium substrate with TiN and TiC coatings produce
variable results in terms of hemocompatibility. All these surfaces cause some degree of platelet
activation. The platelet size index on all of these materials is greater than that on DLC indicating
greater platelet spreading. Thrombus formation has also been observed and the larger spreading of
platelets on these surfaces is thought to occur as a result of a lower ratio of adsorbed albumin to
fibrinogen proteins.
4.2.3. Sputtering
Sputtering is a common method to deposit thin films and its popularity stems from the simplicity
of the physical processes involved, versatility, and flexibility. It is widely used in the semiconductor,
photovoltaic, recording and automotive industries. Ceramics and refractory metals that are difficult to
deposit by evaporation are more easily deposited using sputtering. A simple DC glow discharge can be
used to sputter conductive targets but radio frequency sputtering is preferred for insulating targets. The
more sophisticated ion beam sputtering (IBS) provides better control of the deposition process even
though charge neutralization may be required for insulating targets. Attempts have been made to
deposit a thin film on titanium and titanium alloys to improve their biocompatibility, bioactivity, wear
resistance and corrosion resistance.
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The development of high performance magnetron sputtering sources that provide relatively high
deposition rates with large deposition areas and low substrate heating has rendered the sputtering
process more effective. Magnetron sputtering sources can be classified as diode devices in which the
magnetic fields are used in concert with the cathode surface to form electron traps. The charged
particles are confined by a closed magnetic field and high-density plasma is produced in the vicinity of
the cathode. This results in a drastic increase in the deposition rate to 15 nm s1 at a typical
substrate-target distance of d = 50 mm. Enhanced plasma ionization can be achieved via either
additional gas ionization or plasma confinement. The unbalanced magnetron, which ensures the
enhancement of gas ionization near substrates even at a large distance of 100 mm, is based on
magnetic plasma confinement. This sputtering system can deliver large ion currents to the substrates
and can be operated under a wide range of pressures. The coatings can be produced on large substrates,
even for complex shapes.
The sputtering efficiency is defined as the number of sputtered atoms to the number of energized
particles. The efficiency depends on the mass of the sputtering ions and target and increases with the
increasing angle of incidence referenced to the target normal with a maximum between 708 and 808. At
small angles, the process is limited by the energy transport into the surface and at larger angles, limited
by increasing reflection of the bombarding ions. There is a materials-dependent minimum ion energy.
For argon and Ti as target materials, it is 20 eV and for Zr or Nb, it is 22 or 25 eV. Other factors
affecting the sputtering process are the crystalline structure, surface roughness as well as thickness of
any spontaneous adsorbed layers on the target. The temperature of the target material is of minor
importance so long as it does not exceed 80% of the melting temperature.
Jung et al. [305] presented a modified magnetron sputtering system with a grid, as shown in
Fig. 41, to produce better film morphology than that obtained using a conventional magnetron system.
By introducing a grid in front of the target, the ratio of Ti ions increases, whereas that of Ar ions
decreases. Ti ion bombardment is more effective for Ti film densification than Ar ion bombardment,
and therefore, a dense Ti film with a smooth, specular reflecting surface can be produced using the
grid-attached magnetron with increased Ti ion flux compared to the conventional magnetron.
Bioactive glass–ceramic coatings based on MgO–CaO–P2O5–SiO2 were deposited on titanium
and titanium-covered silicon substrates using RF magnetron sputtering by Mardare and co-workers
[306]. The main crystalline phases after heat treatment at 900–1000 8C range were enstatite, forsterite
and calcium magnesium phosphate. The adhesion strength of the films was examined by pull-off
testing, with very good results obtained from the uncrystallized films (41.1  4.5 MPa). The values of
the crystallized films dropped to less than half of that value, due to the presence of cracks. In in vitro

Fig. 41. Schematic diagram of the modified magnetron sputtering system [305].
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experiments, samples kept in simulated body fluids for as short as 2 days already showed signs of
bioactivity.
Wolke et al. [307] used radio frequency magnetron-assisted sputtering to deposit a thin
amorphous HA layer on titanium and found that these amorphous coatings were dissolved when
implanted subcutaneously into the back of rabbits. Cooley et al. [308] investigated the healing rates of
bone around titanium implants sputter-coated from an HA target and found that all the thin coatings
were lost after 3 weeks of implantation. The monolithic HA and a series of single-layered HA/Ti
coatings deposited on Ti–6Al–4V substrates using a RF sputtering system was largely delaminated in
3 weeks after immersion in simulated body fluids [309,310]. In order to decrease the dissolution of the
coatings in simulated body fluids, a new biocompatible multi-layered coating was developed by
alternately depositing Ti and HA layers on Ti–6Al–4V substrates using radio frequency magnetronassisted sputtering to improve the interfacial properties between the coating and the substrate. The
multi-layered coating consisted of an underlying Ti bond coat, the alternating layer, and an HA top
layer. Between the bond coat and top layer, an alternating layer was created by gradually increasing the
Ti content with depths from the HA top layer. The experimental results indicated that the as-sputtered
coating had quite uniform thickness and was well bonded to the substrate. The multi-layered coating
exhibited a better electrochemical behavior than monolithic HA coatings. The highly crystalline
coating was not very soluble in the simulated body fluid. The adhesion strength of >60 MPa did not
change much even after 14 weeks of immersion. The multi-layered composite coatings had the
advantages of high and non-declining adhesion strength and high resistance to simulated body fluid
attack [311].
4.3. Glow discharge plasma treatment
Glow discharge plasma is a low-temperature, low-pressure gas in which ionization is controlled
by energetic electrons. Glow discharge plasma treatment has been well established for cleaning and
surface processing in the microelectronics industry [312] and has attracted much interest in
biomaterials research in which it is used for the surface modification of bulk polymers and production
of thin polymer coatings (plasma polymerization) [313]. Fig. 42 is a schematic illustration of a typical

