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a b s t r a c t

The osseointegration rate of titanium dental implants is related to their composition and

surface roughness. Rough-surfaced implants favor both bone anchoring and biomechanical

stability. Osteoconductive calcium phosphate coatings promote bone healing and appo-

sition, leading to the rapid biological fixation of implants. The different methods used

for increasing surface roughness or applying osteoconductive coatings to titanium dental

implants are reviewed. Surface treatments, such as titanium plasma-spraying, grit-blasting,

acid-etching, anodization or calcium phosphate coatings, and their corresponding sur-

face morphologies and properties are described. Most of these surfaces are commercially

available and have proven clinical efficacy (>95% over 5 years). The precise role of surface

chemistry and topography on the early events in dental implant osseointegration remain

poorly understood. In addition, comparative clinical studies with different implant surfaces

are rarely performed. The future of dental implantology should aim to develop surfaces with

controlled and standardized topography or chemistry. This approach will be the only way to
understand the interactions between proteins, cells and tissues, and implant surfaces. The

local release of bone stimulating or resorptive drugs in the peri-implant region may also

respond to difficult clinical situations with poor bone quality and quantity. These therapeu-

tic strategies should ultimately enhance the osseointegration process of dental implants for

their immediate loading and long-term success.
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. Introduction

n the past 20 years, the number of dental implant proce-
ures has increased steadily worldwide, reaching about one
illion dental implantations per year. The clinical success of

ral implants is related to their early osseointegration. Geom-
try and surface topography are crucial for the short- and
ong-term success of dental implants. These parameters are
ssociated with delicate surgical techniques, a prerequisite
or a successful early clinical outcome [1]. After implantation,
itanium implants interact with biological fluids and tissues.
irect bone apposition onto the surface of the titanium is crit-

cal for the rapid loading of dental implants. After the initial
tages of osseointegration, both prosthetic biomechanical fac-
ors and patient hygiene are crucial for the long-term success
f the implants. There are two types of response after implan-
ation. The first type involves the formation of a fibrous soft
issue capsule around the implant. This fibrous tissue capsule
oes not ensure proper biomechanical fixation and leads to
linical failure of the dental implant. The second type of bone
esponse is related to direct bone–implant contact without
n intervening connective tissue layer. This is what is known
s osseointegration. This biological fixation is considered to
e a prerequisite for implant-supported prostheses and their

ong-term success. The rate and quality of osseointegration in
itanium implants are related to their surface properties. Sur-
ace composition, hydrophilicity and roughness are param-
ters that may play a role in implant–tissue interaction and
sseointegration.

This review focuses on the different surfaces and methods
hat aim to accelerate the osseointegration of dental implants.
he physical and chemical properties of implant surfaces are
iscussed in relation to their biological and clinical behavior.
anufacturers of dental implants have developed a variety of

urfaces with different compositions and degrees of rough-
ess. However, there is controversy as to the optimal features

or implant surfaces regarding osseointegration kinetics.

. Chemical composition of the surface of
ental implants

he chemical composition or charges on the surface of tita-
ium implants differ, depending on their bulk composition
nd surface treatments. The composition and charges are

characterized by oxygen, carbon and iron content. Most den-
tal implants are made from grade 4 cpTi as it is stronger than
other grades. Titanium alloys are mainly composed of Ti6Al4V
(grade 5 titanium alloy) with greater yield strength and fatigue
properties than pure titanium [2].

The surface chemical composition of titanium implants
also affects the hydrophilicity of the surface. Highly
hydrophilic surfaces seem more desirable than hydropho-
bic ones in view of their interactions with biological fluids,
cells and tissues [3,4]. Contact angle measurements give val-
ues ranging from 0◦ (hydrophilic) to 140◦ (hydrophobic) for
titanium implant surfaces [3,5,6]. In a recent animal study,
Buser et al. [3] found that a hydrophilic SLA surface gave
higher bone-to-implant contact than regular SLA. Neverthe-
less, previous in vivo studies performed by Albrektsson and
co-workers [7,8] failed to demonstrate higher osseointegration
using hydrophilic surfaced dental implants.

3. Surface roughness of dental implants

There are numerous reports that demonstrate that the surface
roughness of titanium implants affects the rate of osseointe-
gration and biomechanical fixation [9,10]. Surface roughness
can be divided into three levels depending on the scale of the
features: macro-, micro- and nano-sized topologies.

The macro level is defined for topographical features as
being in the range of millimetres to tens of microns. This scale
is directly related to implant geometry, with threaded screw
and macroporous surface treatments giving surface rough-
ness of more than 10 �m. Numerous reports have shown that
both the early fixation and long-term mechanical stability of
the prosthesis can be improved by a high roughness profile
compared to smooth surfaces [11–13]. The high roughness
resulted in mechanical interlocking between the implant sur-
face and bone ongrowth. However, a major risk with high
surface roughness may be an increase in peri-implantitis as
well as an increase in ionic leakage [14]. A moderate rough-
ness of 1–2 �m may limit these two parameters [15].

The microtopographic profile of dental implants is defined
for surface roughness as being in the range of 1–10 �m. This
range of roughness maximizes the interlocking between
mineralized bone and the surface of the implant [10,13]. A
theoretical approach suggested that the ideal surface should
be covered with hemispherical pits approximately 1.5 �m in
ritical for protein adsorption and cell attachment. Dental
mplants are usually made from commercially pure titanium
r titanium alloys. Commercially pure titanium (cpTi) has var-

ous degrees of purity (graded from 1 to 4). This purity is
depth and 4 �m in diameter [16].
The main clinical indication for using an implant with

a rough surface is the poor quality or volume of the host
bone. In these unfavorable clinical situations, early and high
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Table 1 – Surface properties of titanium dental implants

Type of implant Surface roughness (�m) Contact angle (◦) References

cpTi Ra = 0.22 ± 0.01a 55.4 ± 4.1 [5,107]
Ti6Al4V Ra = 0.23 ± 0.01a 56.3 ± 2.7 [5,107]
TPS Ra = 7.01 ± 2.09 n.d. [5]
SLA Sa = 1.15 ± 0.05 138.3 ± 4.2 [3]
Modified SLA Sa = 1.16 ± 0.04 0 [3]
Plasma-sprayed HA coating Ra = 1.06 ± 0.21 57.4 ± 3.2 [6,108]

Biomimetic CaP coating Ra = 1.83 ± 0.64

a Machined and polished surfaces.

bone-to-implant contact would be beneficial for allowing high
levels of loading. In the cases of insufficient bone quantity or
anatomical limitations, short designed implants with a rough
surface have demonstrated superior clinical outcomes than
smooth surfaces [17,18]. Numerous studies have shown that
surface roughness in this range resulted in greater bone-to-
implant contact and higher resistance to torque removal than
other types of surface topography [10,13]. These reports have
demonstrated that titanium implants with roughened sur-
faces have greater contact with bone than titanium implants
with smoother surfaces [9,10]. However, the Cochrane collab-
oration has not found any clinical evidence demonstrating
the superiority of any particular implant surface [19].

Surface profiles in the nanometer range play an important
role in the adsorption of proteins, adhesion of osteoblastic
cells and thus the rate of osseointegration [20]. However, repro-
ducible surface roughness in the nanometer range is difficult
to produce with chemical treatments. In addition, the optimal
surface nano topography for selective adsorption of proteins
leading to the adhesion of osteoblastic cells and rapid bone
apposition is unknown.

Various methods have been developed in order to create
a rough surface and improve the osseointegration of tita-
nium dental implants (Table 1). These methods use titanium
plasma-spraying, blasting with ceramic particles, acid-etching
and anodization.

3.1. Roughening of implants by titanium
plasma-spraying
A titanium plasma-spraying (TPS) method has been used for
producing rough implant surfaces (Fig. 1). This method con-
sists in injecting titanium powders into a plasma torch at
high temperature. The titanium particles are projected on to

Fig. 1 – SEM micrographs of a titanium plasma-sprayed (TPS) su
13.4 ± 0.17 This work

the surface of the implants where they condense and fuse
together, forming a film about 30 �m thick. The thickness
must reach 40–50 �m to be uniform. The resulting TPS coat-
ing has an average roughness of around 7 �m, which increases
the surface area of the implant. It has been shown that this
three-dimensional topography increased the tensile strength
at the bone/implant interface [11]. In this pre-clinical study
using minipigs, the bone/implant interface formed faster with
a TPS surface than with smooth surface implants presenting
an average roughness of 0.2 �m. However, particles of titanium
have sometimes been found in the bone adjacent to these
implants [21]. The presence of metallic wear particles from
endosseous implants in the liver, spleen, small aggregates of
macrophages and even in the para-aortic lymph nodes have
also been reported [21]. Metal ions released from implants may
be the product of dissolution, fretting and wear, and may be
a source of concern due to their potentially harmful local and
systemic carcinogenic effects [22,23]. However, the local and
systemic adverse effects of the release of titanium ions have
not been universally recognized. In a clinical study compar-
ing SLA and TPS implant surfaces, no clinical difference was
observed between these two surfaces [24]. In a pre-clinical
model, the percentage of bone/implant contact was found
to be inferior for the TPS surface than for plasma-sprayed
hydroxyapatite-coated implants [25]. Nowadays, there is a
consensus on the clinical advantages of implanting mod-
erately rough surfaced implants (in the micrometric range)
rather than using rough plasma-sprayed implant surfaces
[11,26].
3.2. Roughening of implants by grit-blasting

Another approach for roughening the titanium surface con-
sists in blasting the implants with hard ceramic particles. The

rface (Courtesy of Cam Implants BV, The Netherlands).
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Fig. 2 – SEM micrographs of a TiO blasted su

eramic particles are projected through a nozzle at high veloc-
ty by means of compressed air. Depending on the size of the
eramic particles, different surface roughnesses can be pro-
uced on titanium implants. The blasting material should be
hemically stable, biocompatible and should not hamper the
sseointegration of the titanium implants. Various ceramic
articles have been used, such as alumina, titanium oxide and
alcium phosphate particles.

Alumina (Al2O3) is frequently used as a blasting material
nd produces surface roughness varying with the granulom-
try of the blasting media. However, the blasting material is
ften embedded into the implant surface and residue remains
ven after ultrasonic cleaning, acid passivation and steriliza-
ion. Alumina is insoluble in acid and is thus hard to remove
rom the titanium surface. In some cases, these particles have
een released into the surrounding tissues and have inter-
ered with the osseointegration of the implants. Moreover, this
hemical heterogeneity of the implant surface may decrease
he excellent corrosion resistance of titanium in a physiolog-
cal environment [27].

Titanium oxide is also used for blasting titanium den-
al implants. Titanium oxide particles with an average size
f 25 �m produce a moderately rough surface in the 1–2 �m
ange on dental implants. An example of a titanium oxide-
lasted surface is shown in Fig. 2. An experimental study using
icroimplants in humans has shown a significant improve-
ent for bone-to-implant contact (BIC) for the TiO2 blasted

mplants in comparison with machined surfaces [28]. Other

xperimental studies confirmed the increase in BIC for tita-
ium grit-blasted surfaces [12,29]. Other studies have reported
igh clinical success rates for titanium grit-blasted implants,
p to 10 years after implantation [30,31]. Comparative clinical

Fig. 3 – SEM micrographs of an SLA surface on a titanium de
(Courtesy of Astratech TiOblastTM, France).

studies gave higher marginal bone levels and survival rates for
TiO2 grit-blasted implants than for machined turned implants
[32,33].

Wennerberg et al. [13] demonstrated with a rabbit model
that grit-blasting with TiO2 or Al2O3 particles gave similar
values of bone–implant contact, but drastically increased the
biomechanical fixation of the implants when compared to
smooth titanium. These studies have shown that the torque
force increased with the surface roughness of the implants
while comparable values in bone apposition were observed
[34]. These studies corroborate that roughening titanium den-
tal implants increases their mechanical fixation to bone but
not their biological fixation.

A third possibility for roughening titanium dental implants
consists in using a biocompatible, osteoconductive and
resorbable blasting material. Calcium phosphates such as
hydroxyapatite, beta-tricalcium phosphate and mixtures have
been considered useful blasting materials. These materi-
als are resorbable, leading to a clean, textured, pure tita-
nium surface. Experimental studies have demonstrated a
higher bone-to-implant contact with these surfaces when
compared to machined surfaces [35,36]. Experimental studies
have demonstrated a bone-to-implant contact similar to that
observed with other blasting surfaces when osseointegration
is achieved [37].

3.3. Roughening of implants by acid-etching
Etching with strong acids such as HCl, H2SO4, HNO3 and HF
is another method for roughening titanium dental implants.
Acid-etching produces micro pits on titanium surfaces with
sizes ranging from 0.5 to 2 �m in diameter [38,39]. Acid-

ntal implant (Courtesy of Straumann AG, Switzerland).
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etching has been shown to greatly enhance osseointegra-
tion [40]. Immersion of titanium implants for several min-
utes in a mixture of concentrated HCl and H2SO4 heated
above 100 ◦C (dual acid-etching) is employed to produce a
microrough surface (Fig. 3). This type of surface promotes
rapid osseointegration while maintaining long-term suc-
cess over 3 years [41]. It has been found that dual acid-
etched surfaces enhance the osteoconductive process through
the attachment of fibrin and osteogenic cells, resulting in
bone formation directly on the surface of the implant [42].
In the peri-implant area, woven bone with thin trabecu-
lae projecting into the implants, has been described [43].
These studies hypothesized that implants treated by dual
acid-etching have a specific topography able to attach to
the fibrin scaffold, to promote the adhesion of osteogenic
cells, and thus to promote bone apposition [44,45]. Several
experimental studies have reported higher bone-to-implant
contact and less bone resorption with dual acid-etched
surfaces compared to machined or TPS surfaces [9,46,47].
Recently, acid-etching methods have been improved in order
to increase cell adhesion and bone neoformation. High
temperature acid-etching produces a homogeneous micro-
porous surface with higher bone-to-implant contact than
TPS surfaces in experimental studies [48,49]. The wettabil-
ity of the surface has also been proposed to promote fib-
rin adhesion. This fibrin adhesion provides contact guid-
ance for the osteoblasts migrating along the surface. An
experimental study has demonstrated that a hydrophilic sur-
face greatly improved the bone/implant contact compared to
standard sand-blasted and acid-etched implants in minipigs
[3].

Another approach involves treating titanium dental
implants in fluoride solutions. Titanium is very reactive to flu-
oride ions, forming soluble TiF4 species. The surface produced
has a microrough topography as shown in Fig. 4. This chemical
treatment of the titanium created both a surface roughness
and fluoride incorporation favorable to the osseointegration
of dental implants [50,51]. It has been shown that this chem-
ical surface treatment enhanced osteoblastic differentiation
in comparison with control samples [52]. Fluoridated rough
implants also withstood greater push-out forces and showed a

significantly higher torque removal than the control implants
[50,51]. This chemical treatment may have the potential to
further improve implant anchorage in bone by rendering the
implant surface bioactive.

Fig. 4 – SEM micrographs of treatment of titanium dental implan
OsseoSpeedTM, France).
3 ( 2 0 0 7 ) 844–854

Nevertheless, chemical treatments might reduce the
mechanical properties of titanium. For instance, acid-etching
can lead to hydrogen embrittlement of the titanium, creating
micro cracks on its surface that could reduce the fatigue resis-
tance of the implants [53]. Indeed, experimental studies have
reported the absorption of hydrogen by titanium in a biologi-
cal environment. This hydrogen embrittlement of titanium is
also associated with the formation of a brittle hybrid phase,
leading to a reduction in the ductility of the titanium. This
phenomenon is related to the occurrence of fracture mecha-
nisms in dental implants [53].

3.4. Roughening of implants by anodization

Micro- or nano-porous surfaces may also be produced by
potentiostatic or galvanostatic anodization of titanium in
strong acids (H2SO4, H3PO4, HNO3, HF) at high current density
(200 A/m2) or potential (100 V). The result of the anodization
is to thicken the oxide layer to more than 1000 nm on tita-
nium. When strong acids are used in an electrolyte solution,
the oxide layer will be dissolved along current convection
lines and thickened in other regions. The dissolution of the
oxide layer along the current convection lines creates micro-
or nano-pores on the titanium surface [54–57]. Anodization
produces modifications in the microstructure and the crys-
tallinity of the titanium oxide layer [58]. The anodization pro-
cess is rather complex and depends on various parameters
such as current density, concentration of acids, composition
and electrolyte temperature.

Anodized surfaces result in a strong reinforcement of the
bone response with higher values for biomechanical and his-
tomorphometric tests in comparison to machined surfaces
[59,60]. A higher clinical success rate was observed for the
anodized titanium implants in comparison with turned tita-
nium surfaces of similar shapes [61]. Two mechanisms have
been proposed to explain this osseointegration: mechanical
interlocking through bone growth in pores, and biochemical
bonding [55,62]. Modifications to the chemical composition of
the titanium oxide layer have been tested with the incorpora-
tion of magnesium, calcium, sulfur or phosphorus [63,64]. It
has been found that incorporating magnesium into the tita-

nium oxide layer leads to a higher removal torque value com-
pared to other ions [55].

In summary, surface roughness plays a major role in both
the quality and rate of osseointegration of titanium dental

ts in a fluoride solution surface (Courtesy of Astratech
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mplants. Highly roughened implants such as TPS or grit-
lasted have been shown to favor mechanical anchorage
nd primary fixation to bone. Topographies in the nanome-
er range have been used to promote protein adsorption,
steoblastic cell adhesion and the rate of bone tissue healing

n the peri-implant region.

. Osteoconductive calcium phosphate
oatings on dental implants

etal implants have been coated with layers of calcium
hosphates mainly composed of hydroxyapatite. Following

mplantation, the release of calcium phosphate into the peri-
mplant region increases the saturation of body fluids and
recipitates a biological apatite onto the surface of the implant

65,66]. This layer of biological apatite might contain endoge-
ous proteins and serve as a matrix for osteogenic cell attach-
ent and growth [67]. The bone healing process around the

mplant is therefore enhanced by this biological apatite layer.
he biological fixation of titanium implants to bone tissue is

aster with a calcium phosphate coating than without [68,69].
t is well-recognized that calcium phosphate coatings have led
o better clinical success rates in the long-term than uncoated
itanium implants [68,70]. These long-term success rates are
ue to a superior initial rate of osseointegration [70]. Different
ethods have been developed to coat metal implants: plasma-

praying, sputter-deposition, sol–gel coating, electrophoretic
eposition or biomimetic precipitation. However, only the
lasma-spraying coating method has been used for titanium
ental implants in clinical practice.

Plasma-spraying is a technique in which hydroxyapatite
HA) ceramic particles are injected into a plasma torch at high
emperature and projected on to the surface of the titanium
here they condense and fuse together, forming a film (Fig. 5).

lasma-sprayed coatings can be deposited with a thickness
anging from a few micrometers to a few millimeters. In order
o obtain mechanical retention of the coating, the surface of
he metallic implant must be roughened, e.g. by means of grit-
lasting, when using this method.

The plasma-spraying method has disadvantages, however,
uch as the porosity of the coating and residual stress at

he substrate/coating interface, as well as drastic changes
n the composition and crystallinity of the initial calcium
hosphate powder [71,72]. Several calcium phosphate phases
ave been observed in plasma-sprayed HA coatings such as

ig. 5 – SEM micrographs of a plasma-sprayed hydroxyapatite (H
etherlands).
( 2 0 0 7 ) 844–854 849

tricalcium phosphates (�- and �-TCP), tetracalcium phos-
phate, calcium oxide and amorphous calcium phosphate
(ACP) [73–75]. Plasma-sprayed HA coatings are usually com-
posed of large crystalline HA particles embedded into a highly
soluble amorphous calcium phosphate phase. Moreover, the
plasma-spraying technique is not very effective for coating
tiny dental implants with a complex shape.

Plasma-sprayed HA-coated dental implants have also been
associated with clinical problems [6,76–79]. One of the major
concerns with plasma-sprayed coatings is the possible delam-
ination of the coating from the surface of the titanium implant
and failure at the implant-coating interface despite the fact
that the coating is well-attached to the bone tissue. The dis-
crepancy in dissolution between the various phases that make
up the coating has led to delamination, particle release and
thus the clinical failure of implants [76–79]. Coating delamina-
tion has been reported in dental situations where the efficacy
of plasma-spraying is not optimal due to the size of the dental
implants [6]. Loosening of the coating has also been reported,
especially when the implants have been inserted into dense
bone.

For all of the above reasons, the clinical use of plasma-
sprayed HA-coated dental implants is limited. Plasma-sprayed
HA-coated prostheses are nevertheless highly successful in
orthopedics. Despite their negative reputation in dental prac-
tice, a meta-analytic review did not show that long-term sur-
vival rates were inferior for plasma-sprayed HA-coated dental
implants compared to other types of dental implant [78].

5. Future trends in dental implant surfaces

A few strategies should be considered in order to improve both
the short and long-term osseointegration of titanium dental
implants. These future trends concern the modifications of
surface roughness at the nanoscale level for promoting protein
adsorption and cell adhesion, biomimetic calcium phosphate
coatings for enhancing osteoconduction and the incorpora-
tion of biological drugs for accelerating the bone healing pro-
cess in the peri-implant area.