Fig. 42. Schematic illustration of a glow discharge plasma system [314].
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glow discharge plasma system [314]. A cylindrical sample and electrode symmetry shown in
Fig. 42(a) are used as the cathode and anode. The inner cylinder (metal sample) connected either
to ground or to negative high voltage is electrically insulated from the sample as well as from the outer
cylinder (anode). Therefore, the sample is always at negative potential. The plasma treatments are
generally carried out in a homebuilt, bakeable, ultra-high vacuum (UHV) system with a typical base
pressure of <107 Pa (after bake-out). The use of UHV conditions and materials can minimize
contamination from residual gases, a common problem especially with reactive surfaces. The UHV
system shown in Fig. 42(b) consists of two main chambers separated by a gate valve (V1). One
chamber is connected to a turbomolecular pump (TP1), which evacuates the entire system, and a mass
spectrometer (MS) to monitor the residual and process gas compositions. The second chamber is used
for the plasma treatments. A capacitance manometer (CM) together with a servo valve (SV) and
control unit is used to maintain a stable gas pressure during the plasma treatment. During plasma
treatment, the gate valve (V1) is closed and the plasma chamber is pumped by TP1 and TP2 via the
valve-regulated shunt V3 and gate valve V2, respectively. By opening or closing V2 and V3, the
pumping speed and process gas flow can be adjusted. A computer is used to record the process
parameters (high voltage, plasma current, and pressure) during the plasma treatments. Sample
introduction is done via a separate pumped cell load-lock (TC) connected to the preparation chamber
via a gate valve (V2). This cell can also function as a transfer cell for transportation of the prepared
samples under vacuum (pressure <104 Pa) to different surface analysis chambers without breaking
vacuum. The cell also allows the transfer of the plasma-treated samples to vacuum-tight sterile
packages without exposure to uncontrolled ambient.
Magnetron discharge and RF discharge constitute the two primary glow discharge plasma
sources. Magnetrons are cold-cathode discharge devices in which magnetic fields are used in concert
with cathode surface to form traps, so that the electrons can diffuse across the magnetic field and reach
the anode only by making collision and plasma oscillations. Because of the effectiveness of collisions
in producing ionization, these discharges are extremely efficient and operate at pressures of less than
100 Pa with high current densities of 10–200 mA cm2 and low voltages of 700–1000 V. The RF
discharge is capacitive in nature, both because of external capacitance, which is placed in the electrical
circuits and that one or both electrode surfaces are generally non-conducting. The operating frequency
of the RF discharge is generally 13.65 MHz. At this frequency, only the electrons can follow the
temporal variations of the applied potential. Thus, the plasma can be described as an electron gas that
moves back and forth at the applied frequency, while the ions are comparatively stationary. Because of
the mobility difference between the electrons and ions, much larger current is drawn when the
electrode is positive relative to the floating potential. In order to achieve zero net current flow, it is
necessary to develop a DC bias such that the average potential is negative relative to the floating
potential.
During glow discharge plasma treatment, the surfaces exposed to the plasma are bombarded by
electrons and ions. The relative number of ions and electrons that impinge into the sample depends on
whether it is biased as cathode or an anode or is electrically isolated. The momentum transfer
associated with ion bombardment causes rearrangement and sputtering of surface atoms. Ion
bombardment can greatly influence the processes involved in the adsorption of molecules onto
surfaces and their subsequent reactions.
Plasma treatments have for some time been a relatively common method to increase the surface
energy and clean the surface of biomaterials before biological evaluation studies [315–319]. Although
the method has been fairly widely used in biomaterials research, there is very limited information
available about how the plasma process parameters can be optimized for surface cleaning and
preparation of biomaterials. Aronsson et al. investigated specifically the glow discharge plasma
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Fig. 43. Typical AES survey spectra of (a) a machined Ti sample, which has been solvent cleaned, and (b) a similarly
pretreated sample after Ar plasma cleaning (PAr = 30 Pa, U = 2.0 kV, I = 3–5 mA, t = 5 min) followed by in situ
reoxidation (105 Pa pure O2, 5 min). The sample was exposed to ambient air prior to AES analysis, which is the main
cause of the C peak [314].