5.1. Surface roughness at the nanoscale level
The chemistry and roughness of implant surfaces play a major
role in the biological events that follow implantation. Nev-
ertheless, surfaces are often developed using an empirical

A) coating surface (Courtesy of Cam Implants BV, The
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mim
Fig. 6 – SEM micrographs of a bio

approach with in vitro and in vivo tests. Most of the sur-
faces currently available have random topography with a wide
range of thicknesses, from nanometers to millimeters. The
exact biological role of these features is unknown because of
the absence of standardized surfaces with repetitive topog-
raphy at the nano-sized level (e.g. pits with fixed diameters
and depth, lanes with controlled profiles). Such controlled or
standardized surfaces might help to understand the interac-
tions between specific proteins and cells. These standardized
surfaces might also promote early bone apposition on the
implants.

Only a few studies have reported modifications to the
roughness as well as the chemistry at the nanometer scale
in a reproducible manner. Most of these attempts have used
processing methods from the electronic industry such as
lithography and surface laser-pitting. In vitro experimental
studies [80–82] have demonstrated that the attachment of
osteoblastic cells was enhanced on submicron scale struc-
tures but not on smooth surfaces. Well-developed filopodia
directly entered nanometer-sized pores for the initial attach-
ment of the osteoblastic cells. These nanometer structures
may also give the cells positive guidance by means of the selec-
tive attachment of osteoblasts to the implant surface. This
selective attachment process might result in the improvement
of initial healing around dental implants.

5.2. Biomimetic calcium phosphate coatings on
titanium dental implants

In order to avoid the drawbacks of plasma-sprayed HA coat-
ings (see Section 4), scientists have developed a new coating
method inspired by the natural process of biomineralization.
In this biomimetic method, the precipitation of calcium phos-
phate apatite crystals onto the titanium surface from simu-
lated body fluids (SBF) formed a coating at room temperature
(Fig. 6). In order to accelerate the deposition of coatings from
aqueous solutions, several methods have been developed.

The first method involves the electrodeposition of calcium
phosphate by using a current, a titanium cathode and a plat-
inum anode [83,84]. This electrochemical method is usually
conducted in acidic calcium phosphate solutions and leads
to the formation of brushite coatings which are subsequently

converted into apatite by hydrothermal processing. The elec-
trochemical deposition performed in simulated body fluid
buffered at neutral pH can produce a carbonated apatite coat-
ing directly on the titanium surfaces [85]. This method makes
etic calcium phosphate coating.

possible perfect control of the thickness of the deposit on all
kinds of complicated surfaces. The time required for coating
is very short and the process presents high reproducibility and
efficacy [86,87].

The second method is based on the biomimetic precipi-
tation of calcium phosphate on titanium surfaces by immer-
sion in SBF. This method involves the heterogeneous nucle-
ation and growth of bone-like crystals on the surface of the
implant at physiological temperatures and under pH con-
ditions. In general, two subsequent steps have been used
to enhance the heterogeneous nucleation of the Ca–P. First,
the implants are treated with an alkaline in order to form
titanium hydroxyl groups on the titanium surface, to serve
as nucleating points [88]. Others have used high concentra-
tions of calcium and phosphate in an increasing pH solution
to form a thin layer on the titanium surface. In the second
step, the coating develops under crystal growth conditions
[89]. The heterogeneous nucleation and growth of the Ca–P
on the titanium surface is initiated by the chemical bond-
ing of nano-sized clusters, forming an interfacial unstructured
matrix, stabilized by the presence of magnesium ions [90]. The
mechanical stability of the Ca–P coating requires a rough tita-
nium surface to ensure the mechanical stability of the coating.
In addition, this physiological method broadens the variety
of calcium phosphate phases that can be deposited, such as
octacalcium phosphate or bone-like carbonate apatite [88,91].
It has been shown that such biomimetic coatings are more sol-
uble in physiological fluids and resorbable by osteoclastic cells
like dentin materials than high temperature coatings such as
plasma-sprayed HA [91,92]. The osseointegration of titanium
implants coated with biomimetic calcium phosphate has been
investigated in pre-clinical comparative models. These stud-
ies have demonstrated a higher bone-to-implant contact for
biomimetic calcium phosphate coatings than for uncoated
titanium implants [69,93]. However, the osseointegration of
titanium dental implants coated biomimetically has not yet
been compared with other surface treatments in pre-clinical
models.

5.3. Incorporation of biologically active drugs into
titanium dental implants
The surface of titanium dental implants may be coated with
bone-stimulating agents such as growth factors in order
to enhance the bone healing process locally. Members of
the transforming growth factor (TGF-�) superfamily, and
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n particular bone morphogenetic proteins (BMPs), TGF-�1,
latelet-derived growth factor (PDGF) and insulin-like growth
actors (IGF-1 and 2) are some of the most promising candi-
ates for this purpose. Experimental data, in which BMPs have
een incorporated into dental implants, have been obtained
rom a variety of methodologies [94–99]. The limiting factor
s that the active product has to be released progressively
nd not in a single burst. Another possibility may be the
djunction of a plasmid containing the gene coding for a BMP
100]. This possibility is limited due to the poor efficacy of
nserting plasmids into the cells and the expression of the
rotein. In addition, overproduction of BMPs by cells might
ot be desirable after the bone healing process.

The surface of implants could also be loaded with
olecules controlling the bone remodeling process. Incor-

oration of bone antiresorptive drugs, such as biphospho-
ates, might be very relevant in clinical cases lacking bone
upport, e.g. resorbed alveolar ridges. It has been shown
ecently that a biphosphonate incorporated on to titanium
mplants increased bone density locally in the peri-implant
egion [101]. The effect of the antiresorptive drug seems to be
imited to the vicinity of the implant. Experimental in vivo
tudies have demonstrated the absence of negative effects
ut only a slight increase in dental implant osseointegration

102,103]. Other experimental studies using plasma-sprayed
A-coated dental implants immersed in pamidronate or zole-
ronate demonstrated a significant increase in bone contact
rea [104–106]. The main problem lies in the grafting and sus-
ained release of antiresorptive drugs on the titanium implant
urface. Due to the high chemical affinity of biphosphonates
or calcium phosphate surfaces, incorporation of the antire-
orptive drug on to dental implants could be achieved by using
he biomimetic coating method at room temperatures. How-
ver, the ideal dose of antiresorptive drug will have to be
etermined because the increase in peri-implant bone den-
ity is biphosphonate concentration-dependent [106].

. Conclusion

here are a number of surfaces commercially available for
ental implants. Most of these surfaces have proven clini-
al efficacy (>95% over 5 years). However, the development of
hese surfaces has been empirical, requiring numerous in vitro
nd in vivo tests. Most of these tests were not standardized,
sing different surfaces, cell populations or animal models.
he exact role of surface chemistry and topography on the
arly events of the osseointegration of dental implants remain
oorly understood. Furthermore, comparative clinical stud-

es with different implant surfaces are rarely performed. The
uture of dental implantology should aim at developing sur-
aces with controlled and standardized topography or chem-
stry. This approach is the only way to understand protein,
ell and tissue interactions with implant surfaces. The local
elease of bone-stimulating or resorptive drugs in the peri-
mplant region may also respond to difficult clinical situations
ith poor bone quality and quantity. These therapeutic strate-
ies should ultimately enhance the osseointegration process
f dental implants for their immediate loading and long-term
uccess.
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1. Introduction

Calcium phosphates are the most important inorganic
constituents of biological hard tissues. In the form of
carbonated hydroxyapatite (HA), they are present in bone,
teeth, and tendons to give these organs stability, hardness, and
function. Calcium phosphate crystals are also found in ™dead∫
nature as mineral deposits of considerable size, having grown
over many years under sometimes extreme conditions of
pressure and temperature. In contrast, biologically formed
calcium phosphates are often nanocrystals that are precipi-
tated under mild conditions (ambient pressure, near room
temperature).

The biological formation of minerals by living organisms is
commonly called ™biomineralization∫.[1±9] Today more than
60 minerals are known that are used by organisms, for

example, for protection (shell), as tools (teeth), as gravity
sensors (octoconia or statoliths), or as a skeleton. In terms of
absolute quantity, calcium phosphates are minor compared to
calcium carbonate (CaCO3) and silicon dioxide (as silicic acid
SiO2 ¥nH2O), which both occur in huge amounts in marine
single-cell organisms. Another very important class of bio-
minerals are iron oxides that occur, for example, in snail teeth
or magnetotactic bacteria.[1] The presence of calcium phos-
phates in vertebrates (such as humans) makes them partic-
ularly important in biomedicine, as many diseases result from
irregularities in the skeletal system (i.e. in bone) or the dental
system (in teeth). It must also be stressed that, although the
presence of calcium phosphate in these hard tissues is crucial
for survival, there are occasions on which calcium phosphate
minerals crystallize in an irregular way in undesired regions.
These phenomena are called pathological crystallization or
ectopic mineralization, of which atherosclerosis, stone for-
mation, or dental calculus are prominent examples.

Herein, we give an overview of the occurrence, formation,
and significance of calcium phosphate minerals in living
organisms, with a special emphasis on current biomedical
questions.

Biological and Medical Significance of Calcium Phosphates

Sergey V. Dorozhkin and Matthias Epple*

Dedicated to Professor Sir John Meurig Thomas on the occasion of his 70th birthday

The inorganic part of hard tissues
(bones and teeth) of mammals consists
of calcium phosphate, mainly of apa-
titic structure. Similarly, most unde-
sired calcifications (i.e. those appear-
ing as a result of various diseases) of
mammals also contain calcium phos-
phate. For example, atherosclerosis
results in blood-vessel blockage caused
by a solid composite of cholesterol
with calcium phosphate. Dental caries
result in a replacement of less soluble
and hard apatite by more soluble and
softer calcium hydrogenphosphates.
Osteoporosis is a demineralization of
bone. Therefore, from a chemical point
of view, processes of normal (bone and

teeth formation and growth) and
pathological (atherosclerosis and den-
tal calculus) calcifications are just an
in vivo crystallization of calcium phos-
phate. Similarly, dental caries and
osteoporosis can be considered to be
in vivo dissolution of calcium phos-
phates. On the other hand, because of
the chemical similarity with biological
calcified tissues, all calcium phosphates
are remarkably biocompatible. This
property is widely used in medicine
for biomaterials that are either entirely
made of or coated with calcium phos-
phate. For example, self-setting bone
cements made of calcium phosphates
are helpful in bone repair and titanium

substitutes covered with a surface layer
of calcium phosphates are used for hip-
joint endoprostheses and tooth substi-
tutes, to facilitate the growth of bone
and thereby raise the mechanical sta-
bility. Calcium phosphates have a great
biological and medical significance and
in this review we give an overview of
the current knowledge in this subject.
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2. Geological and Biological Occurrence

Calcium and phosphorus are widely distributed elements
on our planet. The surface layer of the Earth contains about
3.4 wt% of calcium and 0.10 wt% of phosphorus.[10] Combi-
nations of oxides of these two elements with or without
incorporation of water give different calcium phosphates.
Unless doped with a colored transition-metal ion (often the
case in nature), all calcium phosphates are white solids. Most
calcium phosphates are only sparingly soluble in water, and
some can be considered to be insoluble, but all dissolve in
acids. Ortho- (PO4

3�), pyro- (P2O7
4�), and poly- ((PO3)nn�)

phosphates can be structurally distinguished. Although cal-
cium pyrophosphates occur in some pathological calcifica-
tions, only calcium orthophosphates will be considered here.
They are the major component of all human calcified tissues,
and natural calcium orthophosphates are the source for
phosphorus-containing fertilizers.[11±14]

Geologically, natural calcium orthophosphates are found in
different regions to fluoroapatite deposits, Ca10(PO4)6F2, or
phosphorites. Most geological environments contain calcium
phosphates, usually as accessory minerals (�5%). In some
sedimentary rocks (phosphorites) and rarely in igneous
segregations (fluoroapatite), the concentration is high enough
to permit an economic use. The largest world deposits of
natural phosphate rock are located in Morocco, Russia,
Kazakhstan, and the USA (Florida, Tennessee).[11±14] Most
natural calcium phosphates occur as small polycrystals. Larger
crystals usually have the crystal structure of apatites (hex-
agonal system, space group P63/m, or monoclinic system,
space group P21/b). None of these crystals are pure com-
pounds; they are always admixtures of other elements. For

example, calcium ions may be partially replaced by Sr, Ba,
Mg, K, Na, Fe; phosphate ions may be replaced by AsO4

3�,
CO3

2�, and VO4
3� ; hydroxide, chloride, bromide, carbonate,

and oxide ions may substitute fluoride ions in the crystal
lattice. Moreover, some ions in the crystal structure may be
missing, which leaves crystallographic defects. This leads to
the formation of nonstoichiometric compounds. Figure 1
shows polycrystalline and single-crystalline calcium phos-
phate minerals.

The major industrial application of calcium phosphate
minerals is in the production of agricultural fertilizers. Natural
calcium phosphates that are used for fertilizer production can
be of geological or of biological origin for example, guano

Figure 1. Polycrystalline (a) and single-crystalline (b) fluoroapatite (chem-
ical formula: Ca10(PO4)6F2) of geological origin. The single crystal has a
grey ± green color caused by incorporated transition metals.
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(mineralized excrements of birds, accumulated over thou-
sands of years, e.g. in the South Sea at Nauru, Banaba, and
Makatea). On the 21 km2 island of Nauru, about 2 million tons
of fertilizers are mined every year, which is leading to severe
ecological problems. The total capacity of industrial plants in
the world exceeds 25 million tons of phosphate fertilizers per
year (as P2O5).[12]

In biological systems, calcium orthophosphates occur as the
principal inorganic constituent of normal (bones, teeth, fish
enameloid, and some species of shells) and pathological
(dental and urinary calculus and stones, atherosclerotic
lesions) calcifications.[15±18] Structurally, they occur mainly in
the form of poorly crystallized nonstoichiometric sodium-,
magnesium-, and carbonate-containing HA (often called
™biological apatite∫ or dahllite). The main constituents of
human bones are calcium orthophosphates (�50 ± 60 wt%),
collagen (�30 ± 40 wt%), and water (�10 wt%). In micro-
scopic studies of the interface between implanted calcium
phosphate biomaterials and the host bone, poorly crystallized
nonstoichiometric carbonated apatite similar to that of bone
apatite was found.[19±21] Detailed information on the chemical
composition of the most important human normal calcified
tissues is given in Table 1. Figure 2 shows a picture of a
calcined bone, that is, only the calcium phosphate skeleton,
after burning off all organic components.

As a variety of stoichiometric calcium phosphates is known,
abbreviations have traditionally been introduced to distin-
guish between the different compounds. Important parame-
ters are the molar Ca/P ratio and the solubility. Table 2
presents the known calcium phosphate phases. For the
chemically pure compounds, the Ca/P ratio can be between
0.5 ± 2.0. In general, the lower this ratio, the more acidic and
soluble in water the calcium phosphate is (see ref. [22] for the
apparent solubility of these phases as a function of pH value
and calcium concentration). A brief description of all calcium
orthophosphates is given below. Table 3 contains their crys-
tallographic data.

Figure 2. Calcined porous bone (spongiosa) showing the high porosity and
the interconnecting network of pores (magnification: 20.4� ).

MCPM (monocalcium phosphate monohydrate, Ca(H2-

PO4)2 ¥H2O) is the most acidic and water-soluble calcium
phosphate compound. It precipitates from highly acidic
solutions that are normally used in the industrial production
of phosphorus-containing fertilizer (™triple superphos-
phate∫).[12] At temperatures above 100�C, it transforms into
MCPA (monocalcium phosphate anhydrate, Ca(H2PO4)2).
Because of its comparatively high acidity and solubility, MCPM
is never found in biological calcifications. However, MCPM is
used in some calcium phosphate cements in medicine.[23±27]

Other applications are as antacids, acidulents, and mineral
supplements for baking powders, foods, and beverages.[28]

MCPA is the anhydrous form of MCPM. It crystallizes
under similar conditions as MCPM but at temperatures above
100 �C (e.g. from highly concentrated mother liquors in
fertilizer production). Like MCPM, MCPA never appears in
calcified tissues, and there is no current application in
medicine; it is mainly used as a fertilizer.[12, 28]

DCPD (dicalcium phosphate dihydrate, CaHPO4 ¥ 2H2O;
the mineral brushite) can be easily crystallized from aqueous

Angew. Chem. Int. Ed. 2002, 41, 3130 ± 3146 3133

Table 1. Comparative composition and structural parameters of inorganic phases of adult-human calcified tissues.[a][15, 21]

Composition Enamel Dentin Bone Hydroxyapatite (HA)

calcium [wt%][b] 36.5 35.1 34.8 39.6
phosphorus (as P) [wt%][b] 17.7 16.9 15.2 18.5
Ca/P (molar ratio)[b] 1.63 1.61 1.71 1.67
sodium [wt%][b] 0.5 0.6 0.9 ±
magnesium [wt%][b] 0.44 1.23 0.72 ±
potassium [wt%][b] 0.08 0.05 0.03 ±
carbonate (as CO3

2�) [wt%][c] 3.5 5.6 7.4 ±
fluoride [wt%][b] 0.01 0.06 0.03 ±
chloride [wt%][b] 0.30 0.01 0.13 ±
pyrophosphate,(as P2O7

4�) [wt%][c] 0.022 0.10 0.07 ±
total inorganic [wt%][c] 97 70 65 100
total organic [wt%][c] 1.5 20 25 ±
water [wt%][c] 1.5 10 10 ±
a axis [ä][d] 9.441 9.421 9.41 9.430
c axis [ä][d] 6.880 6.887 6.89 6.891
crystallinity index, (HA� 100) 70 ± 75 33 ± 37 33 ± 37 100
typical crystal sizes [nm][1, 105, 107] 100 � 50� 50�m 35� 25� 4 50� 25� 4 200 ± 600
ignition products (800 �C) �-TCP � HA �-TCP� HA HA � CaO HA
elasticity modulus (GPa)[261] 80 15 0.34 ± 13.8 10
compressive strength (MPa) 10 100 150 100

[a] Because of the considerable variation found in biological samples, typical values are given in these cases. [b] Ashed samples. [c] Unashed samples.
[d] Lattice parameters: � 0.003 ä.
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solutions. DCPD transforms into dicalcium phosphate anhy-
drate at temperatures above 80 �C. DCPD is of biological
importance because it is often found in pathological calcifi-
cations (dental calculi, crystalluria, chondrocalcinosis,[15±17]

and urinary stones[18]). DCPD has been proposed as an
intermediate in both bone mineralization and dissolution of
enamel in acids (dental caries).[15±18] In surgery, DCPD is used
in calcium phosphate cements[27, 29±34] and, in dentistry, in
toothpaste together with fluoride-containing compounds (e.g.
NaF) for protection against caries.[35±38] Other applications are
in fertilizers,[12] glass production, calcium supplements in
foods, and mineral supplements in cereals.[28]

DCPA (dicalcium phosphate anhydrate, CaHPO4; the
mineral monetite) is the anhydrous form of DCPD. DCPA,
like DCPD, can be crystallized from aqueous solutions but at
100 �C. Unlike DCPD, DCPA occurs in neither normal nor
pathological calcifications. It is used in calcium phosphate
cements,[33, 39±44] and other applications are as polishing agents,

sources of calcium and phosphate in nutritional supplements,
tabletting aids, and toothpaste components.[28]

OCP (octacalcium phosphate, Ca8(HPO4)2(PO4)4 ¥ 5H2O) is
often found as an intermediate phase during the precipitation
of the thermodynamically more stable calcium phosphates
(e.g. HA, calcium-deficient HA (CDHA)) from aqueous
solutions. OCP consists of apatitic layers (with atomic
arrangements of calcium and phosphate ions similar to those
of HA) separated by hydrated layers (water molecules). OCP
is of great biological importance because it is one of the stable
components of human dental and urinary calculi.[45±47] It plays
an important role in the in vivo formation of apatitic
biominerals. A ™central OCP inclusion∫ (also known as
™central dark line∫) is seen by transmission electron micro-
scopy in many biological apatites and in some synthetically
precipitated HA (see below for a detailed discussion).[48±51]

Although OCP has not been observed in vascular calcifica-
tions, it has been strongly suggested as the precursor phase to

3134 Angew. Chem. Int. Ed. 2002, 41, 3130 ± 3146

Table 2. Properties of the biologically relevant calcium orthophosphates.[a][103, 104]

Ca/P
ratio

Compound Formula Solubility at
25 �C, � log(Ksp)

Solubility at
37 �C, � log(Ksp)

pH stability
range in aqueous
solution at 25 �C

0.5 monocalcium phosphate monohydrate (MCPM) Ca(H2PO4)2 ¥H2O 1.14 no data 0.0 ± 2.0
0.5 monocalcium phosphate anhydrate (MCPA) Ca(H2PO4)2 1.14 no data [d]

1.0 dicalcium phosphate dihydrate (DCPD, ™brushite∫) CaHPO4 ¥ 2H2O 6.59 6.63 2.0 ± 6.0
1.0 dicalcium phosphate anhydrate (DCPA, ™monetite∫) CaHPO4 6.90 7.02 [d]

1.33 octacalcium phosphate (OCP) Ca8(HPO4)2(PO4)4 ¥ 5H2O 96.6 95.9 5.5 ± 7.0
1.5 �-tricalcium phosphate (�-TCP) �-Ca3(PO4)2 25.5 25.5 [b]

1.5 �-tricalcium phosphate (�-TCP) �-Ca3(PO4)2 28.9 29.5 [b]

1.2 ± 2.2 amorphous calcium phosphate (ACP) Cax(PO4)y ¥ nH2O [c] [c] [e]

1.5 ± 1.67 calcium-deficient hydroxyapatite (CDHA) Ca10�x(HPO4)x(PO4)6�x(OH)2-x (0� x� 1) � 85.1 � 85.1 6.5 ± 9.5
1.67 hydroxyapatite (HA) Ca10(PO4)6(OH)2 116.8 117.2 9.5 ± 12
2.0 tetracalcium phosphate (TTCP) Ca4(PO4)2O 38 ± 44 37 ± 42 [b]

[a] The solubility is given as the logarithm of the ion product of the given formulae (excluding hydrate water) with concentrations in mol L�1. [b] These compounds
cannot be precipitated from aqueous solutions. [c] Cannot be measured precisely. However, the following values were reported: 25.7� 0.1 (pH 7.40), 29.9� 0.1
(pH 6.00), 32.7� 0.1 (pH 5.28).[78] [d] Stable at temperatures above 100 �C. [e] Always metastable. The composition of a precipitate depends on the solution
pH value and composition.