treatment from the perspective of surface cleaning and modification of metallic biomaterials by
plasma treating titanium in Ar and O2 in the pressure range of 10–40 Pa [314]. In general, Ar plasmas
can be used for removing native surface layers, thick oxides, and impurities from former treatments
from the surface and reoxidation in pure O2 or ambient air at atmospheric pressure and room
temperature produces thermal oxides with thickness of 0.5–2.5 nm. Auger survey spectra show that
these oxides are clean with a surface contamination layer of only one monolayer or less of
hydrocarbons, as shown in Fig. 43. Plasma oxidation in pure O2 typically produces oxide 2–
150 nm thick and the parameters used to vary the final oxide thickness are gas pressure, treatment
time, and current density. Similar to plasma oxidation, nearly stoichiometric titanium nitrides several
nanometers thick can be formed in N2 plasmas. After air exposure, the surface is covered by an
extremely thin layer of surface oxide (<1 nm) and a monolayer or less of hydrocarbons.
Sobiecki et al. [320] examined the influence of glow discharge nitriding, oxynitriding and
carbonitriding on the surface modification of Ti–1Al–1Mn alloy. These treatments produce surface
layers with a diffusion character exhibiting high hardness, good wear, and corrosion resistance as well
as increased fatigue limit. It should be noted that the properties of the oxynitrided layer produced when
air is introduced additionally into the gaseous atmosphere are less superior than those of the
TiN + Ti2N + Ti(N) nitrided layer with respect to the hardness, limiting value of the fatigue strength
and corrosion and frictional wear resistance. This is because titanium dioxide TiO2 is hard but brittle
and so the phase formed in the near-surface zone of the laye reduces the fatigue strength, wear and
corrosion resistance. The incorporation of carbon produces a titanium carbonitride TiCN in the nearsurface zone, which shows the best hardness, good corrosion, and wear resistance as well as yields the
greatest increase in the fatigue strength.
4.4. Ion implantation and deposition
Ion beam processing is a process in which energetic ions are introduced into the surface layer of a
solid substrate via bombardment. The use of energetic ions affords the possibility of introducing a
wide range of atomic species independent of thermodynamic factors thus making it possible to obtain
impurity concentrations and distributions of particular interest. Ion implantation includes conventional
beam-line ion implantation and plasma immersion ion implantation (PIII). Conventional beam-line
ion implantation is a line-of sight process in which ions are extracted from an ion source, accelerated
as a collimated and mass-selected beam to high energy, and then bombard into the workpiece.
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Fig. 44. Schematic illustration of conventional beam-line ion implantation.

The schematic of the process is shown in Fig. 44. The ion beam is usually quite small and so either the
ion beam or sample is raster-scanned to achieve uniform implantation over a large area. If the
workpiece is non-planar, sample manipulation is required to implant all sides, and sample manipulation in conventional ion implantation is exacerbated by the need to provide adequate heat sinks to limit
temperature rise during implantation. Depending on the sample size and geometry, workpiece
manipulation consisting of linear translation along one axis or rotation about one or two axes and
very sophisticated computer-controlled endstations have been developed to optimize beam-line ion
implantation of three-dimensional species. For workpieces with very complicated geometry, it may be
very difficult or impossible to devise masks that satisfy this requirement. Furthermore, even if the
workpiece has sufficient symmetry to accommodate masking, the system performance is degraded
since the fraction of the beam that scraps off on the mask constitutes a loss in production throughput.
Furthermore, unless the mask is made of the same materials as the workpiece, sputtering of the mask
may contaminate the sample.
Conformal implantation into objects with complex geometry can be achieved and the retained
dose problem can be mitigated if the ion trajectory is always perpendicular to the local surface. Such a
task is possible in plasma immersion ion implantation if the plasma sheath conforms to the sample
surface (Fig. 45). Under optimal conditions, PIII circumvents the line-of sight restriction inherent to
conventional ion implantation. In PIII, the workpiece to be implanted is placed directly (immersed) in

Fig. 45. Schematic illustration of plasma immersion ion implantation (PIII).
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a plasma and then pulsed-biased to a high negative potential. A plasma sheath forms around the
workpiece and ions are accelerated across the plasma heath normal to the workpiece surface.
Therefore, ions bombard the sample surfaces perpendicularly provided that the plasma sheath
dimensions are small compared to the workpiece feature sizes. Coating or film formation occurs
when the plasma contains relatively low energy species whose sticking coefficient is significantly
different from zero. The use of metal plasmas with or without the presence of gas plasmas in concert
leads to plasma immersion ion implantation and deposition, PIII&D, a hybrid process that involves ion
implantation, deposition, and usually the formation of an atomically intermixed layer between the
substrate and coating. When a cathodic arc metal plasma source is used to introduce the metal ions,
high efficiency can be attained and the process can be adjusted to achieve pure implantation or pure
deposition or something in between.
All in all, ion beam technology has contributed significantly to the modification of biomaterials
[321]. The surface modification techniques can be divided into two categories: formation of a surfacemodified layer or that of a thin film that can be totally different from the substrate (Fig. 46). For
instance, ion implantation and ion mixing can produce surface-modified layer. The wear resistance and
bone conductivity can be improved by nitrogen and calcium ion implantation, respectively. The
advantage of the surface-modified layer is the graded composition and an obscure interface between
the surface layer and substrate making surface delamination less of a problem. Thin films can also be
used to improve bone conductivity, corrosion resistance, and wear resistance. Examples are apatite,
TiO2, and TiN, respectively. During film formation, control is easier and the film materials can be
selected irrespective of the substrate. However, weak adhesion of the thin film to the substrate can be a
problem especially in the case of high film stress or thermal mismatch.
The primary wear enhancement mechanism in ion-implanted materials is the formation of hard,
second-phase precipitates in the near-surface region. This region that is usually a fraction of a
micrometer thick consists of a large volume fraction of precipitates dispersed in a matrix of the
substrate material. The precipitate volume fraction varies with depth below the surface in accordance
with the atomic concentration profile of the implanted species. The high hardness of these precipitates
translates into significant strength and in addition, the matrix phase is strengthened by the presence of
strain fields around the precipitates that may impede dislocation movement. Conventional beam-line
ion implantation and PIII have been shown to improve the corrosion resistance of metals and alloys.
One mechanism attributable to the observed improvement is the increased solubility of the implant
species in the substrate material. This can lead to a more compositionally homogeneous surface that
may normally be immiscible under equilibrium processing conditions. This extension in solute
solubility is an important advantage since no-single-phase alloys produced by conventional methods
are susceptible to galvanic attack at the phase boundaries. Ion implantation has been demonstrated to