Table 3. Crystallographic data of calcium phosphates.[72, 73]

Compound Space group Unit cell parameters[a] Z[b] Density [gcm�3]

MCPM triclinic P1≈ a� 5.6261(5), b� 11.889(2), c� 6.4731(8) 2 2.23
�� 98.633(6), �� 118.262(6), �� 83.344(6)

MCPA triclinic P1≈ a� 7.5577(5), b� 8.2531(6), c� 5.5504(3) 2 2.58
�� 109.87(1), �� 93.68(1), �� 109.15(1)

DCPD monoclinic Ia a� 5.812(2), b� 15.180(3), c� 6.239(2) 4 2.32
�� 116.42(3)

DCPA triclinic P1≈ a� 6.910(1), b� 6.627(2), c� 6.998(2) 4 2.89
�� 96.34(2), �� 103.82(2), �� 88.33(2)

OCP triclinic P1≈ a� 19.692(4), b� 9.523(2), c� 6.835(2) 1 2.61
�� 90.15(2), �� 92.54(2), �� 108.65(1)

�-TCP monoclinic P21/a a� 12.887(2), b� 27.280(4), c� 15.219(2) 24 2.86
�� 126.20(1)

�-TCP rhombohedral R3cH a�b� 10.439(1), c� 37.375(6) 21[c] 3.07
�� 120

HA monoclinic P21/b a� 9.84214(8), b� 2a, c� 6.8814(7) 4 3.16
�� 120 (monoclinic)

or hexagonal P63/m a�b� 9.4302(5), c� 6.8911(2) 2
�� 120 (hexagonal)

TTCP monoclinic P21 a� 7.023(1), b� 11.986(4), c� 9.473(2) 4 3.05
�� 90.90(1)

[a] a, b, c are given in ä and �, �, � in �. [b] Number of formula units per unit cell. [c] Per hexagonal unit cell.
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biological apatites found in natural and prosthetic heart
valves.[52, 53]

�-TCP (�-tricalcium phosphate) is the ™true calcium
orthophosphate∫ of the stoichiometric composition
Ca3(PO4)2. It cannot be precipitated from solution, but
may only be prepared by calcination, e.g. of CDHA (see
below), at temperatures above 800 �C [Eq. (1)]:

Ca9(HPO4)(PO4)5OH � 3Ca3(PO4)2�H2O (1)

At temperatures above 1125 �C, it transforms into the high-
temperature phase �-TCP. Being the stable phase at room
temperature, �-TCP is less soluble in water than �-TCP
(Table 2). Pure �-TCP never occurs in biological calcifica-
tions. Only the magnesium-containing form called ™whitlock-
ite∫ (chemical formula: �-(Ca,Mg)3(PO4)2) is found in dental
calculi and urinary stones,[15±18, 54] dental caries, salivary stones,
arthritic cartilage, as well as in some soft-tissue deposits.[15±18]

In biomedicine, �-TCP is used in calcium phosphate bone
cements.[23, 24, 55±58] In combination with HA, �-TCP is used as a
™biphasic calcium phosphate∫ (™BCP∫)[59±65] as a bone-sub-
stitution ceramic. Other applications include fertilizers,[12]

polishing and dental powders, porcelains, pottery, enamel,
and animal food supplements.[28]

�-TCP (�-tricalcium phosphate, �-Ca3(PO4)2) is a metasta-
ble phase at room temperature, prepared from �-TCP at
above 1125 �C. �-TCP is more reactive in aqueous systems
than �-TCP and can be hydrolyzed to a mixture of other
calcium phosphates. It never occurs in biological calcifications
and has a limited application in medicine in calcium
phosphate cements.[26, 31, 33, 34, 41±44, 66] �-TCP is also used as a
fertilizer.[28]

ACP (amorphous calcium phosphate) is often encountered
as a transient phase during the formation of calcium
phosphates in aqueous systems. Usually, ACP is the first
phase that is precipitated from a supersaturated solution
prepared by rapid mixing of solutions containing of calcium
cations and phosphate anions.[67±71] The chemical composition
of ACP strongly depends on the solution pH value and the
concentrations of calcium and phosphate ions in the mother
liquor. For example, ACP phases with Ca/P ratios in the range
of 1.18:1 (precipitated at solution pH 6.6) to 1.53:1 (precipi-
tated at solution pH 11.7)[72, 73] and even up to 2.5:1[15±17] have
been described.

The structure of ACP is still uncertain. IR spectra of ACP
show broad, featureless phosphate absorption bands. The
compounds are amorphous, according to X-ray diffraction
experiments. Electron microscopy of ACP usually reveals
spherical particles with typical diameters of 20 ± 200 nm.
However, it is likely that ACP has an apatitic short-range
structure, but with a crystal size so small that it appears
amorphous in X-ray diffraction experiments (no coherent
X-ray scattering). This is supported by X-ray absorption
spectroscopic data (EXAFS; extended X-ray absorption fine
structure) on biogenic and synthetic samples.[74±77] On the
other hand, it was proposed that the basic structural unit of
ACP is a 9.5 ä diameter, roughly spherical cluster of ions with
the composition Ca9(PO4)6.[72, 73] These clusters were found
experimentally as seed nuclei during the crystallization of

HA, and a model was developed to describe the crystalliza-
tion of HA as a stepwise assembly of these units.[78] Bio-
logically, ACP (often containing magnesium, carbonate, and
pyrophosphate) is found in soft-tissue pathological calcifica-
tions (e.g. heart-valve calcifications of uremic patients).[15±18]

In medicine, ACP is sometimes used in calcium phosphate
cements.[31±33] Bioactive composites of ACP with polymers
have properties suitable for use in dentistry[79±82] and sur-
gery.[83±86]

CDHA (calcium-deficient hydroxyapatite) can be easily
prepared by the simultaneous addition of calcium- and
phosphate-containing solutions into boiling water, followed
by boiling the suspension for several hours. During this time,
initially precipitated OCP or ACP (this depends on the
solution pH value) are transformed into CDHA. On heating
above 700 �C, dry CDHAwith Ca/P� 1.5:1 will convert into �-
TCP and that with 1.5:1�Ca/P� 1.67:1 will convert into a
mixture of HA and �-TCP (the above-mentioned biphasic
calcium phosphate, BCP).[59±65]

Because of its nonstoichiometric character, CDHA always
contains other ions. The extent depends on the counterions of
the chemicals used for preparation (e.g. Na�, Cl�). There have
been no direct determinations of the structures of CDHA and
the unit cell parameters are uncertain. As a first approxima-
tion, CDHA may be considered as HA with some ions
missing.[87] According to the chemical formula of CDHA
(Table 2), there are vacant calcium ion sites (mainly Ca2
sites,[88, 89] see HA below) and hydroxide ion sites in the crystal
structure of this compound. However, little is known about
the vacancies of phosphate ions: in CDHA, part of the
phosphate ions is either protonated or substituted by other
ions (e.g. carbonate).

Unsubstituted CDHA (i.e. containing calcium, phosphate,
hydrogenphosphate, and hydroxide ions only) does not exist
in biological systems; it occurs only with ionic substitutions:
Na�, K�, Mg2�, Sr2� for Ca2� ; carbonate for phosphate;
fluoride, chloride, and carbonate for hydroxide, and some
water, form the so-called ™biological apatite∫ or dahllite–the
main inorganic component of animal and human normal and
pathological calcifications.[15, 16] Therefore, CDHA is a very
promising compound for the manufacture of artificial bone
substitutes.

HA (hydroxyapatite, Ca10(PO4)6(OH)2) is the most stable
and least soluble of all calcium orthophosphates (Table 2).
Pure HA crystallizes in the monoclinic space group P21/b.
However, at temperatures above 250 �C, there is a monoclinic
to hexagonal phase transition in HA[72, 73] (space group
P63/m).[90, 91] Some impurities, like partial substitution of
hydroxide by fluoride or chloride ions, stabilize the hexagonal
structure of HA at ambient temperature. For this reason, the
very rare single crystals of natural HA always exhibit a
hexagonal space group.

HA can be prepared in aqueous solutions by mixing exactly
stoichiometric quantities of calcium- and phosphate-contain-
ing solutions at pH� 9, followed by boiling for several days
under a CO2-free atmosphere, filtration, and drying. Micro-
crystalline samples of HA can also be prepared by solid-state
reactions of other calcium phosphates (e.g. MCPM, DCPA,
DCPD, OCP) with CaO, Ca(OH)2, or CaCO3 at temperatures
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above 1200 �C, in an atmosphere of equal volumes of water
and nitrogen. Single crystals of HA can be prepared by
hydrothermal synthesis.[72, 73] A water-free synthesis can be
performed in ethanol from Ca(OEt)2 and H3PO4.[92, 93]

Pure HA never occurs in biological systems. However,
becuase of the chemical similarities to bone and teeth mineral
(Table 1), HA is widely used as a coating for orthopedic (e.g.
hip-joint prosthesis) and dental implants (reviewed in
refs. [94, 95]), and a calcium phosphate cement with HA has
also been developed.[29] Because of the great similarity to
bone mineral, HA is also used in liquid chromatography of
proteins and other biological compounds.[96±101]

TTCP (tetracalcium phosphate Ca4(PO4)2O) is the most
basic calcium orthophosphate. However, its solubility in
water is higher than that of HA (Table 2). TTCP cannot be
precipitated from aqueous solutions, and thus can only be
prepared by a solid-state reaction above 1300 �C, for
example, by heating homogenized, equimolar quantities of
DCPA and CaCO3 in dry air, or in a stream of dry nitrogen
[Eq. (2)]:[72, 73]

2CaHPO4� 2CaCO3 � Ca4(PO4)O� 2CO2�H2O (2)

TTCP is not very stable in aqueous solutions; it slowly
hydrolyses to HA and calcium hydroxide.[72, 73] Consequently,
TTCP is never found in biological calcifications. In medicine,
TTCP is widely used for the preparation of various self-setting
calcium phosphate cements.[27, 29±31, 39, 41, 102±104]

3. Biomineralization and Biological Hard Tissues

Biological mineralization (biomineralization) is the process
of in vivo formation of inorganic minerals. As shown in
Table 1 and discussed above, in the human body all normal
and most pathological calcifications consist of calcium phos-
phates. Other minerals such as calcium carbonate (found in
mollusk shells, algae, fish, ascidians, and plants), calcium
oxalate (present in plants), CaSO4 (jellyfish), SrSO4 (single-
celled sea organisms of the genus acantharia), and BaSO4

(algae), silicon dioxide (marine algae and plants), and iron
oxide (in bacteria, limpets, chitons, or mollusk teeth) are also
found in biological systems,[1, 4, 5] but that is another story.
Only the chemical and structural peculiarities of calcified
tissues consisting of calcium phosphates will be discussed
here.

According to Weiner and Wagner, ™the term bone refers to
a family of materials, all of which are built up of mineralized
collagen fibrils∫.[105, 106] This family of materials also includes
dentin (the material that constitutes the interior of a tooth),
cementum (the thin layer between the root of a tooth and the
jaw), and mineralized tendons.[105, 107] Let us start with the
™real∫ bones.

3.1. Bone

Bone is the major calcification present in a human body.[1]

It serves as structural (mechanical) support for the body

and as the major reservoir of calcium and phosphate ions
necessary for a wide variety of metabolic functions. From
the chemical point of view, bone is a composite material
(Table 1) of calcium phosphate and collagen. The physio-
logical fluids present in bone act as plasticizers. Porosity is
an important property of bone, as it allows the body fluids
and cells to access the various regions of the osseous
tissue while also influencing the mechanical anisotro-
py.[1, 5, 15±17, 19±21, 105, 108±112]

Usually bone is composed of a relatively dense outer
layer (Corticalis ; the cortical or compact bone) surround-
ing a less dense, porous tissue (Spongiosa ; cancellous
bone), which is filled with a gel-like tissue known as bone
marrow (Figure 3). Bone is a highly complex material
that exhibits a strongly hierarchical structure on different
length scales (see refs. [1, 5, 105, 108 ± 112] for detailed dis-
cussions).

Figure 3. A noncalcined cancellous bone (femoral head) showing the
transition from a more compact outer layer (corticalis) to a more porous
interior (spongiosa).

Microscopically, the constituent building blocks of bone are
mineralized collagen fibrils of 80 ± 100 nm thickness and a
length of a few to tens of microns (Figure 4). These fibrils are
composites of biological apatite (i.e. CDHA with ionic
substitutions) and molecules of type I collagen. The crystals
of biological apatite in bone are always plateletlike (elongated
along the crystallographic c axis) and very thin; 2 ± 4 nm (in
other words, just a few unit cells thick!–see Table 1). The
crystals insert themselves in a parallel fashion into the
collagen fibrils, while the latter are formed by self-assembly
of collagen triple helices.[105] Recently, this lowest level of
hierarchical organization of bone has been successfully
simulated by HA precipitation on amphiphilic peptide nano-
fibers.[113] However, the interface between collagen and
crystals of biological apatite is still poorly understood. It is
not known why the crystals of biological apatite are platelet-
shaped.[1, 5, 105, 108±112]

In general, a sequence of temporal events can be recog-
nized during bone formation. The first stage involves the
synthesis and extracellular assembly of the collagen I matrix
framework of fibrils, followed by its mineralization. The
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Figure 4. Schematic drawing of the mineralized collagen fibrils that are the
basic constituents of bone. Platelet-shaped nanocrystals of CDHA are
incorporated in a parallel way between collagen molecules, with the
crystallographic c axis parallel to the fiber axis.

crystals of biological apatite grow with a specific crystalline
orientation–the c axes of the crystals are roughly parallel to
the long axes of the collagen fibrils within which they are
deposited.[5, 105, 107] The same is true for dentin and enam-
el,[114, 115] as well as for more primitive living organisms. For
example, in the shell of the mollusk Lingula unguis which
consists of CDHA, the crystal c axes are oriented parallel to
the �-chitin fibrils.[116] Therefore, the orientation of CDHA
crystals parallel to the long axes of an organic framework
could be a general feature of the calcium phosphate bio-
mineralization process.

Unlike other mineralized tissues, bone continuously under-
goes a so-called ™remodeling∫ process as it is resorbed by
specialized cells called osteoclasts and formed by another type
of cells called osteoblasts in a delicate equilibrium. Osteopo-
rosis is the condition in which bone resorption dominates, and
in osteopetrosis, the reverse process is dominant. That is why
mature bone consists of a very complex assembly of bone
™patches∫, each of which has a slightly different structure and
a different age.[1, 5, 105, 107±112]

There is no general agreement on the chemical mechanism
of bone formation. It is clear that the inorganic part of bone
consists of biological apatite, that is, CDHA in which some
ions have been replaced but (surprisingly!) without detect-
able amounts of hydroxide ions.[117±119] However, various
in vitro experiments on the precipitation of CDHA and HA
revealed that none of these compounds directly precipitates
from supersaturated aqueous solutions containing calcium
and phosphate ions: some intermediate phases (so-called
™precursors∫) are always involved.[15±17, 48±53, 67±71] Three com-
pounds (DCPD, ACP, and OCP) are possible precursors to
CDHA and HA precipitation in vitro. Therefore, the same
compounds are suggested as the precursors to in vivo bone
formation. Evidently, the precursor phase of bone is of a
transient nature, which complicates its detection, especially
in vivo. In 1966, Brown et al. suggested that OCP is the
original precipitate on which biological apatite nucleates
in the following step.[120] This idea was extended in

their further investigations.[121±124] By use of high-resolution
transmission electron microscopy, this hypothesis was sup-
ported: computer-simulated lattice images of the ™central
dark line∫ in mineralized tissues revealed that it consisted of
OCP.[48±50]

Simultaneously with Brown, the research group led by
Posner proposed that ACP is the initially precipitated phase of
bone formation in vivo.[125±127] This conclusion was drawn from
the following facts:
� When calcium orthophosphates are prepared by rapid

precipitation from aqueous solutions containing calcium
cations and phosphate anions at pH� 8.5 in vitro, the
initial solid phase that appears is amorphous.

� Mature bone mineral is a mixture of ACP and poorly
crystallized CDHA.

� Early bone mineral has a lower crystallinity than mature
bone,[125±133] which suggests that after being formed the
crystals of bone mineral undergo some transformations
during maturation.
For obvious reasons, there is only indirect evidence for the

in vivo crystal growth of bone mineral. Studies of animal
bones of different ages showed that the X-ray diffraction
peaks become sharper with increasing age, that is, the
crystallinity and/or the domain size increase. This change
occurs anisotropically, that is, it is more pronounced in the
crystallographic a axis [(310) reflections] than the c axis
[(002) reflections].[134, 135] In addition to this, other changes,
such as an increase of calcium content and a decrease of
HPO4

2� occur in bone mineral with age.[136, 137] Both crystal
size and carbonate content increase during aging in rats and
cows.[137] From a chemical point of view, these changes
indicate a slow transformation of a poorly crystallized CDHA
into a better crystallized HA.

There is a current debate on the question of whether bone
formation is an active or a passive process. As an ™active
process∫, one describes the assembly of calcium phosphate
nanocrystals within a spatially confined compartment of an
osteoblast, that is, within a matrix vesicle. These structures
have been found by transmission electron microscopy for
bone and tooth formation.[138±140] The term ™passive process∫
comes from the observation that blood serum is supersatu-
rated with respect to calcium phosphate precipitation,[141]

therefore mineralization should occur spontaneously at a
suitable nucleus (i.e. on a collagen fibril). The collagen fibrils
have a specific structure with a periodicity of 67 nm and 35 ±
40 nm gaps or holes between the ends of the collagen
molecules, where bone mineral is incorporated in the
mineralized fibril. A nucleation within these holes would
lead to discrete crystals with a size related to the nucleating
cavity in the collagen fibril. It was proposed that the
temporary absence of specific inhibitors leads to precipitation
and thereby regulates this physicochemical bone forma-
tion.[142±144] The question of whether cells do actively form
and deposit bone mineral or whether a systemic regulation of
inhibitors controls bone formation is still open.[145] The truth
probably lies somewhere in between, that is, calcium phos-
phate nanocrystals are formed within cells from a super-
saturatedmedium and excreted near the collagen fibers where
they are finally deposited.
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3.2. Teeth

Teeth are the second major normal calcification present
in mammals.[1] The structure of teeth is even more com-
plicated than that of bone (Figure 5). For example, unlike
bone, teeth consist of at least two different biominerals:
enamel (outside) and dentin (interior). As shown in
Table 1, dentin and bone have many similarities, and in
most aspects they can be regarded as being essentially the
same material.[1, 72, 73, 105, 107±112, 136] Therefore, most statements
made above for bone are also valid for dentin.

Figure 5. Schematic picture of a tooth and its local chemical composition.

Tooth enamel contains crystals of biological apatite that are
much larger than those of bone and dentin (Table 1). In
addition, its organic phase does not contain collagen. At the
interface between enamel and dentin, there is an ™enameloid∫
phase; a hard tissue that contains enamel-like crystals of
biological apatite and collagen fibrils.[1]

Enamel and enameloid consist of biological apatite crystals
that are remarkably different from the other mineralized
tissues in humans and vertebrates. In enamel, needlelike
crystal rods are tens of microns long (up to 100 �m) but
sometimes only 50 nm wide,[146±150] which is much larger than
the mineral crystals of dentin and bone (Table 1), but
nevertheless consist of carbonated CDHA.[151±153] On the
surface, there is also some fluoride content in place of
hydroxide ions[154] although the overall content of fluoride
ions in enamel is small (about 0.01 wt%;[16] see also Table 1).
Note that fluoroapatite is not found in enamel.[1]

The enamel crystals are generally organized into parallel
arrays under strict biological control. This structure can be
deduced from the observation that, at every stage, the parallel
arrays are well-ordered and that the crystal rods all have a
remarkably uniform cross section (Figure 6).[146±148] The first
detectable crystals in enamel formation are flat, thin rib-
bons,[146±148] that were reported to be OCP,[109, 155±157] �-
(Ca,Mg)3(PO4)2,[156] or DCPD.[117, 119] During maturation of
the enamel, the mineral content increases from initially
45 wt% to 98 ± 99 wt%,[117] accompanied by widening and
thickening of the crystal rods.[117, 119, 158, 159] Simultaneously, the

Figure 6. Scanning electron micrograph of the forming enamel on a
continuously growing rat incisor, which shows ordered rods of calcium
phosphates. Scale bar: 10 �m (taken from ref. [1] with permission).

Ca/P ratio increases[158, 159] and the carbonate content de-
creases,[160±162] which finally results in the most highly miner-
alized and hardest skeletal tissue.

Enamel crystals show the (100) face at the sides and
presumably the (001) face at the ends,[163, 164] as usual for
HA. A ™central dark line∫ is observed by TEM in the centers
of enamel crystals (also observed in bone and dentin), which
consists of OCP.[48±51] As described above for bone, X-ray
diffraction shows that the crystals of ™younger∫ dentin are less
ordered than those of more mature dentin.[136] Therefore,
maturation of dentin is a slow transformation of a poorly
crystallized CDHA into a better crystallized HA.

The development of individual enamel and dentin crystals
was studied by high-resolution transmission electron micros-
copy.[165±167] Both processes appear to be roughly comparable
and were described in a four-step process. The first two steps
include the initial nucleation and formation of nanometer-
sized particles of CDHA. They are followed by formation of
ribbonlike crystals, which until recently was considered to be
the first step of biological crystal formation in the tooth.[165±167]

These complicated processes, starting with the heterogeneous
nucleation of inorganic calcium phosphate on an organic
extracellular matrix, are controlled in both tissues by the
organic matrix and are under cellular control (odontoblasts
and ameloblasts).[168] To complicate the process even further,
regular and discrete domains of various charges or charge
densities on the surface of CDHA crystals derived from the
maturation stage of enamel development were recently
discovered by a combination of atomic and chemical force
microscopy.[169] Organic molecules (e.g. amelogenin)[169] at
physiological solution pH values appear to bind on the
charged surface domains of CDHA.

On the other hand, dentin and enamel share a common
starting location: the dentin ± enamel junction.[170±172] The
steps of enamel crystal growth at the junction are a matter
of current debate. Some authors claim that the enamel crystals
grow epitaxially on the pre-existing dentin crystals, because of
a high continuity between enamel and dentin crystals.[173±175]

Others have shown that enamel crystals are formed at a given
distance from the dentin surface[155±157, 176] and could either
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reach dentin crystals by a subsequent growth[177] or remain
distant.[176, 178] Thus, both structure and formation of the teeth
appear to be more complicated than those of the bone.

A physicochemical mineralization occurs every day on our
teeth. Enamel is only formed during dentinogenesis in the jaw,
that is, it will never be repaired by cellular action. If it is
etched, for example, by acidic food or beverages, CDHA is
dissolved. Fortunately, the saliva in the mouth is supersatu-
rated with respect to CDHA deposition (as is the blood
serum), and after a while, the surface layer is restored again.
This process does not involve any biological action and
therefore can be classified as ™passive mineralization∫ (see
also the discussion above on bone formation). Replacement
of some hydroxide ions with fluoride ions (which leads to
fluorohydroxyapatite) lowers the solubility and therefore
improves the acid resistance.[154]

3.3. Cartilage

Cartilage is usually (but not exclusively) part of the
endoskeleton of animals[1, 179] and exists both in mineralized
and unmineralized forms. Only vertebrates develop mineral-
ized cartilage, in some cases in the central portions of the
vertebra and close to the surface of jaws. Except for
pathological cases, the mineralization of cartilage occurs in
two situations in the body: First, during bone formation in the
endochondral plate (in almost all vertebrates) and second, as
final mineralized product (only in sharks and certain other
fishes[180]).[1]

Mineralized cartilage consists of the unmineralized carti-
lage plus crystals of CDHA, as well as considerable amounts
of amino acids, phosphoserine, and other biological com-
pounds. The molecular organization of macromolecules of
cartilage and CDHA crystals is still not fully understood.
Mineralized cartilage and bone coexist in close proximity in
the endochondral plate during bone formation. They have
similar macromolecular constituents, and both contain
CDHA.[1] However, the shape of the CDHA crystals in
mineralized cartilage, in general, resembles that in enamel:
the crystals were found to be needlelike (CDHA crystals of
bone are platelike),[1, 105, 108±112] but much shorter (25 ±
75 nm[181] or 50 ± 160 nm[182]) than those of enamel (up to
100 �m[146±150]). The average thickness of the CDHA crystals
in mineralized cartilage was reported as 5 ± 7.5 nm[181] and
1.8 nm.[182]

The process of cartilage mineralization has been well-
described elsewhere.[183±185] Before the crystal formation, the
organic matrix (consisting of proteoglycans, type II collagen
and water)[1] first takes up calcium and then phosphate.[185]

The first crystals of CDHA, those formed in cartilage, were
needlelike and located inside cellular matrix vesicles.[183, 184]

After growth within the vesicles, the crystals extend out of
these containers into the surrounding organic matrix. They
aggregate into clusters of randomly oriented crystals. In a
second step, these clusters further aggregate to form the
mature mineralized-cartilage structure with a random ar-
rangement of crystals.[181] Physicochemical investigations of
the crystals revealed their very poor crystallinity and the

presence of significant amounts of nonapatitic calcium
phosphates. The concentration of such nonapatitic phosphates
was found to increase during the early stages of cartilage
mineralization but then decreased as the mineral content
steadily rose, until full mineralization was achieved.[186]

Therefore, the CDHA crystals in the vesicles act as centers
of cartilage mineralization. However, a detailed understand-
ing of the mechanisms of crystal nucleation and growth in
these vesicles is not yet available.[1]

3.4. Shells

Rarely, calcium phosphates are encountered in mollusk
shells (that in most cases consist of calcium carbonate).[187, 188]

When biomineralization was ™invented∫ by nature about
570 million years ago, there were both mollusks with calcium
carbonate and calcium phosphate shells. Over time, the ones
with calcium phosphate shells mostly disappeared (so-called
™problematica∫), and today the overwhelming majority of
mollusk has shells of calcium carbonate.[1] Figure 7 shows
fossilized shells of the species Lingula that consist of calcium
phosphate (apatite).[116]

Figure 7. Fossilized shells of the brachiopod Lingula from the
Lower Triassic, consisting of calcium phosphate (taken from
http://inyo.topcities.com/ef/lingula.html with permission).

4. Pathological Crystallization of Calcium
Phosphates

Unwanted deposition of calcium phosphates in the body
can lead to severe diseases. Calcium phosphate depositions
are responsible, among other things, for urinary
stones,[15, 189, 190] atherosclerosis,[141, 191±193] dental calculus,[45, 46]

calcification of artificial heart valves,[194±198] and calcified
menisci (™chondrocalcinosis∫).[199, 200] Figure 8 shows an ex-
ample of atherosclerotic depositions of calcium phosphate
(together with cholesterol) that was isolated from arter-
ies.[193, 201] Blockage of arteries by such deposits is the major
cause of death in developed countries.
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Figure 8. Spherical calcium phosphate particles isolated from an athero-
sclerotic lesion. Scale bar: 4 �m (taken from ref. [193] with permission).

As many body fluids (blood, saliva) are supersaturated with
respect to HA precipitation,[141] we may conclude that
calcification is thermodynamically feasible but kinetically
hindered in most parts of the body. Therefore, suitable
inhibitory mechanisms must be at work to prevent an
unwanted mineralization in the body. The mechanisms of this
inhibition are a topic of current research in molecular
medicine, as it can be concluded that disruptions of this
inhibition are probably the cause of pathological calcifica-
tions. In addition, the fine-tuned equilibrium of bone resorp-
tion and formation may be based on such processes. For
instance, in mice in which the genes that are responsible for
the production of the specific blood proteins (fetuine,[142, 144]

matrix Gla protein[143, 202]) were knocked out, uncontrolled
calcification in the arteries occurs. Obviously, these proteins
serve as inhibitors of calcium phosphate precipitation by
suitable complexation of the dissolved ions or by effectively
preventing formed nuclei from further growth by preferential
adsorption.[203±205]

On the other hand, some mechanisms have been identified
that enhance crystallization.[141] Currently discussed, especial-
ly for the case of atherosclerosis, are:
� the heterogeneous nucleation of calcium phosphates on the

membranes of dead cells that contain phospholipids
(phosphate groups act as nucleators),[192, 195]

� nucleation by antibodies that are specific for cholester-
ol,[205, 206] and

� cellular action of osteoblast-like cells (so-called pericytes)
within arteries that form bonelike tissue.[207]

For the case of atherosclerosis, obviously a number of
effects are responsible for the pathological calcification; these
range from purely physicochemical effects (supersatura-
tion)[141] over biologically induced nucleation to the bio-
logically controlled deposition of calcium phosphates by
specialized cells.[141]

Similar effects exist during the calcification of artificial
heart valves. The replacement of heart valves by implants of
either biological (porcine heart valves) or synthetic origin is
now a common procedure in cardiosurgery (about 150000 are
implanted every year worldwide).[196] However, the implanted
devices tend to calcify after implantation (in some cases even
after a few months), that is, they become stiff because of

deposition of calcium phosphate. The origin of this behavior is
not yet clear but, at least with heart valves of biological origin,
a nucleation by membranes of dead cells (phospholipids)
appears likely.[194±198]

5. Calcium Phosphates as Biomaterials

The treatment of injuries or diseases often requires surgical
action. For the past 50 years, biomaterials have increasingly
been applied to improve surgical procedures or to restore lost
body functions. Bone fractures are usually treated with
metallic wires, nails, screws, and plates, joints are replaced
by artificial endoprostheses (hip or knee), and lost teeth are
replaced by metallic implants in the jaw, to name a few
examples. As soon as foreign materials come into internal
contact with the body, the question of biocompatibility
becomes paramount, as any adverse effect (namely toxicity,
allergy, inflammation, corrosion, and mechanical failure)
must be strictly avoided. The search for optimally designed
biomaterials is still ongoing as a joint effort of physicians,
engineers, chemists, and physicists.[15, 194, 208±213]

Calcium phosphates generally have an excellent biocom-
patibility, that is, they are well-accepted by the body and
integrate well, for example, into bone upon implantation. This
is because of their almost ubiquitous presence in the body in
either the dissolved or solid form. Consequently, they have
found important applications as biomaterials, particularly for
hard-tissue regeneration.[21, 47, 66, 214±221]

In the bulk form, calcium phosphates are used as artificial
bone-substitution material for surgical treatment of bone
defects by orthopedic surgeons and maxillofacial sur-
geons.[15, 16, 219, 222] A bone defect that is caused, for example,
by tumor extraction, complicated fracture, or inflammation
must be filled with a suitable material to permit growth of new
bone into this defect. Otherwise, ingrowth of fibrous tissue
would prevent bone formation within the defect. Because the
ideal substitute (the ™golden standard∫), a patient×s own
spongious bone from the Iliac crest (hip) is usually not
available in sufficient quantities, and as materials of biological
origin are critically discussed because of possible infections or
immune reactions, the need for a fully synthetic material is
evident. Today, many different calcium phosphate ceramics
are on the market for the treatment of bone defects (see, for
example, refs. [15, 16, 219, 222] for overviews).

Chemically, synthetic bone-substitution materials are usu-
ally based on HA, �-TCP, or BCP (i.e. a composite of HA and
�-TCP).[15, 16, 219, 222, 223] The requirements for an ideal substi-
tute are usually:
� a porosity with a pore diameter of some 100 �m size (to

permit ingrowth of bone cells; see Figures 2 and 3),
� a biodegradation rate comparable to the formation of bone

tissue (i.e. between a few months and about two years), and
� a sufficient mechanical stability.[15, 16, 219, 222]

HA is more stable than �- and �-TCP under physio-
logical conditions, as it has a lower solubility and slower
resorption kinetics.[15, 16, 219, 222] Implants of calcined HA of
high crystallinity are present in a defect even years after
implantation in a virtually unchanged form, therefore �-
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TCP[218] or BCP[21, 61, 63, 64] ceramics are favored today. An ideal
material should be degraded inside the defect simultaneously
with the formation of a new bone, that is, the full restoration
of the defect with biological material is desired. Figure 9
shows three examples of calcium phosphate-based bone-
substitution materials of different origins. Implant porosity is
a very important property to allow cell invasion and bone
ingrowth.

Figure 9. Examples of porous calcium phosphate-based bone-substitution
materials: a) Cerabone (hydroxyapatite) from spongious calcined bovine
bone (about 3� 1� 1 cm3); b) Algipore (hydroxyapatite) from hydro-
thermal processing of calcium carbonate-containing algae with ammonium
phosphate. Scale bar: 100 �m; c) Cerasorb (synthetic phase-pure �-TCP)
with CNC (computer numerical control)-drilled holes (about 1� 1�
2 cm3).

A new concept in the treatment of bone defects was
introduced with bone cements based on calcium phosphates,
which harden inside the defect. Although different formula-
tions are on the market (see the discussion of the different
calcium phosphates above), they usually consist of solid
calcium phosphates that are mixed with a solution to induce
the precipitation of a CDHA-like phase [Eq. (3), not stoichio-
metrically balanced]:[66, 102±104, 211, 212]

Ca(H2PO4) ¥ 2H2O (s)��-Ca3(PO4)2 (s)�CaCO3 (s)�Na2HPO4 (aq) �
Ca8.8(HPO4)0.7(PO4)4.5(CO3)0.7(OH)1.3 (s)

(3)

The advantage of this procedure is that the cement adapts
better to the defect geometry than ceramic materials that are
implanted as solids. The structure and composition of the
hardened calcium phosphate is close to that of bone mineral;
therefore, a facilitated resorption is observed.[66]

Calcium phosphate coatings on metals are often applied in
medicine. Metallic implants are encountered in endoprosthe-
ses (total hip-joint replacements) and artificial tooth sockets.
The requirement for mechanical stability necessitates the use

of a metallic body for such devices. As metals usually do not
undergo bone bonding, that is, they do not form a mechan-
ically stable bond between implant and bone tissue, ways have
been sought to improve the mechanical contact at the
interface.[194, 208, 224] One possibility is to coat the metal with
calcium phosphate ceramics; these increase the roughness of
the bone surface and thereby facilitate bone bonding, and may
therefore serve as a ™glue∫ between the metal and bone
(Figure 10).

Figure 10. Calcium phosphates in hip endoprostheses: a ceramic ball joint
(Al2O3), a calcium-phosphate coated endoprosthesis (™cementless endo-
prosthesis∫) and an uncoated endoprosthesis that must be fixed in place
with PMMA bone cement.

Two methods of bone coating are currently applied:
Application of molten calcium phosphate by high-temper-
ature plasma spraying and precipitation from a supersatu-
rated calcium phosphate solution. The first ap-
proach[94, 95, 216, 224] is very rough from a chemical point of
view. Solid calcium phosphate is injected into a plasma flame
and directed towards an implant that is appropriately rotated
to achieve a uniform coating. This extremely fast quenching
leads to the formation of a mixture of calcium phosphates on
the implant surface. Metal and calcium phosphate are strongly
joined after this procedure.[94, 95, 216, 224]

The second approach involves dipping metallic implants
into supersaturated calcium phosphate solutions. This method
was strongly promoted by the work of Kokubo and co-
workers and van Blitterswijk and co-workers, who showed
that after appropriate surface etching, a stable interface
evolves between metal and ceramic.[225±230] The method also
permits coating of internal surfaces (difficult with plasma
spraying) and the incorporation of biologically active sub-
stances, for example, proteins or antibiotics into the coat-
ing.[231] A special case is surface coating with a biomimetic
defect apatite by dipping into simulated body fluid (SBF), a
solution that contains the inorganic ions of human blood
plasma in almost natural concentrations.[225±228, 232±235] Fig-
ure 10 shows both a calcium phosphate-coated and an un-
coated hip endoprosthesis. The latter has to be fixed in the
femur bone by a suitable bone cement based on poly(me-
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thylmethacrylate) (PMMA). Note that this polymer is not
biodegradable and remains in the operation site.[224, 236]

The same principles are valid for tooth implant systems that
are fixed into the jawbone, onto which artificial teeth are
attached. In general, the mechanical contact between implant
and bone is crucial, as considerable forces have to be
withstood. Coating of such dental implants with calcium
phosphates (usually by plasma spraying) leads to better and
faster bone attachment. Figure 11 shows such a plasma-spray-
coated tooth implant in low and high magnification. Finally,
Figure 12 shows the surface of a nickel-titanium shape-
memory alloy (NiTi, ™Nitinol∫) that was coated with calcium
phosphate from solution to improve its biocompatibility.[237]

Figure 11. Dental implants (by Friadent) coated with calcium phosphate
by a plasma-spray process. a: � 10, b: � 1000. Note the irregular, rough
structure of the deposited calcium phosphate at the higher magnification.
Scale bars 1 mm and 10 �m, respectively.

Figure 12. The surface of a nickel ± titanium shape-memory alloy (™Niti-
nol∫) that was coated with a calcium phosphate layer by dipping into an
supersaturated calcium phosphate solution. The front part shows the
etched metal surface from which the calcium phosphate layer has been
mechanically removed. Scale bar: 2 �m.

6. Biomimetic Crystallization of Calcium
Phosphates

Nature×s ability to assemble inorganic compounds into the
biological structures (shells, spicules, teeth, bone, skeletons) is
still not reproducible by synthetic procedures. Because of its
potential benefits for materials science, research groups
around the world are increasingly addressing the question of
biomineralization. When considering calcium phosphates, the
demand of clinical medicine to design biocompatible implants
and to treat diseases related to crystallization phenomena
adds a strong practical impetus to understanding these
processes. The fundamentals of biomineralization have been
reviewed extensively.[1, 3±7, 238±241] We will limit ourselves to
considerations of biologically inspired crystallization of
calcium phosphates and present a few examples that demon-
strate the current possibilities.

An approach to the preparation of biomimetic bone-
substitution materials was made by Pompe et al. , who crystal-
lized HA on collagen to obtain a bonelike composite.[242]

Although the ultrastructure of bone could not be realized,
such collagen ±HA tapes are currently under investigation for
clinical use. Note that the final step to make bone out of
artificial implants is up to the body×s own remodeling
function. Ozin et al. precipitated HA in the presence of
surfactants, to obtain a biomimetic lamellar product.[243] Stupp
et al. have prepared so-called ™organoapatites∫ with a bone-
like crystallinity by precipitation of calcium phosphate in the
presence of organic polyelectrolytes.[214, 217, 244, 245] Kokubo and
co-workers and van Blitterswijk and co-workers were suc-
cessful in coating different substrates with a bonelike apatite
layer (see refs. [229, 234] and those given above on coated
metal prostheses). We have recently prepared bulk samples of
bonelike apatite and composites of it with biodegradable
polymers.[84±86, 246]

Nancollas and co-workers invented the ™Constant-Compo-
sition Technique∫ to monitor and control the external
conditions (mainly solution pH value and concentrations of
participating ions) during a crystallization experiment.[22, 247]

Generally, during precipitation of calcium phosphates from a
neutral solution, the pH value decreases because of the
release of protons that were formerly bound to hydrogen
phosphate or dihydrogen phosphate [Eq. (4)].

5Ca2� (aq) � 3HPO4
2� (aq) � 5H2O (l) �

Ca5(PO4)3OH (s) � 4H3O� (aq)
(4)

One of the main differences between chemical and bio-
logical crystallization is the rate of precipitation. Usually in
chemistry, precipitation occurs fast whereas in biology the
crystals need days, weeks, or months to grow. A suitable
simulation of this process, especially in the presence of
(bio)organic additives, must therefore slow down the crystal-
lization. This can be achieved by separating the two compo-
nents with a suitable membrane or medium that acts as a
diffusion barrier (a double-diffusion technique). If this
medium itself contains some biomimetic functional groups,
it can have a templating influence on the growing crystals.
Work along this line has been carried out by Iijima et al.
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(collagen matrix from bovine achilles tendon,[248] and mem-
branes in the presence of bovine[249] and murine[250] ameloge-
nins), Kniep and co-workers (matrix of denaturated colla-
gen),[154, 251, 252] Epple and co-workers (matrix of microporous
polyglycolide),[253±256] Falini et al. (matrix of collagen),[257] and
Stupp and co-workers (carbon-coated TEM grid).[113] Work on
the crystallization from SBF under static and dynamic
conditions to yield bonelike apatite was also reported recently
by Vallet-Regi and co-workers[258, 259] and by Epple and co-
workers.[256, 260]

Interactions between collagen and growing fluoroapatite
crystals are responsible for a fractal growth of fluoro-
apatite into dumbbell shapes that finally close to give
spheres.[154, 251, 252] Figure 13 shows this special morphology.

Figure 13. A biomimetically grown aggregate of fluoroapatite that was
crystallized in a gelatin matrix. The crystal shape can be explained and
simulated by a fractal growth mechanism. Scale bar: 10 �m (taken from
ref. [252] with permission).

By combining the constant-composition technique with the
double-diffusion setup, we were able to identify different
crystal morphologies of fluoroapatite as functions of overall
concentration (i.e. supersaturation), pH value, and fluoride
ion concentration.[254, 255] Figure 14 shows a uniform crystal
population that was prepared by this method.

Figure 14. Hexagonal fluoroapatite crystals that were grown by a double-
diffusion technique under controlled conditions (pH 7.4, 37 �C, constant ion
concentrations, 7 days). Note the well-shaped crystals and their uniform
size and morphology. Scale bar: 10 �m.