Fig. 46. Cross-sectional illustrations of thin film and surface-modified layer formation for surface modification of titanium
by ion implantation technology [322].
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cause amorphization, thereby producing a surface devoid of grain boundaries. Amorphous surfaces are
known to exhibit remarkable corrosion resistance, as preferential attack at the grain boundaries
becomes a non-issue. Another strategy to improve corrosion resistance is to implant ions that promote
the formation or enhance the effectiveness of the existing protective passivation film on an alloy
surface. Implantation treatments that lead to amorphization and promote passive film formation are
thus particularly beneficial as topographical aspects of grain boundaries that can cause imperfections
in the passive film can be avoided.
4.4.1. Oxygen implantation
Oxygen is a common element introduced into metals to modify their mechanical, physical,
chemical, and biological properties using either conventional beam-line ion implantation or PIII. A
number of papers have reported that the wear resistance, corrosion resistance, and biocompatibility of
titanium and its alloys can be improved by oxygen implantation. Titanium oxide is known to have
varying stoichiometries and the common compounds are Ti3O to Ti2O, Ti3O2, TiO, Ti2O3, Ti3O5 and
TiO2 [323]. This is a consequence of the facts that titanium exists in many different stable oxidation
states and that that oxygen is highly soluble in titanium. The most stable titanium oxide is TiO2, with
titanium in the preferred oxidation state of +IV. Titanium oxides, in particular TiO2, are thermodynamically very stable and the Gibbs free energy of formation is highly negative for a variety of
oxidation media, such as water or oxygen containing organic molecules.
TiO2 exists in three different crystallographic forms: rutile, anatase with tetragonal and brookite
with orthorhombic structure, but only the rutile and anatase phases are practically important. The unit
cells of rutile and anatase are shown in Fig. 47. In both structures, the basic building block consists of a

Fig. 47. Bulk structure of rutile and anatase. The stacking of the octahedral in both structure are shown on the right side
[324].
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Fig. 48. Raman spectra for samples implanted at different temperatures. The line positions from the literature are indicated
for rutile and anatase [330].

titanium atom surrounded by six oxygen atoms in a more or less distorted octahedral configuration. The
two bonds between titanium and oxygen at the apices of the octahedron are slightly longer. A sizable
deviation from a 908 bond angle is observed in anatase. In the rutile structure, neighboring octahedrals
share one corner along the h1 0 0i plane and are stacked with their long axis alternating by 908.
Rutile titanium oxide ceramics, TiO2 and TiOx films prepared by thermal oxidation and ion beamassisted deposition (IBAD) [325–329] generally have blood compatibility better than that of clinically
biomaterials, such as LTIC. Hence, titanium oxide is potential a good blood-contacting biomaterial.
Thorwarth et al. [330] investigated the rutile formation and oxygen diffusion in oxygen-PIII titanium
and using 30 kV pulses at temperatures between 265 and 550 8C, pure, stoichiometric rutile phase
without oxygen vacancies was obtained as shown in Fig. 48. The thickness of the surface layer was
observed to depend on the implantation temperature and treatment time. It has also been demonstrated
that titanium oxide can be formed by high fluence oxygen ion implantation into titanium. Generally,
the TiO phase is observed after implantation with doses up to 1  1018 O+ cm2 between room
temperature (RT) and 200 8C [331–334]. Hammerl et al. [335] investigated the oxygen concentration
distributions in titanium after implantation at temperature lower than 20 8C as a function of the
implantation dose. Oxygen does not diffuse significantly at such low temperature and the local oxygen
concentration can be as high as 70 at% as shown in Fig. 49. The existence of d-TiO, rutile TiO2,
anosovite Ti3O5, a- and b-TiO was observed. The morphology of the sample with the highest oxygen
content revealed a buried layer of b-TiO. At oxygen ion doses larger than 1  1018 O+ cm2 at RT, the
formation of the stable high temperature rutile phase TiO2 was observed [332,333]. Okabe et al. [336]
only identified TiO but not the rutile phase after implantation at 60 8C at doses up to
1  1018 O+ cm2. Leng et al. [337] observed that the titanium oxide thin films synthesized by
titanium and oxygen PIII on Ti–6Al–4V substrate were dense and did not exhibit gross features. The
microhardness of the TiOx films increased with higher oxygen partial pressure in the range of
(0–3)  102 Pa. A maximum microhardness of 17 GPa was achieved at an oxygen partial pressure of
3  102 Pa and the TiOx films possessed better wear resistance than Ti–6Al–4V under a small load.
Ti–O thin films fabricated by PIII exhibit superior thromboresistant properties in long-term tests.
After 17 days of implantation into dogs, no thrombus was observed on the Ti–O thin film, while a small
amount of thrombus was found on the control, LTI–carbon. The Ti–O film samples showed a fairly
clean surface with minimal blood red cell adhesion and no fibrin formation was found (Fig. 50a). The
surface of LTI–carbon adhered platelets and blood red cells showed extensive pseudopodia and
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Fig. 49. Atomic oxygen concentration profiles in titnaium after implantation of oxygen ions with 180 keV at doses
of (1–15)  1017 O+ cm2 measured with RBS [335].