7. Summary and Outlook

Although it may appear surprising to the nonspecialist,
there are still many open questions within the area of calcium
phosphate chemistry. The basic questions concerning crystal-
lography, thermodynamics, and phase relationships have been
answered. Nevertheless, when it comes to the biological
formation of calcium phosphates, issues including rate of
crystallization, control of morphology, incorporation of for-
eign ions, and interaction with biomolecules remain hot topics
that are not well understood even today. A better under-
standing of structure, formation, and dissolution of such
biominerals will lead to improved biomaterials that can
substitute bone and teeth. This knowledge will also help to
counter widespread pathological calcifications such as athe-
rosclerosis, stone formation, or dental calculus. Further
progress of unforeseeable impact will come from modern
genetics, where gene structures are currently related to hard-
tissue formation.
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Exhibit A-3 

Chung-Wei Yang and Truan-Sheng Lui. Biological and Biomedical Coatings Handbook: 
Processing and Characterization. Chapter 6: Hydrothermal Crystallization with 

Microstructural Self-Healing Effect on Mechanical and Failure Behaviors of Plasma-Sprayed 
Hydroxyapatite Coatings. 2011: 240-253. 
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240 Biologkal1md Biomedical Coatings Ham/book: Processi11g a11d Clrnmc/erizalr"• 

Referring to past reports, it has been generally recognized that postheat trc~tmcnts Sill h 
as air or vac:uum heat treatments, $pa rk plasma sintcring (SPS) techniquo>, and hydroth~:r 
mal treatments, etc., can signl6canUy help to improve the ph.lse cornpositlon,crystallimty 
mechanical propertle., and biological respon~ility of plasma-sprayed HACs 116.45.52-MI 
In addition, the steam tTC<ltm.."''tt during the in-Right stage of the plasma spraying c;m ai>O 
result in a signiflcant Increase in Ule crystallinity (from 58% to mo) of plasma·spra) •'<t 
HACs (66). The mechanism can be recognized that the entrapping of water molecules """ 
HA droplets and the Improvement incryst~llinity and phase purity from amorphous c:.~l 
cium phosphate to IIA i> achieved by reversing the IIA d'>composition through providJnK 
extra OH . Overal l, the degree of crystall inity, phase st.lbility, and posthcat trcntmenb"' 
calcium phosphate a nd plasma-sprayed HACs-which are closely related to heating t<•m 
perature;;, atmosphere, water molecules, and p.1rtlal ~team pressure-is presented in tlw 
next section. Considering that HA is one of the natural apatite mincrals and th" phase st~ 
b>lity in an atmosphere with plenty of water moll>cules and saturated steam pressur~. tlw 
hydrothermal ~-yo thesis, which is quite .similar to mineral formation environment in tlw 
earth. is an import.>nt method in the preparation of HA crystals. The hydrothermal tc.:h 
nique and hydrothermal materials processing are becoming a popular field of reseanh 
for scientists and technole>j,>ists of ''atious disciphnes. TI\crefore, Sections 6.3 und 6.4 "•II 
specifically reveal the advantages and effects of hydrothermal crystallization on impn" 
ing the microstructural homogeneity, phuse purity, biological respon~>S, adhe>ive bon.l 
ing strength, and failure n\echanism of plasma-sprayed HACs. In addition, the kinetics ol 
hydrothermal crysta lliYA>tion, which is signific<> ntly related to the satu ,,,ted s team pressurv 
in a hermetical system, will also be deduced and discussed in Section 6.3. The relrabilit~ 
and failure behaviors of HA-coated implants should be s tudied in derail to eru;urc th<'r 
long-term stabiLity in clinical applications, since biological degradation and failure of .trh 
racial joints that result from dissolution and dissociation may occur during th<> period •'If 
implantation. Thu~. knowledge of statistiQI ann lysis of the reliabUity cngine<:nng by tlw 
Weibull model will be represented in Section6.5. Ml!anwhile, the faUure probability dm 
sity function, cumulative foliture probability, failure rat(', nnd reliability functions, wh" h 
correlate with the cohesive str'eJ\gth of coatings and the adhesive strength of a co.>ting to • 
metal substrate, will also be reviewed in tl\is ll<'Ctlon. 

Ch a ract eristics of H A Coatings 

Phase Stability of th~ Crystallin e HA Powders 

Pure HA has a theoretical composition of 39.68 wt.% Ca element, 18.45 wL% oft> element, • 
Ca/P weight ratio of2.151, ond a Ca/ 1' molar ratio of 1.667. According tt)crltl!rion of ASTM 
Fll85-88, the acceptnblc composition for commercial HA powder should be tl minimum 
volue of 95 wt.% II A purity, os established by x·ray diffraction ana lysis. ILA can be producl>d 
by using a variety of methods, a nd the ch aracteristics of raw HA powders have .Jgniffc;ant 
effects on Ule sub!.<.'quCnt products with HA berng in the form of dense or porou. bull .. • 
and in coatings. In biological and clinical applic.ltions, I lA bulks and HA-coot~'<l implanb 
are often immersed and applied insotutionsOrln thl:<body fluids. Thu..-.. the s tabilrty of liA 
bulks and coaling imptant10 is signi6cantl) affected by the en\<ironmental lemperatur.-. 
and the pH valu''S 

Srlf·Hraling Efled on B<llrauiors of tlyrlmxynpntite Contini($ 241 

Generally, high·purity HI). powder is soluble in acid solution, Insoluble in alk.lline solu· 
tton, •lnd sl i&htly soluble m water. Also, the solubility of crysta lline lfA is varied with the 
rrcsencc of amino acids, proteins, cnlymes, and oilier organic compounds. The dissolu· 
tron rnt..> also depends on Ulc part•clc size and the shape of HA granules and the pores· 
•h•, cryst,ll s;7-e, and crystallinity of I lA implants. As indicated by Oriesscns (67L there 
ar<> only two calcium phosphate compounds that are •table at room temperature whM In 
conlact with aqueous solutions. It i' the pH value of the solution that determines which 
one 1s stable. At n pH value lower than 4.2, the component c~t tr'0,·21110 (dicalcium phos· 
phatc) is the most stable phase, while ,,t a pH value higher than 4.2, wcll·crysta lli/.ed HA 
i~ a s table phase. In addition, Adam ct al. found that th~ ourfac~ of tricalciu m phosphocc 
(Ca,(I'O,h, TCP) and ttltracaldum phosphate (Ca.P,O,. Tl') compounds will be coated with 
thin I lA layers through the phase transformation at a su itnbl<.' p i t value [68), and theM! 
.-.,actions can be represented as follow~ [69). 

3Ca,P,o. + 31 1.0-ca.,(I'OJ.(OH1 + 2Ca'' .. 40H 

(6.1) 

(6.2) 

The in vitro dissolution propcrtie<l of crystalline t-IA depend on several factors, such ,15 
the type and concentmtion of th<> buffered or unbufferL'<I ~olutlcms. pi I of the solutiOI\S, 
uogrcc of saturation, solid/solution ratio, the length of suspension in solutions, and the 
cry<h\lllnity or the HA 170-74]. In the case of cera mic HA bulk~. the degree of pt)rositkos, 
defect structure, the amount, and the type of other calcium phosphate phases present abo 
display ~ignifkant inlluenn.>s. The extent of dissolution of the ceramic HA bulk b less In 
lactic add buffer compared to that in ,u·ellc acid buffer )751 r:or che crystalline HA pow· 
dcrs cont,llning other caldum phosph.\le ph.>.<cs, the extent of dk-.olution will be affect~! 
by the typo: and the amount of l'ltln·IIA phases. According to previous studies made by 
Oucht>)'l\1' C'l at. [76) and Radin and Oucheyne )77), the evJiuJtk•n of dissolution rate for 
the nonwcl l-crystall ized HA,u-1'0', P·TCP, T,P a nd cr)'!>tal llzt'<I II A were measured in 0.05 
mol rris(hydroxy)methylaminomctiMn!'-HCI buffered solution •'t pi I 7.3, 37"<: for immer· 
sion time periods ranging from 15 min to 72 h. The n.osu lts indlc~tl'<l that the concentration 
of dissolved Cn" reaches satu rntlon (obtmt 1.5 mM) for TP Inn f~w minutes immersion, 
.md the v.lluc s ignificantly c>.ce\.od> thot of jl-TCP ([Cal• I is ~bout I x 10 1 mM) and cryst~l
ltnc I lA ([Ca1•1 is less than I" 10 1 mM) after24 h immerston. Comparing the dissolution 
rnl~ of 1\-fCf' '"ith o·TCP. the dr!!.~utlon rate of ji-TCP is about four tlrnes larger than that 
of o-rcP 11w:refore, it can bl: r~>cognu..l-d that the dissolution rntc of ,·arious monophasic 
calcium phosphate compounds decreased in the following order 176-i'llt. 

Amorphous HA > Tt>> ti·TCP> ~-TCP > lT)'!>t,\ lline I~ A 

In addition, the results of previous studies also showl-d that the va lues of S<)lubi lity product 
(K) for fi·TCP ,md crystalline liA powder ore 1.2 x 10 ~ mol' I ' and 3.04 x ro ·s-~ mol'' I • 
~t 25•c, respccth•ely [?9,801. Thul>, when HA bulks or HA·CO.Iled implants, which haven 
low cry.tnllinity and high impunty phase t:ontent, .>reimplanted, it may n.>sult in the dis· 
;.olutlon, dl'O'T•ldation of mechanlcal properties, and the dissociation of Implants (47,-18,761 
Therefore, the degree of crystallimty, phases, and chcmic.U compositions of cerami<' HA 
bulks and HA-coated implants must be contmlled in order to maintain long·term st.lbility 
<n thl:< body Ouid after implant.ltron. 
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The thermal s tability of crystaUine HA is rather complicated. Figure 6.2shows the piM 
diagrams of Ca0-1',05 syste~n (811 at high temperature without \vater prese~lt (Figure 6.2.Jl 
and with a partial water vapor pressure of 500 mmHg (l'igure6.2b). Various calcium phl .. 
phate compounds can be found at high temperatures, such as u-C,P (a·TCP), C,P (TI' 
monetite (C:P), and mixtures of CaO and C.P. It can be seen that crystalline HA is not ~t• 
ble when the ambient atmosphere contains no water. lf U1e partial water vapor pressure lo 

increased, then the crystalline HA becomes a stable phase and it can be found in the phn..., 
diagram, as shown in Figure 6.2b. Previous studies reported that the partial dehyd.ratlnn 
of HA significantly occurred at a temperature higher than 900"C 1821, and the oxyhydroJw 
apatite (OHA) in the form of Ca..,(PO.).(OH)M0 a•·Vu6 may occur when the heating te1n 
perature is higher than noo•c. With inneasing heating temperatures hjgher than 130()'1. 
the 1-IA wouJd de<:otrtpose and the apatite s tructure changes to a new space group wit~ 
Ule appearance of a-TCP and Tl' according to the reaction shown in Equation 6.3(83). n ... 
a-TCP is resulted from the traJlsformation of iJ-TCP at temperatures above l300"C, and till 
reaction s h.own in Equation 6.3 is followed by the reaction shown in Equation 6.4. Titus, 11 
is generally recognized that the highest temperature of HA without phase decompositlun 
is about 13000C in an ambient atmosphere that contains no water. 

Ca10(1'0J.<OH>z- 2a-Ca1(1'0.)2 + ea,rp~ + 1-1,0 

Ca,P,O•- a-CalPO,), + CaO 

(6 II 

(6~) 

The importance of partial water vapor pressure is shown more clearly in Figure 6 \ 
which revea ls the influence of water vapor pressure on the phase stability of HA. At 1300't 
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FIGURE 6.2 
Phase diagr~n-\ fif the ~rst~m aao-r~o,. at high h.:mpcrilture: (a) no water pl'l'S4!nl Al\d (b) porti"'l water vnpot 
pressure of500 mn1J-tg. (From Cross el al .. ], Oiantt"d. MrrJer. Rts.~ 39,580-587. l99S. Wilh pcrmi.s.."'iion.) 
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(or 10'/T for Equation 6.4), this diagram shows lhe stable phases are u-TCI' and TP when 
the water vapor pressure is J mmHg (log P,1,o = 0). The stable phases are J-IA + Tl~ and 
HA + CaOat partial water vapor pressures of about 10 mmHg(log P,, .. , = l)nnd 100 mml-lg 
(log P, ,,... = 2), respectively. It reveals that a higher partial water \>apor pressure can help to 
maintain and replenish t·he OH- groups within the I-lA crysta l structur(', and to increase 
the phas:stabi lized temperature of HA. Applying a steam atmosphere or a high s team 
press~ rc IS an effective method to mainta in h igh U1ermal s tability of HA during the manu· 
t1ctu rt ng process (84]. For a calciu m phosphate compound with a Ca/P ratio exceeding f-!A 
uy only a few percent, stable phases would be changed betwt>en n-TCP, TP, HA, .1nd CaO. 
When the parHal water vapor pressure is p resented, the formation of the «·CI~ ~-TO~ and 
rP phases will be minimized and HA w ill be the morestabl" phase below 1550"C [8,12), as 
<hown in Figure6.2b. But I-lA be<:omes unstnblc and it will s till decompose intO(l·TCP and 
TP fol lowing the reaction shown in Equation 6.3 at temperatures h igher than LSSO"C. 

Plasma-Sprayed HACs 

TI1cm1al spray processing has been applied for many years to deposit layer coatings for 
various purposes such as wear resistance,t.hermal barrier coatings (TBCs), biocompatibi l ity, 
nnd :;o forth. The ma,or .1dv-antages of the thermal spmy processes arc the abiHtv to apply 
a wide variety of compositions, including most metall ic and ceramic materials, without 
significantly healing s ubstrate surface to be coated (85]. The main therma l spray techniques 
1ncludc ~ame sp.t?ying, atmospheric plasma spraying (APS), vacuum plasma spraying 
(VPS), h1gh velocaty oxygen fuel (HVOF) spraying, arc metallization, and detonation 
gun s~raying. ~mong these te<:hniques, tht' plasma spraying process is becoming the 
extens•vely npphed te<:hmque of the thermal spraying methods and is com monly used 
to d~posit f-!A into dental implants and orthopedic prostheses. lnves tigations into some 
ca lcsum phosphate compounds and 1-IA coatings on metallic implants, suc.h as THiAI- 4V, 
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started with the observation that HA in the pores of a metal implant with a porous coatrn11 
would significantly affect the rate and vitality of bone ingrowth onto pores 115,861. 

The plasma spraying process was pah!nted in 1960s. and the t~ochnical utilization ul 
plasma as a high-temperature source is realized in the plasma torch. The plasma gun con 
sists of a cone-shaped tungsten cathode and a cylindrical copper anode. The principl•· •" 
plasma spraying is to induce an arc by a high current densrty .1nd a high electric potent,. 
between the anodic copper nozzle and tungsten cathode. Cases flow through the annu 
Jar space between these two elec1rodes, and an arc is imtiated by a high-frequency tlr 
charge. Noble gases of He and Ar are usually used as the primary plasma-generating iol•' 
Diatomic gases of H2 and N2 can be used as the secondary gas to increase the enthalpy •" 
plasma Oame. Factors influencing the degree of parhcles melting durmg plasma sprayin 
include variables such as current density and gas mixture that control the temperatul1' 
of the plasma. The widely used plasma-generating gas is pure Ar (purity <99.95 wt 
Since the thermal conductivity and the heat conduction potential for diatomic gases su< 
as H2 and N2 are much higher than Ar 1871. a mix~c'CI gas composition with Ar and H,t"' 
gives quite a hol1er plasma torch than 100% Argas. When wcll-crystalli'.ed HA powd1-n 
are injected into the nigh-temperature plasma flame (normally in the range of 1 ~ 10' II 
1.5 "lO'"C), small granules will be evaporated in the flame, and larger p~rticles ~re melt • ..t 
or partially melted quickly by the high-temperature plasma flame. Then these melt.-.1 
droplets are accelerated to about200 m/s before impacting the subs trate 188,891. The high 
impact velocity supplies high kinetic energy, which is expended In spreading the molten"' 
semimolten droplets and creating a lamellar microstructure. In addition, th~ high COQllna 
rate upon impact is estimated to be of the order of l!Y' to 1()8 K s 1 (901. Therefor(', the lar11 
contact area with the substrate and the rapid solidl(ication result in producing amorphi" .. 
calcium phosphate (ACP) component withi11 coatings, and it is more commonly found I 
the coating/substrate interf.1ce. 

Since the plasma spraying process involves nigh temperature and rapid solidification, 
it will result in the dehydroxylation and decomposition of IIA and the formation of Jn 
amorphous structure within coatings. This dccompositron oequence occurs in these st•·po 
191,921: 

Ca,.(POJ.(OH),:,O,V, - Ca.,(I'OJ,O,V, + (1-x)H,O 

Ca,.(POJ.O,V, - 2n-Ca,(POJ: + Ca,J>,O. 

Ca,J>,O.- 4Ca0 + 1',0, 

The symbol "V" in the formulas of oxyhydroxyapatite (Ca,.(I'OJ,(OII), 1,0 ,V,. 01-JA) and 
oxyapatite (Ca10(POJ.O,V .. OA) refers to latti«> vocancics in positions of the 011 grOUJ 
along the crystallographic c-axis in the structure of I lA. Thus, the x-ray pattern ul • 
plasma-sprayed HA coating shows the presence or u-TCI~ 1)-TCP. Tl~ and CaO phases on 
odd it ion to crystaUine HA The reduction in peak intensity and peak broadening of IIA 
peaks provide an evidence for U1e formation of ACI'. The formation of these ,,dditi<m•l 

SI!IJ-Healit~g Effect on Belraviors of Hydroxynplllilf Coatings 245 

phases is a result of the extreme tempcr.lt ure of plasma flame and rapid cooling and highly 
reactive atmospheres that favor noncquilibrium and metastable structures. 

When OA appears to be stable in the absence of water vapor environment, it will readily 
retransform to HA according to the reaction (93,9·11 

()1 (solid) + V (sohd) + 1-l,O (ga~) - 20H (solid) (6.10) 

llle equilibrium temperature of the reaction ~hown rn Equation 6.7 is determined by the 
temperature of incongruent meltrng of HA at 15i'O"C (95]. 8.1sed on the decomposition 
-.equence, a model has been developed 191,96,97] that shows the in·Oight ~volution of 
calcium phosphate phases, as represented in Figure 6.4.11 shows that the inner core, which 
" stiU at a temperature below ISSQOC, consists of I lA, OHA, and OA as stable phases 
during the short resiMnce time of HA particles in the plasma name (reactions sh.own in 
Equations 6.5 and 6.6). The second shell of ngure 6.2b, which is heated to temperatures 
of t360"C to 1570°C, just b,low the incongruent melting temperature of II A. It undergoes 
a solid state decomposition to a mixture of a·TCJ> and TP. The third shell was heated. to 
t~mperatures above 157\l"C followjng the reaction shown in Equation 6.7. The outer shell 
is composed of CaO and a melt whose Ca/1' ratio bhifts by continuous evaporation of 1',0~ 
.ohmg the liquids of the phase diagram (Figuo·c 6.2) towo1rd CoO-richer phases following 
reactions shown in Equations 6.8 and 6.9. While impacting at the substrate.•. th is molten 
ph:>scsolidifies to produce ACt> with various Cn/1' ratios 192,102]. 

X-ray diffraction (XRD) h.1s been widely u•ed for determining the phase composition. 
phase content, and crysta l structure of plasma-spraycu I lACs, as well as for estimating 
the index of crystaWnity and identifying otheo· c.1lcium phosphate compounds generated 
,,sa result of the high-temperature spraying process. Figure 6.5 shows the x-ray diffrac
tion patterns of the weiJ.crystJilized HA powders (Figure 6.53) and the plasma-~l''"Yed 
I lACs (Figure 6.5b). The difference in the pha.c composition and crystallinity between 
w<!ll-crystallized HA and plasma-sprayed I lACs ~rc quite evident. The peak intensity of 
I lA phase is significantly decreased after plasma spr.lying. lro addihon, it can be seen that 
• fairly high content of ACP and other impurity phaS<'S including TCP. TP. and CaO are 
represented in the plasma·spraye<l I lACs besides the desired I lA phase. The reduction 

fiCUR£6.4 
S.:hcm..llicmtxla."lofthermal dt'CUmpt"iUono(a tof,.lkrie;d I lA ,,.,rUcll' tiUbtcC'I\~d hlhibo1l tc.·mper.lturt.~mOJ plasm3 
f1.\'lme oat {4) ~ p.uhal Wolter v.lpor pr~.~ure o( about 500 mml lg ~nd (b)"' p.1rtlAI Wllh•r v01por pr<..~ure o( ahc:>ui 
10 mmHg. (From Hdmann, R U, Surf. CoM, Tn:luwl., 201, 2012-201Q, 2006. With pc:!rmi.ssiM.) 
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(0) 

FIGURE 6.5 
X·roy diffnu:;tion.s "'(a) wcll·c:r~lallizcd HA pot.,.der ~md (b) plasma-spr.1yed HAC$. 

in peak intensity and peak broadening of HA peaks suggest the formation of ACI> (1031. 
The formation of these phases is a result of HA phase dlleomposition and dehydroxylation 
afflleted by extreme temperatures of plasma name, rapid solidification, and highly reactiv~ 
atmospheres that favor nonequilibriu m or metastable structures accordj ng to the reaction• 
described before. Plasma-sprayed H ACs typical ly have high defect contents, a morphou..• 
components, and residual stresses, which result in a broadening of the x-ray diffraction 
peaks. In addition to providing the variation in phase composition., another materia l char
acteristic of plasma-sprayed 1-IACs obtained through the x-ray diffraction analysis is tlw 
index of crystallinity. The crystall inity has bee1t defined in different ways for biomedicnl 
applications, and it was initially used as an indication of the crystal size or perfection of 
the crystal lattice in HA cr)•Stals (98]. In order to quantilativcly evalunte the crystallinity 
of plasma-sprayed HACs, a commonly uS<.>d index of crystallinity (JOC) defined the ratioo1 
the three strongest toJA main peaks ((211), (112}, and (300}, jCPOS 9-432), the integral inten· 
sity of the plasma-sprayed HACs (1,), and the well-crystallized single HA phase starting 
powders(/,) according to the relationsh ip IOC = (IJI,J >< 100% (99-102(. As shown in Figurt• 
6.5a, this method supposes that the IOC of the well-crystallized HA is 100%. According to 
this method, the IOC value of plasma-sprayed HACs with a diffraction pattern as shown 
in Figure 6.5b is about 20.3% [101). 