distorted morphologies (Fig. 50b). Cells also aggregated and fibrin formed on the surface of
LTI–carbon samples. Yang et al. [338] suggested that the Ti–O film possessed a much higher
blood-compatibility than LTI–carbon because of its suitable surface (interface) energy properties and
the behaviors of its adsorbed proteins. The Ti–O film has lower blood cell-medium interfacial tension
that closer to the value of blood cell-medium than LTI–carbon. Thus, the interactions between
adsorbed proteins and foreign surface are not too different from the protein-plasma interactions.
4.4.2. Nitrogen implantation
Titanium nitride is a member of the refractory transition metal nitride family, which exhibits
properties characteristic of both covalent and metallic compounds [339,340]. Its good electrical
conductivity and excellent performance as an adhesive layer make TiN an interesting material in
microelectronic applications, e.g. as a diffusion barrier between silicon substrates and aluminum
metallisations [341,342]. TiN also has in its high hardness and remarkable resistance to wear and
corrosion and is therefore commonly used in products, such as cutting tools. Because of its intrinsic
biocompatibility, TiN is also a suitable material for orthopedic implants and has been used as a coating
on the heads of hip prostheses to improve their wear and fatigue resistance [343]. Moreover, TiN is the
material of choice as the hard coating on dental implants and dental surgical tools.

Fig. 50. SEM micrographs of materials after 17 days implantation in dogs: (a) Ti–O thin film; (b) LTI–carbon [338].
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Fig. 51. TEM images and electron diffraction patterns of OT-4-0 implanted with a nitrogen dose of 1  1018 N+ cm2 [345].

The structure and properties of nitrogen ion implanted titanium and titanium alloys have been
investigated by many researchers [344–351]. Krupa et al. [344,345] implanted nitrogen into OT-4-0
(Ti–0.7Mn–0.7Al) titanium alloy using conventional ion implantation and investigated the changes of
the surface structure and the advantageous effect of nitrogen ion implantation upon the corrosion
resistance. It was found that the implanted layer produced by implanting 1  1017 and 6  1017 cm2
N+ consisted of fine TiN particles dispersed in a deformed matrix of a-Ti. The 1  1017 cm2 surface
layer was uniform and showed good adherence to the substrate. The 6  1017 cm2 sample displayed
morphological non-uniformity with respect to its shape, distribution and size of the nitride particles, as
well as the depth of nitrogen penetration into the substrate. The structure obtained by implanting
1  1018 cm2 was similar to those implanted with lower doses and was composed of nanocrystalline
TiN (10–150 nm in diameter). This layer also contained TiN nanocrystallites in 1 mm broad spherical
regions as shown in Fig. 51. The nitrogen depth profile acquired by secondary ion mass spectrometry
(SIMS) from the sample implanted with 1  1018 cm2 N+ revealed a non-Gaussian plateau extending
to a depth of 50 nm (Fig. 52). Such a behavior is indicative of a mechanism in which implantation
can be considered to be not a purely non-equilibrium process but as being influenced by the chemical
forces that dominate at the end of the collision cascades, which leads to the formation of a layer of a
fixed composition. Examination of the corrosion resistance showed that nitrogen ion implantation
increased the corrosion resistance of the OT-4-0 alloy in a 0.9% NaCl solution. The best corrosion
resistance was achieved with a nitrogen dose of 1  1017 cm2. A similar improvement was observed

Fig. 52. Measured nitrogen concentration depth profile for the sample implanted at the nitrogen dose of 1  1018 N+ cm2
[345].
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Fig. 53. Lattice constants of titanium against nitrogen dose (a) and the lattice diagram (b) [346].

in the nitrogen-implanted OT-4-0 alloy in 0.5 M NaCl and 1.5 M H2SO4 media. Fukumoto et al. [346]
revealed that the lattice constant (a and c) of the titanium matrix calculated from the XRD peaks
increased with higher nitrogen doses except for a at 1  1021 m2 as shown in Fig. 53, indicating
nitrogen dissolved in titanium matrix with increasing doses and TiN was subsequently precipitated.
The size of the TiN precipitates also increased with the nitrogen dose. The wear resistance of titanium
was improved by nitrogen ion implantation and the optimal nitrogen dose was observed to be
5  1021 m2 for best wear resistance.
Nitrogen was also implanted into Ti–6Al–4V to improve its tribological properties [347]. The
friction coefficient of nitrogen-mplanted Ti–6Al–4V alloy against ASTM 52100 steel was lower than
that of the unimplanted sample. Nitrogen implantation reduced the volumetric wear rate of the disks as
well as that of the steel balls. Moreover, the seizure limit of the nitrogen-implanted disk was increased.
However, the improvement in the tribological properties did not correlate monotonically with the ion
dose, although the Knoop hardness of the implanted Ti–6Al–4Valloy increased with higher ion implant
dose. PIII was also used to harden the surface of Ti–6Al–4Valloy [348]. Nitrogen PIII at low temperature
(<200 8C) was found to increase the surface hardness slightly due to the formation crystalline TiN.
However, even at a voltage of 40 kV, the implanted profile that is within the top 50 nm was too thin to
withstand conditions in the field, but thermal treatment at >500 8C could increase the layer thickness.
4.4.3. Carbon implantation and deposition
Carbon does not worsen the biocompatibility of titanium alloys and is widely used as coatings on
metal implants. [352]. Carbon has been implanted into or deposited onto titanium using ion
implantation and deposition technologies to improve the mechanical properties, corrosion resistance
and biocompatibility. The depth profiles of carbon implanted into titanium alloys can be simulated
using the TRIM code, as shown in Fig. 54. The implanted ions are bound either to titanium to form
titanium carbides or to carbon atoms to form C–C bonds near the surface. Implantation at moderate
doses (5  1015–1  1017 cm2) creates a layer of nanocrystalline titanium carbide TiC with a cubic
lattice (Fm3m) and a-Ti matrix as shown in Fig. 55.
C implantation can produce more than a two-fold hardening effect on Ti–6Al–4V alloy. The
formation of TiC precipitates or even a TiC layer can account for the increase in hardness. However,
when a very high carbon dose is implanted (1018 cm2), a decrease in the hardness has been observed
[354]. This can be attributed to the formation of graphite (C–C bonds) and a TiC layer formed by the
reaction between excess carbon and titanium. At ion implant doses of over 4  1017 cm2, the
tribological behavior of titanium alloys are dramatically improved yielding friction coefficients of
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Fig. 54. Theoretical carbon concentration depth profiles for: (a) 2  1017 C+ cm2 dose; (b) 1  1017 C+ cm2 dose; (c)
1  1016 C+ cm2 dose; (d) 5  1015 C+ cm2 dose [353].

0.2–0.3. Unimplanted and materials implanted with the lower dose (2  1017 cm2) failed to
withstand the severe test and high abrasion manifested at early stages. The punch-through of the
passivating oxide layer was believed to be responsible for the sudden abrasive wear mechanism. C ion
implantation at doses of 4  1017 and 1018 cm2 retarded or even eliminated the transition from a mild
to highly abrasive wear under the test conditions [355].
Zhang et al. [356] examined the corrosion resistance of Ti–6A1–4V alloys after 80 kV,
3  1017 cm2 C ion implantation. The examinations were carried out by electrochemical methods
in two media: 0.5 M H2SO4 and (HCl + NaCl) solution (pH = 0.1) at 25 8C. In both solutions, the
corrosion potential, Ecor, appeared to be higher, whereas the corrosion current and anodic current

Fig. 55. TEM views of the carbon implanted titanium alloy at a dose 5  1015 C+ cm2 [353].
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density were lower compared to those measured from the unimplanted sample. Zhang et al. attributed
this increase of the corrosion resistance to implantation-induced changes in the chemical and phase
compositions of the surface, which facilitated the formation of a durable solid passive layer. Williams
et al. [357] examined the effect of carbon ion implantation on the wear resistance of Ti–6A1–4Valloys
in a corrosive environment (0.9% NaCl or 0.9% NaCl + 10% serum). The test samples were subjected
to two-stage C ion implantation: 2.5  1016 cm2 at 35 kV followed by 1.6  1017 cm2 at 50 kV. The
corrosion current appeared to be reduced by a factor of 100 compared to that measured from the
unimplanted samples.
The first report on PIII&D fabricated DLC films illustrated that the DLC films could form on silicon
utilizing hot-filament and glow discharge plasmas of methane [358]. Since then, research in this area has
expanded to include capacitively-coupled RF (13.56 MHz), inductively-coupled RF (460 kHz), and
pulsed glow discharge plasmas of methane, acetylene, and mixtures of argon and acetylene. The
hydrocarbon gas used for DLC deposition is largely a matter of choice, and the effectiveness of many
different hydrocarbon gases has been demonstrated. The two most commonly used gases are methane
and acetylene. Acetylene has lower ionization energy and provides higher plasma densities and hence
higher deposition rates than methane. Either gas can be used in pulsed glow or capacitive RF plasmas.
Capacitively-coupled RF sources are not adversely affected by the carbon coating deposited on the
antenna. However, inductively-coupled RF sources do not operate well when coated with an electrically
conductive carbon coating. In this case, argon can be added to the hydrocarbon gas to continuously
sputter the sources surface and ensure continuous operation [359].
Peng and Clyne [360] investigated the structure and mechanical stability of DLC films deposited
on aluminum, titanium and silicon substrates using a 13.56 MHz capacitively-coupled RF glow
discharge in methane. Fig. 56 shows the FTIR spectra of the DLC films deposited using different
negative voltages. Hydrogenated amorphous carbon displays a wide FTIR absorption band centered at
2900 cm1, which can be deconvoluted into different individual peaks corresponding to various types
of C–H stretching vibrations. Those at 2850 and 2920 cm1 corresponds to sp3-CH2, the peak at
2920 cm1 corresponding to sp3-CH, those at 3000 and 3060 cm1 corresponds to sp2-CH, and that at
3300 cm1 corresponds to sp1-CH stretching vibrations [361,362]. The negative self-bias has little
influence on the shape of the FTIR spectrum, but the relative intensity of CHx (1  x  3) absorbance
peaks x does show some variations as a result of changes in the bonding preference of hydrogen in the
sp3 and sp2 carbon networks. All the films displayed a broad Raman peak centred at around 1540 cm1