Although x-ray diffraction has been a conventional and effective analysis method to 
obta in tl1e phase composition and quantitative phase content of plasma-sprayed HACs, 
the limitation is that x-ray diffraction can only detect phases and provide an average va)u~ 
within a large area. It cannot provide sufficient information when amorphous comp<>· 
nents are the major products. Therefore, the f"asible technique of Raman spectroscopy 
provides another way to reinforce the application of the x-ray d iffraction method. Th1• 
Raman spectroscopy can provide it\lormation on the short and intermediate range order• 
ing in the solids and it allows a direct and nondestructive detection from the sample sur· 
face. Since both in vitro and in vivo biological properties of plasma-sprayed HACs aw 
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significantly dependent on ~he phases, detailed microstructure informaHon such as the 
individual thermal-sprayed splats acquired with the Raman spectroscopy is important. 
Studies on thermal•sprayed splats can help to establish the understanding of individual 
splat's contribution to the phase composition of the therma l-sprayed coatings. In addi· 
I io n, the crysta I linity of plasma-sprayed HACs and phase composition at various locations 
with in individua l thermal-sprayed HA splats have been quantitatively determined by the 
Ruman spectroscopy analysis (66,94,104,105). 

In addition to evaluating the index or crystallinity, it is also important to quantify the 
phase composition of amorphous component. crystalline 1-IA, and other calcium phos· 
phate phases of plasma-sprayed HACs by quanHtative XRD analysis through the internal 
and external s tandards. However, pure phases and mixtures with different compositions 
are needed for establishing the calibration curves, and ACP is not easy to isolate and quan· 
tify. Thus, the lack of lull quantification and its long task of obtaining calibration curves 
makes this technique unpopular. To fully determine the phase composition and quan
tify the amount of decomposed phases, including the amorphous component, of the as· 
sprayed coatings, the Rietveld method of s tructure determination from x-ray and neutron 
powder diffraction patterns is another e(fL>ctive way and has widely been used to study 
calcium phosphate compounds (60,106-111). The Rietveld method creates an effective 
separation of the overlapping data from x-ray and neutron diffraction patterns, thereby 
allowing an accurate determination or the structure. This meU1od has been successful and 
today, the s tructure of mMerials in the form of powders iS being determined. In ,,ddi· 
tion, a more widely used application of the Rietveld method is in determining the com
ponents of chemica l mixtures. The conventional quantitative phase analysis (QPA), which 
is carried O\lt using relative peak h<>ight ratios of HA and other phases involved by the 
Rietveld method provides a powerful tool that offers the user s imultaneous qum>titative 
phase determination of multiphase systems containing amorphous content. TI1e quantita· 
live analysis results of crystalline HA, amorphous, and various calcium phosphate phases 
plasma-sprayed ond crystallized HACs will be represented i.n the next section. 

figure 6.6a shows the surface morphology of the plasma-sprayed HACs. It displays a typ· 
ical microstructura l feature, which is composed of completely molten splats (indicated by 
arrows), accumulated patlially molten splats (marked by the circle), and thermal-induced 

FIGURE 6.6 
l"ypkol plasma-spr.t)'(-d 1-IACs micro::<truclurnl ft!'ahtres tor fn) sutf.u:t! morphology with micmc:mcks . . 1ccu· 
mutated !>p1t~:ts (mnrked by cln.:les). and m..->hcn )plats. (indkaled by Mrow:.). {b) Cr'()SS-se<:tiona1 rnt(:rru;truc-
1\ifC' sh<..w••ing spray inn d~fcc-ts including pores \tnd mlc:J't")Crnt:k$. Clrc;lt.• mnrk.s mlidual parti~l mol le-n p.'lrtidc 
witl1in plgsmO\•Sprayt.~ !-lACs. 
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microcracks resulting from them1al contraction during the rapid cooling s tage aftor 
plasma spraying, The <ross-sectional feature of the plasma-sprayed HACs is shown Jn 
Figure 6.6b. According to the qu~ntitative calculation by an image analyzer OJ.YflMAS 6.0 
(63,64,101], the spraying defects content (in volume %), including microcrncks and pori.~ 
within the entire cross-sect"ional area of HACs, is about 4% for plasma-sprayed HACs In 
the case of figure 6.6b. Although lhe plasma-sprayed coatings possess inevitable spra) 
ing defects, including pores and thermal-induced microcracks, they can be subjected t1• 
high densification due to the unapp~ rent lamellar structure. Si '"e the structural density HI 
plasma-sprayed coatings is significantly affected by the variation of spraying paramete"" 
such as plasma gas now rate (I min· •), plasma power (kW), powder feed rate, surface speed. 
standoff d istance, and so forth, the cooling microstructure displayed in Figure 6.6b can b\· 
recognized as a dense HA co.1ting (following the definit ion of the maximum porosity les• 
than 5% by volume (8,9)) obwined from an appropriate spraying parameter. Besides lh•· 
microstructural defects, a noteworthy feature with a mixture of dark gray and light gr.1) 
regions is observed within plasma-sprayed HACs, as shown in Figure 6.6b. This distln 
guishable color contrast is resttlted from the difference between amorphous and crystal 
line area of the coatings (102). Other phases may be present in small quantities, but t11v) 
cannot be distinguished from t-LA. During plasma spraying, the unmolten and partially 
molten partidesare transferred to coatings with a morphology representative of the starr 
ing powders. Therefore, these dark gray regions marked by circles can be thought of ~· 
the cryshllline region from the residual partially molten particles within plasma-spray~?<! 
HACs. This plwnomcnon is important in the performance of the HA coatings becau"· 
the dissolution of amorphous regions could lead to failure for implants after a period"' 
implantation. Therefore, it is possible to increase the crystaiUnity and in some cases !h.
bonding strength of plasma-sprayed HACs by performing postheat t reatments. 

Crystalli~ation of Plasma-Sprayed HACs during Heat Tre atme nts 

Referring to the reports about HA, many researchers have investigated the .material and 
medical properties of plasma-sprayed HACs in the past 10 years. Amorphous calcium 
phosphate (ACI') is thermodynamically metastable and impurity calcium phosphnt~ 
(including TCP. TP, and CaO, ca lled. the impurity phases) is ultdesirabtc for its dissoluthm 
problems in human body fluids. T herefore, previous studies pointed out that controllillj: 
spraying parameters (lt2] or performing appropriate thermal treatments (in vacuum 
in an atmosphere with moisture <>r steam pressu re altd the spark plasma sin terlnK 
(SPS) technique) are available methods tl1at significantly promote the HA crystallizati(:>n 
improve the crystallinity and dissolution behaviors of coatings, and enhance the surf.tco 
activity to the growth of apatite layers [16,59,65,66,99,113-115). Additionally, reports hair 
focused on the changes in phase composition, microstructura l homogenization, ~n.t 
reduction in residual porosity of HACs (55-59,63,101], as well as the mechanism of cryst.tl 
lization of the coating layers [116]. 

Figure 6.7 illustrates the XRD patterns of plasma·sprayed HA-co.1ted Ti-6AI-4V spect 
mens with postvacuum and atmospheric heat treatments at 400"C, soo•c, 600"C, 7QO<t 
and soo•c. The three s trongest HA main peaks tend to become sharper with increa~in11 
heating temperotures, revealing that the plasma-sprayed 1-lACs possess different degr('l .. 
of crystallization after postheat treatment. For the atmospheric heat-treated 1-lACs, lhr 
pMtial water vapor pressure of a tmospheric moisture can help to recover and prom(lt 
the reconstitution of TCP, Tl~ and ACP into crystalline HA. However, the vacuum h1>~l 
treated specimens possess more TCP and TP than t11e atmospheric heat-treated speci men 
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'·my diffracUon p;\ttern:.o o( pll'ISI't'lrt~pt-.,ycd HACs with 01pplying po::.lvac:uum heat 1~4ltmfnt (VH scri(>S) and 
.. Unl(bphcr-k heat HC.ltmenl (AI f·.'i('rtcg) ut 4WC to 800"C. (From y,,ng, C.W. -'•\d Llli1 T.S .. M1Ut'r. 'fnm:o .• 4-8(2), 
1.1 J-21$, 2007. With pt>rrnis:,ioo.) 

According to the phase diagram of Ca0-P10~ system as shown in Figu re 6.2, since there 
Is a lack of ambient partia l water vapor pressure d uring vacuu m heating, TCP and TP 
phases caMot be eliminated without the replenishment of OH- groups. In addition, the 
CaO remained within both of the heai-tTcated HACs because it cannot easily be converted 
into HA if lhe ambient heating atmosphere is without abundan t H20 molecules (54,59). 

Heat treatment is recognized as a proven process o( controlling the; amount or omor
phou.s calcium phosphate and quantification o( the amorphous component has also lx.oen 
.>! te mpted by many studies [45,60,64,101,108-11l,U7). In order to evaluate the content of 
ACP and other impurity phases displayed in Figu re 6.7, the internal standard method 
Il lS) is one of the most common methods to quantitatively dcten11 ine the fluctuation of 
f•hasc composition within the heat-treated I-lAC.~. The integra l intensity of known weight 
percent pure Si powder ndded in the specimens is taken as the interna l s tandard. Wang 
el al. (45) and Chou and 0 1ang )117( have established the calibration curves for calculat
Ing the content of ACP. TCI~ TP. and CaO phases. The main peak integral intensity ratio 
between TCP, Tl~ CaO, nnd I-lA phase from various XRD patterns of heat-treated !-lACs 
•"'•compared to the ca libration curves and the concentrations (in wt.%) of these phases in 
various coatings are calculated. Figure 6.8 shows the impurity phase content at different 
temperatures for the ' 'acuum heat-treated HACs (VH series). The impurity phases gener
•>lly tend to decrease when the increased heating temperature readws 6000C, at which 
the- HACs contains the lowest content (about 20.3 wt.%) of total impurity phases. There is 
~lso a ~ontinuous decrease in amorphous content with Increasing temperatures. However, 
when the heating temperature rises to a temperature rnnge of 600°C to soo•c in vacuum, 
~significant increas ing trend of impurity phases content (mostly TP and CaO phases} 
resu lting from the decomposition of HA (54,1011 can be recognized as the temperature 
Increases further, resulting In greater total impurity phases about 26.1 wt.% at SOO"C. For 
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l"k.t~ ~~k'nf (in wt~ of a,n\()fphou~ llnd c-.tJcrum phu.ph.lft! rt\.l:tD ,ho.ng:t'\1 Wlfh Vo4UUn\ twill 
ll'fnJW'fOHUrYS.. 

the atmospheric heat-treated HACs (AH series), the partia l water vapor pr<.'t>~ure of atn>< 
spheric moisture can recover and promote the reconstitution of TCI~ rt~ nn\.1 ACI' lnt 
crystal line I lA. The rt>Sidual compound with a phose content of olxlllt 5 wt.% fur (J(l()'{'t 

SOO"C atmospheric heat-treated 111\Cs is thought of as CoO It t9(. l~l'f<•rrl ngto tlw pr~vl1111 
prt•scntation l.n Section 6.2.2, the Rietveld ana ly~is method with Q i'A Is another effect I• 
w~y to determine the phase content of the pla<ma·spraycd and hcat-trc,ltl'\1 I lACs. Sin. 
the heat during plasma spraying and crystallization pl'OCC'lSc• is difficult to asccrt•u 
the quantity of ACP is not easy to determine in rcl,ltion to the heatllbt.•rntcd ThcrcfOl'\', tlw 
Riet,cld dna lysis method with QPA provides a pow('rful WO)' to completely quantlfy II 
~~nted amorphous component and crystalline pha..cs within a multiphasc ~ystcm h• 
any th<'rmally treated material (60,108,109). figure 6.9 illustrate' the ,·.uoauon in pll4 
romposotion of plasma-sprayed powders with changing a <;erie>; of plate power, whKh • 
dct<.'fTI1Uled by the QI'A technique \'ia Ril'tveW nt('thod (60). It can be "-"'n that th<' pha 
n>ntent of 0}1-talline HA. ACP. and other impunt) pha~. Including u·TCI~ 11-TCl~ 'lr 

fiCURE U 
f'h,tMCOn1f">SUIQn otplasm..-sprayed po"''dersdettlrmln(l(l byt(UIInlltt1tl\~ ph., ...... n.al)"'i-.((Jf'A) h . ..:tmkJUt " 
Rk!I \'Vkl nwthod of (ol) 1 wt.~ and (b) 14 wt.% f<IA :\U,~niiiiOn f•;('(hhx .. ,,.r t.:h.u,~u~ ., ~rlt .. ot r'·"~ J>OWvr 
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and C..O, are obtained. The phasr dcromp<XotiOn dunng pla,ma ,praying tS qu;anblilb"ely 
demonstrated and the amorphou.~ rontl'l'ltlncrca<;Cd ~ul>Jtanball) at hoghcr po"~ 
lk'CI~ the crystallization of pla<ma"''pta)ed IJ,\(~ " u,u.dly .ccom~nll'd woth a 

ch.mge in the coating dimensions. th<' Urt.ltion on miCfO'olructu~ dunng hc.lttrwtments 
an be clarified through lh<'rmal dilatomeh'). In Otd~>r to e-.cllklc the on~ of mctalbc 
tut>Wate and interfaciolll'l'action bet"~ HAfTi of the tiA..:o.ltt'd Tt-OAI4V speamens. 
""" plasma-sprayed HAC IA$t po«e-> of doiN.'n:.K>n' 20 (/) " 3 (u•) • 3 (I) mm' Without n 
I'UtNrate are used for lhermill dolatometry aruoly'" b\ a dllatl>lll('tcr The h<'allng condo
t•ons are the same as the abol.-mcntiOil<'<l t<'mp<'r.ltul\.-, 1voth a healing filte of IO"C/min, 
h~lowl'd by furnace cooling after holdong for 3 h The dd.ltahoo CUf\~ of HACs during 

'..lting process is shown in Figure 6.10, whiCh an be dovodcd ont<> thl'l'C ••-soon~ of IThlrk· 
"Jiy different slopes. The oncrcast'd dilatatoun appnl.ICh<"' hn.'Jntv In thto ll!mperature 
otervals ol IOO"C to 400 C (region 1). The linear '~"'·'"'<! dilat,ollon n!present~ that just 

1 thermal expansion effect on th<' I lACs during hNtlng In temper.~ture lntcrv~l IOO"C to 
ll~l' C, and the coefficient of thermal C\pansion (CrE, tl} of ~pray<'\! t lA ro.ctong ld~l!r can 
b.• ~uggested about 15.6 x 10 • OC 1 calcu lat,>d from tlw \lope 

Bt,.,;ides thcm1al <'xpansion effect In region tl, however, the dllat.ctlon dt'Crcascs in a non· 
hnear manner at healing temperature~ from above tOO C to ?11\Y'C •hmold be correlated 
with the main temperature intcrvol for the ny\t.lllilalltmuf pl.,.m,J·~pr.cycu HACs. When 
thl." HA cryst,,lli1..ation effect with a fair ,,m,)unt of volume (ontraction jq larger than the 
thtmnnl expa ns ion of coatings in this region, ltl(' dllnlnllon ~1./1.0 (or the ~lope of th~ dlla· 
t.otion Curve) decreased and Cvcn l>Cl'0111l'l> ~ 111l);olt1Vl' Vil l lll', ~Npl'CinJiy during the SQQ°C 
to• 700"C healing interval. Combined with ctuantitatiw ,, n,c ly~l~ ,,s •huwn in Figure 6.8. 
tht> e\•ldence is that an apparent chang•• in plw.<• (tll1tcnt and crybtalllnlty within this 
t~mperature Interval. Although the invcstlgatloM by f'cn!ll'l al.(6t).lnd Cr~ ct nl. (116] 
ondicatcd that lh('cryst.llli7ation has bocn ldcntlfit>d "~ t.cklng pl a~c.1t about 4tlO"C, butlhl.' 
main HA crystallization region of th<' I lACs 'hould bt• 'UAAC>;tl'<l O\W <;()(I C h<'ating tern· 
f"!rature.. As the heating temperatur~ approach~'*' to 7\ltt C. there" also a dolatdlion bal· 
•nee between crystallization and •h<'rmal e~raoNon of I lAC~ Thu~. the ddatatoon curw 
J"'plays a linear thermal expansion laf);t'r than Cl') •tallil..ltoon c(>IUractoon o•er iOO"C 
heohng temperature<~ in reg""' Ill 

Figure 6.11 also illustrates lh<' th<'rm~l dolato.,.,trv cuf\._... for the IIACs without 
ro-6AI-4V. heating at 400"C, 500 C. WlrC. 700 C. and loOO' C. h."'J)«ll' cl) '!"hey aU show 
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"' 
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IICVRE 6.10 
l)tl.1t,ttl<m cuf\-eul plap,ma.-spr.-y«f t lAC. tor a &I"J\h"! h-.\UinR P"'"'""" throHKh themMI d1111tomt•try 
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ACURE6.11 
Dilnl'-'lioo curvlo$ of plasmA•spmyed H t\Cs obtairK'<l lrom heating, holding to roollng proces5es: .-t 4t)()OC lu 
800'C. (From Ynng. CW. and Lui, T.S .. Mnt<r. Thws. 48(2), 211-218. 2007. With l"'rmis-<ion~ 

an approximately Linear thermal expansion when the heating temperature is in the rang" 
from 1000C to 40o•c. The erE of an HAC within thi.s temperature range is also evaluatt'<l 
for about 15.6 x 10· • •c-•. In addition, it is worth noting that the nonlinear region of thr 
dilatation curves represents a consequence of greater crystallization of plaso>a·sprayed 
HACs at 5000C to soo•c temperature interval. Table 6.1 lists the extent of dilatation va l· 
ues that are calculated from the dilatation c urves cooling to about 10o•c and significant 
crystallization-induced contraction after heat treatments have been demonstrated. Thi~ 
phenomenon can be recognized as a result of crysta llization-i.nduced contraction for the><" 
coatings. The CJ'E data of crystallized I-IACs at these heating temperatures are calculatE,od 
fron1 the slope of cooling stages, and the change in the CJ'E valtte also means that the effec 
tive crystallization temperature of plasma-~-prnyed I-IACs by post heat treatments should 
be higher than 600•c (64, 120]. 

Compared with the as-sprayed HACs (Figure 6.6b), ~he cross-sectiona l images obtained 
from 60Q•C and aoo•c crystallized HACs represent significantly crac king features, as indi· 
cated by t11e arrows in Figure 6.11. Figure 6.12 shows a typical SEM/SEI observation nearb)· 
these contraction-induced cracks of the heat-treated HACs in the range of 60Q•C to SOOOC 
a nd there is an obvious contrast within this area. Through the semiquantitative analysisol 
SEM/EDS, the light gray contrast denoted by "C'' with a Ca/P ratio of 1.61 represents the 
occurrence of I-I.A crystall ization dose to the contraction-induced cracks. and the dark grn)• 

TABlE 6.1 

CoerficicntoiThermal Expansion (CTE. u) and Crystallization-Induced Contraction Ratio or 
Hcat-Tre.,ted HACs 

HeatingTempf'ralures (0 C) ~ (xlO ... 0C'1~• Con.tratlibn Ralio (~)• 

400 15.t 
500 14.8 
600 t3.6 
700 13.9 

800 14.3 

Soc1rrr: V.1ng tt tt1.. Mbtcr. Trnn~ .• 4$(2), 211-218, 2007. With pennission. 
• Values <~re measured !tum the slope of cooling curv<.'S to room tempt•tcliUr\' 
~ 03tJ obtained (rom 10t."ll dilatation of the s.'mple dim~nslon after cooling. 