Fig. 56. FTIR spectra from a DLC films deposited at 10 Pa, with different self-bias voltages [360].
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Fig. 57. sp2 and sp3 carbon atom content as a function of argon flow rate [364].

and a shoulder at lower frequency of about 1350 cm1, which correspond to G and D peaks,
respectively. Raising the bias voltage shifts the G peak position to a higher frequency and also makes
the D peak more prominent.
DLC coatings deposited on metal substrates from gaseous sources using a pulsed sample bias
often lack sufficient adhesion for tribological applications. However, moderate-energy carbon
implantation prior to DLC deposition dramatically increases adhesion. The improved adhesion
results from the formation of carbide phases that act as anchors for the DLC coating. However, to
effectively improve adhesion by this method, low-energy argon bombardment is required after carbon
implantation to remove the thin graphitic layer that forms on the surface during implantation [363].
DLC thin films was traditionally synthesized by pulsed vacuum arc plasma deposition [364]. The
3
sp content changes as a function of argon flow, with the sp3 carbon atom content decreasing as the
argon flow increases as shown in Fig. 57. DLC films have good adhesion to Ti–6Al–4V substrates. The
blood adhesion behavior of the DLC films is influenced by the sp3 to sp2 ratio. The platelet adhesion
behavior of DLC improves while the hardness and wear resistance decreases with increasing argon
flow, although the property is still much better than that of Ti alloys. In order for DLC films to be
suitable for blood contacting applications, they must have the proper sp3 to sp2 ratio. DLC films have
also been fabricated using PIII&D using different C2H2 to Ar flow ratios [365]. The deposition rate
increases with increasing C2H2 flow rate as expected. The DLC films are hydrogenated, but the
hydrogen in the films is free and not bonded to carbon. Similarly, the blood compatibility of the DLC
films is also influenced by the ratio of sp3 to sp2.
4.4.4. Metal ion implantation
Calcium ion implantation is a promising method to enhance the surface bioactivity of titanium
and both conventional ion implantation and PIII have been used. Hanawa et al. [321,322,366–370]
revealed that the bone conductivity of titanium was improved by calcium ion implantation as calcium
ion implantation expedited calcium phosphate precipitation on titanium. After the calcium ion
implanted titanium was soaked in Hank’s solution for 30 days, a calcium phosphate layer formed
on the surface. Osteogenic cells were activated to form osteoid tissues and a large amount of new bone
was observed to form early on calcium ion implanted titanium compared to unimplanted titanium,
even only 2 days after implantation into rat tibia.
The improvement in the bone conductivity of calcium-implanted titanium is due to the modified
surface. The surface of calcium implanted titanium consists of calcium titanate at ion implant doses of
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Fig. 58. Schematic illustration of cross-sections of surface-modified layers of titanium specimens with and without calcium
ion implantation [322].

1016–1017 cm2, and both calcium oxide and calcium titanate are formed when the implant dose is
1018 cm2, as illustrated in Fig. 58. The outermost surface in both cases is possibly calcium hydroxide.
The modified surface layers are very thin and about 6, 8, and 13 nm on the specimens implanted with
1016, 1017, and 1018 cm2, respectively. This modified layer operates as a substrate with improved
hard-tissue compatibility. The calcium implanted titanium surface is more positively charged due to
dissociation of hydroxyl radicals [371], as schematically illustrated in Fig. 59. A larger number of
phosphate ions from the body fluid adsorbed on the calcium implanted titanium surface because of
coulombic attraction. That is, when more phosphate ions adsorb, more calcium ions are attracted
thereby accelerating the formation of calcium phosphate. Calcium ions are also gradually released
from the surface of calcium implanted titanium [372,373]. This causes supersaturation of calcium ions
in the body fluid next to the surface resulting in acceleration of calcium phosphate precipitation.
We have recently implanted calcium into titanium surface using PIII&D. Upon exposure to air, the
surface calcium is first oxidized and then reacts with water in air to form calcium hydroxide as shown in
Fig. 60. After the Ca-PIII titanium is soaked in simulated body fluids (SBF) for 28 days, a bone-like
apatite layer forms on the surface (Fig. 61) confirming improvement of the bone-conductivity. Krupa
et al. [374] investigated the effects of calcium implantation and formation of calcium phosphate
precipitates on the corrosion resistance of titanium. The titanium surface was implanted with calcium
ions at a dose of 1  1017 cm2 and the ion energy was 25 keV. The conditions under which
implantation was carried out were selected so that the calcium concentration was maximum on the