0.05 
0.20 
0.28 
0.43 
o.os 

Self-Healing Effect 011 Be/111viors of Hydroxyapatite Coatiugs 

f1CURE6.12 
b.nl.ugcd (:l'i)Cb of h .. ·.U~IN3h.-tl llACs, ~howing pr~nce o( c:ry~t11llb;ed {denoh.>d b)' .. C .. ) and nonstokhlomt.•t· 
1lc c.1lcium phosphate {denot~o."CC by .. N") ro~ions that can be rccoKniz(od by diff~rtont rotlll'ibt {Prom Yang, C.W 
ond l.ui. T.S. A1Jitcr. 'lll'l11.<. 4$(2~ 211-218.2007. With permission.) 

region "N" with a low Ca/P atomic ratio of 1.35 represents a nonstoichiometric calcium 
pho-sphate region away from the "C" region. By incorporating the IOC and the thermal 
dilatometry results, therefore, lt can be recognized that the formation and the propagation 
of e nlarged cracks is duet<> the coating cont-raction during crystallization. 

For biological applications, th~ dissolution rate of HA coatings is of interest because a 
rapidly dissolving coating may not remain on the implant for a suffic.ient time to al low 
ful l stnbilizalion in bone or the desired tissue response in vivo. Ongoing development 
,ltld optimization of the p lasma-sprayed HACs are aimed at higher crystallin ity coatings 
without sacrlficing bonding strength. Although it is possible to evidently increase the crys· 
tallinity of plasma-sprayed HACs by postdeposition heat treatments in vacuum and in the 
air, heat treatments with t·e mperatures over 600"C resu lt in the degradation of mechani· 
cal !Properties with the significant formation of crystalli~.ation·induced cracks 1101,120]. 
Therefore, it is indispe nsabll.' to develop a lower-temperature treating process [58,59,63]; 
for example: a hydrotherma l treatment with an abundnnt water vapor atmosphere that 
can simultaneously acqttire higher crysta llinity, good bonding strength, and biological 
responses without microstructura l deterioration ]121,122]. 

Hydroth e rmal Synthesis a nd C rystalli zation 

The in1erest of synthesis of HA is linked with its importance as a major cons tihtent of the 
inorgan ic component in human bones and teeth, and the characteristics of HA have signifi· 
cant effects on the subsequent products with I-lA being in the form of dense Ot' porous struc
ture in coatings or in composites. Since HA has been recogni7..ed as the best biocompatibl" 
cerJmic material, there have been many reports on the biological aspects (6,7,15,123,l24], 
and. the fabrication processing of I-lA has progressed with the growing importance of the 
biologica l applications. A nllmber of studies on the preparation of I-lA by various meth· 
ods have been reported in the literature. Yoshimura and Suda et al. have reviewed the 
preparation for I-lA powders and grouped these methods into three categories, as listed in 
TabJe 6.2[125- 127]. Table 6.3 illustrates the chemical reactions of these processes [128]. Two 
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Wang Yongsheng. Biological and Biomedical Coatings Handbook: Applications. Chapter 1: 
Sol-Gel Derived Hydroxyapatite Coatings on Metallic Implants: Characterization, In Vitro and 

In Vivo Analysis. 2017: 1-33.  
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Intro d uction 

In modern society, the rapid development of biomedical engineering has provided consid
erable improvement on human quality of life. 6iomat<!rials, as the main part of b iomedical 
engineering, have attracted more and more attention t•egarding replacing a part o.r certain 
function of the body in a safe, reliable, economic, and physiologically acceptable maru1er 
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(Brom>jno 2000). A ' 'ast array of manmade biomaterial~, including meta.ls, po lymers, ceramics, 
and composites, have been widely developed during the past 90 years for the requirements of 
clinical applications. Bach biomaterial has its own advantages and disadvantages for a ~-pecific 
application (Ratner et at 1996; Smallman and Bishop 1998). fn other words, the selec:tion of a 
biomaterial for a specified case depends on the particular repair or replacement situation and 
the properties of related biomatcrials. Herein, this chapter is limited to some is~ues related to 
load-bearing implants, such as hip joint replacement and teetll roots repair. The demands for 
these kind of toad-bearing implants have increased enormously in the current industrial era 
d ue to increased injuries caused by accidents and the improvement of social awareness about 
·the right of existenoe. According to the American Academy of Orthofx.>dic Surgeons, for eJa>m
ple, more than 120,000 total hip replacement operations arc performed each year (Marsha, 
Leonard, and Randall 2000). As such, the development of reliable high-perf()nnance implants 
is greatly meaningful and valuable. 

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

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

TABLE 1.1 

Mechanical Properties ol Bone a.nd Some lliomaterials 

Young'$ ModulW~ Ultimate TemiJe T~I\Jll t' Elo~tion F~cturt Tough.neM 
Types of M;.ttti_als (GPo) Stt<ngt~ {MPo) Rote(%) tMP•m"'> 
Alumina 420 282-SSI <I 3-5.4 

Hydroxyapalit• 7-13 3lH8 
3.7- 5"5 (3% pomsity) 

St"Jntess t~tt>el 200 1000 10 100 
C<K:r olloys l30 450-1300 11)..30 100 
Tt-A1- V and c.p. 1i I(J()-UO 500-USO t:;..:zs so 
Mg and Mg .>lloy• 41-45 225 
PMMA 2.8 55 1.19 
Cortk:aJ bone 3.8-11.7 82-114 2- 12 

Sottrct: Lcyens, C., J>e~rs. M ... TitoJtirmtandTit.JJm'nm Alloy5: hndnnrcrtatsand ApplkaiUJn5, WileyMVCH, \Akinheim, 
2003; Smi'lllnvt.n. R.E.. BiShop, R.J., Modem Plry5IcDl Mt'fallurgy Qnd Mtltuinls 6ngin~ring·Sden~. Pf'O«SS, 
Applio>tiot1, Ets.!vler, 1998; Fried.ti<h, H.E., M<>tdlkc, O,L, Magrt<Siflnr 11rJmology, Springl'l'Vclog, ll<din, 
Getmru\y. 2006; Ben·Nl<san, 8,, l'ozzol~, C., 8ioor•rrcrl>rls, 25. 20, 4971--1975. :!001. With porn>isoi<m. 
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biomaterials are bioinert and would release some undesired metal ions caused! by rorro
' ion in the human body's biological environment. or the bioceramlcs, alumina, calcium 
phosphate, and bioglass in use are mainly because of their superior biocompatibility and 
bioactivity. However, their poor mechanica l properties (e.g., tensile strength and fracture 
toug hness) arc serious design limitations lor these materials when used in load-bearing 
implants (Table 1.1). Polymers, including polymethyl methacrylate (PMMA), polyethy
lene, polyurethane, e tc., a re widely used in plastic surgery, cardiovascular surgery, and 
uthcr soft tissue s urgery due to their properties of resilience and malleability, which are 
not at a ll suitable for load-bearing implants. Therefore, none of the three kinds ol above
mentioned biomaterials meet all the requirements of implants ior hard tissue repa ir and/ 
or replacement. 

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

H A and H A Coat ing 

HA is the main mineral component o f htunan hard tissues (mai nly bones and teeth), and 
provides s10rage for the control of calcium uptake and release for the human body (Aoki 
1994). HA belongs to a class of calcium phosphate-based bioceramics with a chemical 
formula of Ca10(P04l.(OH),. The word "hydroxyapatite" cons ists of "hydroxyl" ion and 
"apatite," which is the mineral name. The stoichiometric Ca/1' molar ratio is 1.67, and the 
calculated density is about 3.219 g/cm~. HA crystallite possesses a hexagonal structure 
with the unit cell dimensions ol: n =It= 0.9432 nm and c = 0.6881 nm (Hench and Wilson 
1993; Kay, Yuttng, and l'usner 1964). The atomic s tructure of H A projected a long: the c-axls 
on the basal plane is shown in Figure 1.1. 

It is well known that HA can be used as bone substitutes in orthopedics and dental 
treatment du" to its biocompatibility a nd osteocouductive properties (Boretoes and Eden 
1984). ln order to meet the clinical requirements of different applications, HA has been 
developed well to be fabricated into different forms, s uch as particulates (solid, porous, 
or even hollow particles) in di.fferent sizes, blocks, and coatin gs (Wang et al. 2009). As for 
load-bearing implants, bulk HA seems not su itable because of the IJmitation of it:s mechan
ical properties (Hench and Wilson 1993; Bronz.ino 2000). There is a wide va riation in the 
reported mechanical propeJ'ties of synthesized 1-l.A, which strongly depend"d on the pro
cess applied with the HA sample preparation. For example, the compressive strength of 
synthesi1.ed I-lA ranges from 294 to 917 MPa (Park 1984). Other related mechanical prop
!!fties are listed in Table l.L The mechanical p roperties of HA strongly iJ>Ouence Uleir 
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b 

RGURE 1'.1 
Crystal sti-ucturt of hydro:c-yapatitt, viewed .,long c-axhl (From Kay et al. Muu~ 201, ·4963, t050--1<h~. 196-.1. 
With porrrusslon.) 

i!.pplications as i.mpla.nts. ·n,erefore. the application of bulk llA as load-bearing implants is 
inevitably impracticable because of its poor fracture toughness (too brittle). 

The most interesting property of H.A in bone repair is its attractive bioactivity and strong 
ability to form direct chemical bonds with surrounding tissues. Therefore, HA-coated 
metallic implants could integrate the bioactivity of HA and the mechanical properties of 
metallic substrates for an ideal combination. Many techniques have been developed for 
the fabrication of liA coattngs onto metallic implalll sLtrfaces. CummvJLly 1.1sed method• 
include pulsed laser deposition (PLD) or laser ablation (Koch et al. 2007; Bao et aJ. 2005; 
Arias ct al. 2003}, hot isostatic pressing (HIP) (Onoki and Hash ida 2006; Fu, Batchelor, and 
Khor 1998), thermal spraying techniques, including plasma spraying (Wang, lu et aJ. 2007; 
Yan, Leng, and Weng 2003; Gu, Khor, and Cheang 2003), Dame spraying (Cheang and Khor 
1995; Oguchi et al. 1992), and high-velocity oxy-fuel combustion spraying (HVOP) (Lima 
et a l. 2005; Khor et aJ. 2003), electrophoretic deposition (Wei et u 1. 200~; Xiao and Liu 2006), 
biomimetic coating (Reiner and Gotman 2009; Bharati, Sinha, and Basu 2005), sputtering 
coating (Pkhugin et al. 2008; Ding 2003), and the sol-gel method (Haddow, James, and 
Van Noort 1999; Ak Azem and Cakir 2009; Aves et al. 2009). Each method has its own 
ad,•antages and disadvantages in the coating properties, such as coating chemistry, phase 
composition, crystallinity, and mechanical properties, as well as biological properties. 
A comparison of these coating techniques is summarized in Table 1.2:. Among all these 
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coating techniques, the sol-gel method is commonly used for its advantages of composi· 
lion homogeneity, low cost, and ease in operation (Zhang et al. 2006). 

Sol-Gel Derived R A Coating 

BrieJ Introduction of the Sol-Gel TechniquP 

The sol-gel process is a chemical synthesis method generally u54<d fur the preparation of 
ceramics, glasses, and composites at much lower temperatures than other trad ltional methods, 
such as hot pressing and sintering (llench and Wilson 1993~ TI~e use of the sol-gel method can 
be traced back to as early as the mid·ISOOs, and a fast-growing development of sol-gcl appli
cations has been achiew.'CI within the past thr~ decades (Gupta and Kumar 2008; Wang and 
llierwagen2009).1n the sol-gel process, the solution system involves a transition from a liquid 
"sol" into solid "gel" phase. The starting materials used in the prcp.1rntion of "sol" are usually 
inorganic metal salts or n>ctal organic compounds such as metal a lkox:idcs. lifter a certain 
process with the sol (e.g., the coating of "sol" onto a substrate), followed by drying to remove 
residual organics and heat treatment, the "gel" is converted into dense materials (Klein 1988). 
Since the dl>sign of the sol-gel system and related sol-gel process can be controlled easily, this 
method has been employed to produce various products of desired sl7-CS, sl~apes, and formats 
(e.g., partide, fiber, coating, bulk). The main advantages and important features of the sol-gel 
method can be summarized as (Wang and Bierwagen 2009; Klein 1988): 

• Increased homogeneity due to the mixing at the molecu lar level 

• Reduced processing temperature, frequently close to room temperature 

• Substrate/mold shape-independen~ since liquid precursors nrc used (such that 
complex shapes of products can be successfully fabricated) 

• Easy mixing for multicomponent systems 

• l:seof different chemical routes (precursor selection) 

• Possibility of producing materials with special properties (e.g., composition, crys
tallinity, morphology, and e'-en composites) 

• Low cost and easy operation 

Tu<ldy, .u~cl tcduiOI~y is widely u,;ed in the dev~lopment of CAtalyot (mum, Avnir, 
and Schumann t999), nanomaterials (Raileanu et al. 2009), chemical sensors (Un and 
Brown 1997), biosensors (Pastor et al. 2010), and electrochemical devices in diverse scien· 
tific and engineering fields, including the ceramic industry (Klein 1988), optical engineer
ing (Gvishi et al. 1997), biomedical field (Gupta and Kumar 2008), and electronic industry 
(Dulay et al. 2002). Sol-gel tech nology shows great potential for the development of novel 
materials atld devices in a broad range of applications. 

Metallic Substrates 

Because of the preliminary requirement o f biocompatibility for n biomaterial, the num· 
ber of metallic materials that can be considered for irnplonts is limited. Metals nnd alloys 
used in clinica l appUcations mainly include stainless s teel, CcrNi-Cr al loy, cast and 
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wmught Co-Cr-Mo alloy, commercially pure titanium (c.p. titanium), and titanium alloy 
(lttt~er et al. 1996). Compared with other metals and alloys, however, c.p. titanium and 
th.tntum alloy-TI6AI4V have been used as Implant materials only for a short time. They 
hJve been widely used in clinical application and have a great potential prospect for medi· 
,.,,I applicat~ns due to their good biocompatibility, superior mechanical properties, and 
mrrnston resiStance (Leyens and l'cters 2003). In the C.tSe of other metals as imp lants, the 
•ll'<'u.mulation of toxic metal ions caused by dissolution and corrosion in the body's physi· 
<~l<l);tcal envuonmcnt often leads to severe pathological problems ijaffe and Scott 1996). 
l '1uthcrmore, in comparison with cobalt chromium alloys, titanium .md its alloy demon· 
'Irate a 33% increase in bonding strl.'ngth to H/1 coaling in vi/To . .\1oreover, concerning 
th•• costs of scmiproducts, TI and its a lloys belong to the same gtoups as stainless steel, 
whereas Co-Cr alloys are more expensive (Lcycns and Peters 2003). Thus, titanium and 
"' Jlloys with their favorable properties arc more preferable for medical applicat ions com-
1"' r<'Cito other metallic materials. 

Recently, magnesium and magnesium alloys, as the lightweight metals (density - 1.75g/ 
•·m '), have been proposed as biodegradable implants for orthopedic and tTauma surgery 
.lue to their outstanding biocompatibility, bio<.legradabUity, and mechanical properties 
(Witte 2010; Friedrich and Mordike 2006}. According to Wolff's law, Mg alloys are most 
rrt'ferred because of the s imilarity of Young's modulus between Mg a lloys and human 
l•<~nes (cf. Table 1.1). Such kind of similarity ca n effectively avoid the s tress shielding effect~ 
htdlng to enhanced stimu lation of new bone growth nnd remodeling (Zberg, Uggowit'ler, 
:•nd L6ffler 2009). Noticeably, been use of the biorcsorbable characteristic, Mg alloy·based 
•mplants are strong ly expecK-d as biodegradable implants (e.g., coronary stcnt) rather than 
the permanent ones. Therefore, it is stUI qul'Stionllble for Mg alloys to be used as load· 
lwaring implants for hard tissue repair or replacement. 

Precursors for Sol-Gel Derived HA Coating 

Theoretically, any precursor able to form reactive inorganic monomers or oligomers can 
bl' u54<d for sol- gel process to synthesize the corresponding inorganic products. However, 
in order to obtain sol-gel derived coatings with the desired quality, the selection of related 
precursors (as well as the designed sols) should satisfy some basic requirements (Klein 
1988; Gupta and Kumar 2008}: 

(1) Must be soluble in the selected rl'action niCdia and reactive enough 10 participate 
in the gel forming process. 

(2) The precursors should be stable (do not produce any unwanted by-product). 

(3} The sols containing precursors should have rertain viscosity and can wet the sub
strate well to produce an overall homogeneous deposited layer. 

(4) Uniform and long· term stability of the sols is possible. 

(5} Easy removal of unused ions or organic groups to obtain a coating with pure 
phase and uniform suiface morphology. 

A number of calcium and phosphdte precursors have been employed for sol-gel syntht>sis 
uf HA coatings on meta llic implant surfac~ at a low temperature. An overview of diJfer· 
~nt.caki~tm and phosphate precursors cummonJy used for the preparation of I lA coatings 
IS liSted tn Table 1.3. Due to the diffNcncc in chl'micaluctivity of different precursors, the 
temperature re<Juired to produce the ap.1titc structure depends largely on the chemical 
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TABL£ 1.3 

Overview of Different Cakium and Phosphate Precursors lor Preparation of HA Coatings 

C.alcium Pte<\usor 

Ca.ldunl nUrate 
tetrahj•drate 
(Ca(N0,),•4B10) 

Colcium ~tate 

monohydrate 
(Ca(OA-<),•H,O) 

Calcium ditthoxide 

Calcium hydroddc 
(C.(Oii),) 

Phosph.-.te Precu.rsor 

!);phosphorous penl<lxide (P,O,); 
Ammonium hydrog('fl phosphat~ 
((Nl-(J,HI'OJ; Ammonium 
dihydrogen phosphate:Triothyl 
phosphite; Triethyl phcophate (lllP); 
Phost>hori< odd (H,I'OJ; 11·6vty l 
acid phoophato, (n·SAP);Tri•thyl 
ph0$phate 

!);ethyl hydrogen· pho.phonate 
((c,H,),HPO); 

Tr;dhyl phosphite; Diethy l hyd.rogen· 
phosphOllare ((C,ll,),lii'O); 
Phosphoric add (H,I'O,) 

2·Ethylheayl·phoophate 

Rde.rencn 

(Wong. Han et al2003; Montt~l<!ro et al 
2000; Hsieh, Pemg. and Chin 2002; Y0t.1, 
Oh,and Kim 2()01;0lva1H el ol. 2001; Liu, 
Yang. tmd TroaytUld 2002; Kim N al. 2004; 
Manso~ Ogucta et lll. 2002; ~1anso,l.angleC 
et .1L 2002; Hwang et .. ,1. 2000; Wa.ng,.. Che:n, 
and Wang 2009i Gan and PiUi.ar 2004; 
Wengand &ptisL' 1998) 

(Ben·Nissan. MU~v, and Vago 2004: 
Ek=llamu.rugan, Karull"'· and Rajt>5wari 
2002) 

(llen-Ni...,n, Milcv, and Vago 2004; 
Haddow,jan\t:!S, a.nd V.tn Noort 1999; Chai 
and llen·Nissan 1999) 

(Mctikos·llukovic .. a!. 2003; Tkalcoc ct al. 
2001) 

nature of the precursors (Haddow, Jam~, and Van Noort 1996; lit~ Troc;cynsk i, and Tseng 
2001), With the use of differenl precursors and pwcessing conditions, the expected prop
erties (chemical composition, phase compone11ts, crystallinity, thickness, morphology, 
porosity, etc,) of these HA coatings can be successfully achieved and weal controlled, 

Chemical a nd Physical Properties of Sol-Gel Derived HA Coating 

Phdse Composition 

According to the processing tcmpexature, all coating methods can be class ified into 
two groups, low-temperature and high·lcntpcrature deposition techniq ues, as shown in 
Table L2. Even though the sol-gel method is classified into the low-temperature group, 
almost all the HA coatings prepared with this method mus t be treated with an essential 
sintering or heat treatment step at an elevated temperature, (Generally, the temperatute is 
lower than IOOO'C) (Chen et aL 2005), Such a heat treatment process is us ually required 
to remov(' the unwanted chemical components (to obtain the final HA coati.ng) or to 
increase the coating crystaUinlly. However, the following decomposition reactioru; m ay 
also occur during the heat treatment (Ogiso, Yamashita, and Matsumoto 1998; Senamaud 
etaL1997): 

Generally, the final coating is a pure HA coating or with a small amotmt of impurity 
phases, such as CaO, and/or TCl~ OCP, carbonated HA, CaCO, (Montenero et a t 2000; 
H sieh, Perng, and Chin 2002; Wang, Chen, and Wang 2009; Wcng and Baptista 1998). 
Figure U shows a typical HA phase with small amount p:ro> (less than 5%) of sol- gel 
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40 
20(d•g) 

9 

60 

,,.,;, .. , . (ltmposition o( sol-gel derived HJ\ coot-i.ngs em TI6Al4V substrate after calcination at 9()()?C. (f'rom 
'-l1t11h·n.:ro et-al .. }mmllll of Marr..rluls Scitm:e, 35. ll, 2791-2797. 2000. With permission.) 