Fig. 59. Hydroxyl radicals (A) in air and (B) electric charges in and body fluid on unimplanted titanium and calcium ion
implanted titanium [322].
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Fig. 60. Thin-film XRD spectrum of Ca-PIII titanium.

surface. Calcium ion implantation with a dose of 1  1017 cm2 results in amorphization of the surface
layer and increases the corrosion resistance under stationary conditions. Calcium phosphate formed on
the titanium surface during exposure does not affect the corrosion resistance.
Calcium ions were also implanted into titanium to immobilize bisphosphonates on the surface of
titanium [375]. Here, the modified layer that was about 7–12 nm thick consisted of CaTiO3 and TiO2.
This modified layer was comparatively stable, and so immobilized bisphosphonate could remain on
the modified surface. Bisphosphonates are a new class of drugs that have been developed to treat
diseases related to bones, teeth, and calcium metabolism. These compounds are potent inhibitors of
bone resorption and inhibit soft tissue calcification in vivo. In the dental field, the compounds prevent
periodontal destruction and decrease the formation of dental calculus. In vitro, many of the bisphosphonates inhibit the crystal formation of calcium phosphate blocking the transformation of
amorphous calcium phosphate into hydroxyapatite and the dissolution of these crystals. Bisphosphonates are also reported to alter the morphology of osteoclasts both in vitro and when administered
in vivo. On dental implants, the use of bisphosphonates is expected to promote osteogenesis at the bone

Fig. 61. SEM view of Ca-PIII titanium soaked in SBF for 28 days.
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tissue/implant interface by inhibiting the activity of osteoclasts and immobilization of bisphosphonates on titanium implants is therefore considered important.
Krupa et al. [376] also investigated the effects of phosphorus ion implantation on the corrosion
resistance and biocompatibility of titanium. The sample was implanted with 1  1017 P+ cm2 and the
ion energy was 25 keV. The process led to amorphization of the surface layer and the formation of TiP.
It also increased the corrosion resistance after short-term as well as long-term exposures. The
phosphate layers formed on the titanium surface during exposure did not affect the corrosion
resistance and the biocompatibility titanium was confirmed under specific conditions. With regard
to the viability of osteoblasts, their condition as measured by the ALP activity, and ability to spread on
the investigated surfaces, no difference was found between the modified and control titanium.
Calcium and phosphorus have been co-implanted into titanium and titanium alloys to enhance
their mechanical properties and biocompatibility [377–380]. A hydroxyapatite surface layer with a
continuous transition to the titanium substrate can be produced by implanting successively calcium
and phosphorus into titanium under different conditions. During the implantation process, oxygen
was backfilled into the implantation chamber and afterwards, the implanted samples were thermally
treated [380]. By successive implantation of calcium and phosphorus, different ratios of Ca to P
could be attained and the apatite-like layer was then formed by annealing the samples at about
600 8C.
Sodium has also been implanted into titanium and its alloys to improve the bone conductivity by
inducing the formation of apatite on their surface in body fluids [381–383]. Sodium ion implantation
into Ti was shown to incorporate sodium titanate within the surface layer and produce morphologically
rugged surfaces. The titanate formation occurred by Na reacting with Ti in the presence of oxygen, as
shown in Fig. 62. Sodium-implanted Ti surfaces are sensitive to inducing apatite precipitation from
simulated body fluids. The surface reactivity is associated with a titania hydrogel film formed by the
hydrolysis of sodium titanate. The surface hydroxyl groups are not the chemically specific sites for
apatite nucleation. The apatite formation seems to be related to an unspecific effect based on the
electrical double layer at a negatively charged titania hydrogel surface which tends to increase the
supersaturation for apatite precipitation near the surface. Three factors are thought to affect the
supersaturation level: surface bound titanate and hydroxyl anions, the pH dependent deprotonation
equilibrium, and the microtopography facilitating a surface potential superposition.

Fig. 62. XRD patterns of samples in the as-implanted state after implantation of 2.4  1017 Na+ cm2 into titanium [382].
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Fluorine has been implanted into titanium to improve the antibacterial effect [384]. F-implanted
specimens were observed to significantly inhibit the growth of both P. gingivalis ATCC 33277 (P.g.)
and A. actinomycetemcomitans ATCC 43718 (A.a.). There are two possible explanations for the
antibacterial mechanism. On one hand, the action of the fluorine ions could be responsible for this
mechanism, but on the other hand, the action of the metal–fluoride complexes could be responsible.
Fluoride complex have been observed by thin film X-ray diffractometry and X-ray photoelectron
spectroscopy [385,386]. It has also been reported that several fluoride salts with polyvalent cations,
such as Cu2+, Sn2+, and Al3+ exhibit a direct antibacterial effect, and titanium tetrafluoride seeded with
bacteria exhibits similar growth inhibition zones to those of these salts [387].

5. Summary
In this review, an overview of surface modification methods used to improve the mechanical,
chemical and biological properties of titanium and its alloys for biomedical application have been
given. These methods are classified into mechanical, chemical and physical methods according to the
formation mechanism of the modified layer on the surface of titanium and its alloys. The properties of
titanium and its alloys can be upgraded to some extent after their surfaces are modified using suitable
surface modification technology. With the development of the surface engineering, more new surface
modification technologies will be introduced to improve the properties of titanium and its alloys for
meeting the clinical needs.
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