•l••rivcd HA coatings on Ti6AI4V after being calcined at 90()<>C by using Ca(N03h•4HP 
•ml (NH,),HPO, as corresponding pre<:ursors (Montencro e t al. 2000), 

On the other hand, the phase purity and the degree of crystal linity of sol-gel derived 
Ill\ coatings is reported to depend Oil the kind of precursors used for the preparation of 
Ill\ coatill~ (Haddow, James, and Van Noort 1996), l'or instance, Can and PiUiar (2004) 
J>uinted o ut thai the HA coating prepared w ith an organic route (precursors; calcium nitrate 
l<'lrahydrate ru1d triethyl phosphite) possesses highet crysta.ll.inity than that obtained with 
'"' inorganic route (precursors: Ca(N~2•4H,O and ammonium dihydrogen phosphate), 
Mureover, besides the selection of temperalure, some other factors, including time of heat 
tn•iltment, heating rate, and surrounding atmosphexe, a.re aJso q <<itc important to control 
tlw final phase composition and crystallinity (Chell et at 1997; Wang, Chen, and Wang 
2UU'I; Hsieh, Perng, and Chin 2002), For instance, water molecules in the fir ing atmosphere 
~<1uld promote HA crystallization, whereas in a d ry atmosphere TCP and TICP are more 
~1.1ble than HA in a higher temperature (Chen et al. 1997), Comparatively, the p'hase com· 
l""'ition of HA coatings produced by the sol-gel method is s impler than those coatings 
<•bt~ined by using high temperature deposition methods, which usually contain a certain 
,, m<lunt of other impure phases, sud1 as amorphous hydroxyapatite (ACP), oxyapatitc, tri· 
,.,,lcium phosphate (TCP), tetracalcium phosphate (TICP), and calcium oxide (CaO) (Ong 
<'t a!. 2006; Yan, Leng, and Weng 20(),3; Lima et at 2005), 

No ma tter the impure phases, aU have crucial effecls on the performance of coated 
implants, especia lly on the dissolution behavior of the coatings (Sun et al, 2001; You, Oh, 
,md Kim 2001; Ya11g, Kim, and O ng 2005). All of the others' phases in the coat ing have 
l.~rger solubility than lhat of HA (Dt•cheyne, Radin, and King 1993; Wang, lu e t a L 2007; 
Khor el at 200.1). Altho ugh the faster dissolution produces a supersatu.raled environment, 
which allows physiologica lly produced HA lo precipitate 011 the coating and enhance the 
bune ingrowth, it a lso leads to the serious ( eS<>rption or degradation of the coatings, and 
••ven to the failure of the implants (Cheng, Zhang, and Weng 2007; Kim, Kim, and Know!~ 
2005), On the other hand, the impure phase, CaO, has no bhxompatibility and dissolves 
~ignificantly faster than TCP. Thus, it is a detrimental phase that should be avoided (Wang, 
t:hen ct aJ. 2008; S<m et at 2001), As such, both the purity and the crystallinity of the coat· 
ing should be strictly controlled in order to obtain the ex peel~ effective HA coating layers. 
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The smaller amoWlt of other phases, the higher degree of c~ystallinity, and the lower the 
dissolution rate, the better the performance of the implants, and vice versa. Thereby, from 
the viewpoint o f phase purity, the sol-gel method is preferred in depositing the expected 
I-lA coatings on metallic substrates. 

X·ray diffraction (XRD) is a powerfuL nondestructive analysis tool and has been widcly 
used as a means of determining the phase composition and crystaiUnity of the I-lA coatings. 
That is, it estimates the percentage of crystalli.nity and idt'ntifies the secondary phases gen
erated during the preparation ofllA coatings from the relative peak int4!1lsity of different 
phases (LObmann 2007). The new phases can be identified from the plot of the intensity vs. 
'UJ, or from the lattice parameter change determined by XRD l"I!Su Its- Also, other analytical 
techniques, such as differential thermal analysis (OTA)/differential scanning calorimetry 
(DSC), Fourier transform infrared spectroscopy (FTIR), can help in this analysis. 

Surface c:Mmistry and Composition 

The surface chemistry of sol-gel derived Hi\ coatings. us one of the most s ignificant fac
tors for the coaUng in a clinical application, has •·eccived considerable attention becau.o;e of 
its dominant role in osseointegration (Hench and Wilson 1993; .Ka~iulis ct al. 1998). X·ray 
photoelectron spectroscopy (XI'S) or electron spectroscopy for chemical analysis (ESCA) 
is the most famous technique for the analysis of surface chemistry, ~ince It c:an detect all 
elements except hydrogen and helium with high sensitivity even for the trace amoWlt of 
contaminants in U1e materials (Briggs and 2003; 13rundle, Evans, and Wilson 1992). XPS is 
a.n important analytical tool in the area of coatings/thin films, al\d it can providP useful 
information, including compositions (clements), chemical states, and coating thickness. 
IJased on the survey and narrow scan, the possible elements can be nccwately ascertained 
since each element has its own characteristic binding energy. The chemical state (valence) 
or bonding information of each element can be determined through the shift of corre
sponding peak position (binding energy~ 

There ace two main properties of concern regarding surface c.hemistry: the composi· 
tion of the liA coating and the chemical status of the clements existing in the I lA coating 
(Kal!iulis et at 1999). As for the composition of HA coatings, it is mainly the three !'lements 
of Ca. P. and 0 and their concentration (commonly described as Cal l' .u~d 0/U. molar or 
weight ratio). The 0./ P and 0/Ca peak ratios can help distinguish and quantify different 
0./ P phases in the mixtures. With respect to the stoichiometry of the HA coatings, the 
Ca/ P ratios for the sol-gel samples were in good agreement with the stoichiometric val· 
ues compared with other coating techniques (Massaro ct al. 2001; Meti'kos-llukovic et aL 
2.003). However, as Haddow, James, and Van Noon (1996) hdvc pviut~-.1 uul. tl"' C.(P ratio 
could have a great difference in response to different precut50rs selected. For example, 
the Ca/ P ratio was 1.46 for the inorganic-route precursors and 2.10 for the organic-route 
precursors in the work of Can and Pi !liar (2004). All these changes on t.he 0./ P ratio can 
be demonstrated by other analytical methods, such as XRD and FTIR. As for the chemical 
states analysis, it is becoming mO<"e and more important in the biological development. 
Each element has the "fingerprint" characteristics that can be determined by some ana· 
lytical tcc:h.niques (Kal!iuliset at 1998). According to the analysis, some new phases can be 
determined. For HA coatings, many studies have been done on this point. Generally, Calp 
(or Ca2p,n and Ca2J»n), P2p, and Ols are the most studied for determining the chemical 
properties of the coating. For example, in Figure 1.3, the Ols peaks of the HA coatings 
deposited by different methods arc presented (Massaro ct a l. 2001). As indicated, peak 1 
is the charactedstic Ols peak in HA structure with a binding energy of 531.4cV; peak 2 is 

J , 
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I'" >p«fr.l (XI'S) ol HA ro.tling:s prq>arod by diffo.,.nt mMhods O•l sol-g<l cwting; [b) spultl!'roo CQaling; 
~lpl.>.•ma·spnyod roatins). I'Nk I I• the ch,u><"rUtk OIJ peak in HA slruclu~ with a bindOl'g enttgy of 
' 11.•,-v: peak 2 is •ttribulod 10 the Olsln od..,..b<d wotrr; peak 3 is lhe OIJ coming from TK>,. (from Massaro 
••·•1. /•••rn•l o{BiqmtrJkol M<llni<ll$1l<><orc~. SS. 6. 651 657, 2001. With permiss;on.) 

.tltributed to the Ols in adsorbed water, whereas peak 3 is the Ols coming from TiO,. As 
•tl<'h, according to the binding energy of a specified clement, it is quite easy to find out 
wh.tt kind of phase/compound of thb element is ln. Table 1.4 summarizes the binding 
••ncrgy levels of core elements in some calcium·contai ning salts. lmportanUy, based on the 
XI'S analysis (especially the narrow sca n screening), the determination of tra<:e elements 
tn the coating is criHca l for the inve~tigatlon and evaluation of new biomaterials (Ka~iulis 
··t .11 . 1999). 

Surface chemis try and composition co n also be analyzed by FTIR. rhe ITlR technique is 
r.1pid and nondesll·uctive, requires no vacuum, and is applicable to samples of any dimen· 
•lun and even to Utose with curvature (Kazarian et al. 2004). The chemically spccllic iJ'tfOr· 
m.>tion contained in the unique "fingerpri nt" region of the JR spectrum allows one to 
distinguish different chemical groups and even different materials. In HA, c-ompound 
~:roupings, such as hydroxyl bands (OH groups), carbonate bands (COJ groups), and phos
phate bands (1'0, groups), are usually quantified by ITIR (Stoch e t at 2005; Vijayalakshmi, 
l'rabakaran, and Rajeswari 2008). Crystalline Hi\ generates two characteristic OH bands 
.>t ~bout3570 and 630c m 1 (Wcng and Baptista 1999; Stoch et al. 2000). Sometimes they are 
.1bsent in FTIR spectra, and some authors aNributc this missing OH modes to a perturba· 
tiun of hydroxyl stretching and b4!1lding modes on the apatite surface by the hydrogen 

TABLE 1.4 

XI'S llinding Energy Values of Main Elements in Some C•ldum.Containing Salts 

-------- - - - 8--lndlng En•'SY (•Vl 
Ph•~ Ca2p., Calp., Plp Olo 
IIA 351 G-351.2 347.2-347.$ t33.3-133.5 531.3-531.6 
·•·fc:F- 350.7 347.2 tJ:J.J 531.0 
t>-fCP. 350.6 347.0 133.1 530.9 
AC..l' 350.6 3-17.1 llJ.I 531.1 
<'.tCO,' 350.1 346.5 533.9 (0 ,) 

535.6 (O,J 

"'"'"" Amr.th·llo\>ali <I at., Bio~t~<~ltri<tls, 15, ~. 269-272, 199-1; Lu el al. A111/. Clrtm., 72. 13, 2886-2894. 2000; 
Chus u<i, C.C., Am/. Clt<ln., 71, I, 149--153. 1999, Yan etal., 8ior1Wit ri<tl$, 14, t 5, 2585-2592. 2000; ll.tl~stooli 
ot al., Surf./11/trfoc< Anal. 29, II, 713-781. 2000 With porml,.lon, 

• 11<.'0\k p0511io~ art> calihr.,retf by setrins lh« adventitious Cb to 284.7tV. 
" I'O\\'der form in t-alcite rhase. 
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bonding of water molecules to the surface OH ions. The adsorbed water yields a broad 
band in the 3000-3500 cm-1 range and at about 1650 em· ' (Stoch et al. 1999). 

The phosphate g ro up has a T• symmetry resulting in four internal modes' being IR active: 
'':J asymmetric stretching mode of vibration char.,ctcrizcd by a strong, complex band in 
1000-USO cm-1 range and a medium intensity band at about 963 em·' dt~c to v, symmetric 
stretching vibration (Tkalccc ct al. 2001). The v, bending vibration of PO, is characterized 
by bands .located at 560- 610 em-•. A weak band at 430-463 cm-1 corresp<>nds to v, bending 
vibration (Stoch eta!. 1999}. 

The FTIR spectrum is very sensitive to the carbonate (CO)~-) group; even a very small 
amount of carbonate can be detected. Generally, carbonate can be incorporated into the 
HA structure by replacing the OI-l group (type A substitution) o r by replacing PO, groups 
(type 13 substitution) (Stach e t a l. 1999). The presence of COl" as well as its position can 
be well determined by FTIR: type A substitutions have a singlet band at -880 cm·1 (out
of-plane deformation, v2) and a doublet band at about 11150 and 1545 cm-• (asymmetric 
stretching vibration, v3); the co-occurrence of co,z-absorption peaks l.'(.>corded at 873 cm-1 

(1'2}, 1412 and 1465 em· ' (v3) indicates the incorporation of CO,>- groups into HA lattice 
structure through the B-type substitution (Tkalcec et i!L 2001). 

Along with I'TIR, Raman spectroscopy (RS) is another powerful analytical technique 
for the dete.rminalion of molecular vibrations. The vibration activity is different in FTIR 
and RS d ue to the symmetry dependence of some chemical groups. ln other words, some 
vibrations are both Ff[R and RS active, but others are only FTlR or R.S active. Therefore, 
complementary detailed information about the molecular vibrations c:ould be well char
acterized by combing the FTIR and RS analysis. A detailed report abou.t the application of 
RS in characterizing HA samples can be found in some relaied references (Mihaly et al. 
2009; Silva and Sombra 2004). 

Surface Morphology 

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

ln sol-gel technology, the solvent can bo:> evaporated to leave a solid with a certain level 
of fine poroSity. So, generally, according to the prore:;:; characteristic~ of wl0 d tedu•ique, 
it is a common phenomenon that the sol-gel derived HA coating is a homogeneous, but 
rough with micro pores (about a few hundred microns) and even micro cracks (Massaro 
et a!. 2001; Montenero et al. 2000). Figu re 1.4 shows a typical SEM micrograph (Figure 
1.4a, precursors: Ca(N0,),•4H20 and P20 5) and AFM image (Figure 1.4b, precursors: 
Ca(NO.J)~•4H20 and (NH,,),HPO.J) about the surface morphology of sol-gel deriv(.-d HA 
coating on the Htanium and titanium alloy substrates. The coating looks quite uniform 
with a certain degree of porosity. The surface morphology of sol-gel derived HA coatings 
can be controlled by sol-gel par.u.neters, such as different precursors (Guo and Li 2004; 
Can and Pilliar 2004), post heat treatment (Hwang et al. 2000), the addition of chemical 
additives (Wcng, Han et a.l. 2003), and surface roughness of the substr ates as well as the 
thickness of the coating (You, Oh, and Kim 2001). Therefore, a customized surface mor
phology c~n be obtained according to the dJfferent requirements in practical application. 
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II(;UA.E 1.4 
..,.,rf.tce m.orphology ol sol-gel derived H1\ co.1ting on n nnd Tl~alloy subst.rates: (a} SI:."M mk rogt3ph; {b) AFM 
trn.~~~. (i=rom Mas..;{(lrott nl., fou runl ~ 8ionu:dicnt Materl.uls /(('$tf1f(}r, 35. 11,2191- 2197, 2000. With permission.) ·rhe 
••uf.h~c is uniform with O!rl_llin degree of porosit)'· 

Interfacial Analysis 

lnt~rfacial fa ilure is reported to be one of the most predominate failure modes of HA-coated 
Implants (Cheng et al. 2005). Generally, the interfacial adhesion of a sol-gel derived coating
•ubstrate system comes from two aspects: the mechanical inteclock and lhe chemical 
hund ing. As for the mechanical interlock, surface pretreatment of metallic substrate is 
mmmonly applied, such as su<face polishing and chemical treatment {Balakrishnan et 
.11. 2007}. However, it is believed that the contribution of mechan ical inteclock I<> adhesion 
Is quite limited. The formation of certain chemical bOnds at/ncar the coating substrate 
Is strongly desired to improve the adhesion properties. lnterfacial analysis (usua lly, the 
II lstribution of elements at/near the interface between the coating and substrate)> is a I ways 
<'otrried out to provide the necessary bonding information about adhesion property. Ti~ne
uf·flight secondary ion mass spectrometry (ToF-SIMS) (Cheng et a.l. 2005), glow discharge 
uptical emission spectroscopy (COOES) (Qi e t al. 2008), and electron dispersive x-ray spec
troscopy (EDS/EDX) (Zhang et a l. 2006) arc commonly used techniques for determining 
<•lcment distribution near the coating~substrate interface. 

As a typical result, Figure 1.5 shows the SIMS composition depth profiles analysis of a 
•ul-geJ derived HA coating on Ti6Al4V substrate (precursors: Ca(N0,),•4l·lP and 1',0,). 
AccordJng to the dish·ibution of the concerned elements along the cross section (i.e., Ca, 0 . 
t ~ and 11), the cross section can be divided into three regions at/near the interface: the sub· 
'Irate (Rs) region, the transitional region (Rt), and the coaling region (Rc). The transitional 
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SIMS composition depth profile analysis of HA-l"i6AWV i.nter·fac.-e. Three regiOI'IS can be divided for cross ste• 

tloos: coating region (Rc), a lToUlSitionat region {Rt), .and substrate region {Rs). With1n the tmnsitiona l r'!gk)n, 
Ca ~nd P concentrations dec:~~se drastically from the coating tow:ud UlC substr.~t~. whik theO coi"'Ct'!ntration 
decre.lse gradually toward the ~.-ubstrnte;1'i ooncentr"tion irKreases gradually from transhlonal reg.lon to lhe 
substrat~. 

reg.ion (Rt) has a thickness of about 85 nm, and within the transitional region, theCa and P 
concentrations decrease drastically toward the substrate, whereas 0 elt'ment decreases 
gradually from the coaling region (Rc) to the substrate region (Rs), amll the concentration 
of Ti e lement increases gradually from the transitional region (Rt) to the ~-ubstrale region 
(Rs). It can be speculated from the existence of the tra.nsitional region and the distribution 
of the elements along the cross section that certain Ti-P-Ca-0 compounds have formed 
at/near th~ interface (Montenero P.t al. 2000; H~ieh. Perng. and Chin 2002). 

Mec ha nica l Properties of Sol- Gel Derived HA Coating 

Pull-Out Tensile Adhesion Strength and Interfacial SIH!ar Strength 

ln view of the successful implantation as well as long-term stable performa nee, mechani
cal properties are important for HA-coated metallic implants. Among all the mechani· 
cal properties required, adJ1esion strength (or bonding strength) between the coating 
and metallic substrate is the most important property for those load-bearing implants. 
Two kinds of pull-out based methods are widely used to evaluate the adhesion s trength: 
uniaxia l pull-out tensile test method (as shown in Figure l.6a) for the determi.nation of 
tensile adht'sion strength and shear pull-out test (Pigure 1.6b) for the measurement of 
shear adhesion strength (Zhang et al. 2008; Ma, Wong et al. 2003; Implants for Surgery· 
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7lmsil•• 

W.d • 
t l.<>ad 

(b) 

FIGURE 1.6 
Schematic. di,'8r.lDlsof puU·out tt'!stlng methods for assessing of adhesion strength: (a) tl!'n$i1e adhl"Sion s.trength 
h .. -st (from Zh.:mg t!t al., ilrl11 Solid Films; 5J6, 16, 5162-5167, 2008; with pr,nni$sion); (b) shear lldhcsion strt.>ngth 
test 

Hydroxyapatit.e-Part4: Determination of Coating Adhesion Strength 2002). Both of these 
two methods are tested using epoxy or super glues to fix the coating onto the counterpart. 
Accordingly, the bond ing strength will be highly influenced by many factors, such as the 
uniformity of the epoxy layer, penetration depth of the glues, porosity and tlticktness of the 
coaling, and alignment of the applied force. Therefore, it could be imagined that a wide 
range (large deviation) of adhesion strengths would be obtained, even for the coatings 
deposited with the same deposition method. According to the documented results, the 
adhesion strengths of HA coatings on metallic substrates prepared with different deposi· 
lion techniques were summarized in Table 1.5. As stipulated by lSO standards (15013779), 
the recommended bonding strength (pull-out tensile test) should be not less than 15 MPa 
(Implants forSurgery·Hydroxyapalite-Part2: Coatings of Hydroxyapatite 2000). The sol
gel method is thus acceptable for the preparation of HA coatings from the standpoint of 
adhesion (cf. Table 1.5). 

More importantly, the adhesi.on strength after in t~itro or even after in vivo tests is quite 
cruc.lal in estimating the survivabmty of HA coating on implant su rfaces. As reported, 
in viw studies suggested that the failure of plasma sprayed HA·coated metallic implants 
mainly occurs at the coaling-substrate interface, and the failure p robability at this inter
face increased with the period of implantation because the s trength of the coati1tg-bone 
interfaoe tends to increase with more healing time (Sun et a l. 2001; Albrektsson 1998). Such 
degradation of adhesion is generally attributed to the dissolution behaviors related to the 
coaling properties (e.g., impurity phases [TCP. CaO, etc.), crystallinity, cracks) (Lima et al. 
2005), wh ich wou ld impair the mcchani.cal properties (especially, adhesion strength) of the 
coating. Detailed description and discussion about· the adhesion properties after in vitro 
andJor in vivo tests can be found in some related reports (Aksakal. Cavgali, and Oikici 
2009; Zhang et al. 2008; l<im et al. 2005; Albrektsson 1998). 

Noticeably, cohesion failure (failure within the coating layer) was always observed in 
those pull-out based tests (Figure 1.7), indicating that the obtained results are not the actual 
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FICURE 1.7 
Typi<.al fr;.lcJure surf.lee ol Ruorid~tted HA coatings (llrer pufl·ool tensi~ 1·~1; a mix<!d failure mode lS com· 
monly cb~rved, which consist$ of adht."Sion faitun.: occ:urring at the cooling-subsl:rJ.te intcrftlc:c, c-ohesion fall · 
u~ occurring '"tithln the C03tlng, and gluing failure occurring at the epoxy-coatins interrace. (FfQm Zhang et 
al .. Thin S<llid Films. 516. 16.5162-5167,2006. With P"nnission.) 

adhesion strengths 'between the coating and substrate (Zhang et al. 2008). In other words, 
those pull-<>ut based testing methods are highly innuenced by the coating characteristics 
<>nd infiltration of epoxy, resulting in limited information about the adhesion properti~s 
at the coating-substrate interface. Therefore, other evaluation tedmiques/methods (e.g., 
scratch test) are necessary to get a sound evaluation of adhesion properties. 

Evaluation of Interfacial Shear Strength 

Generally, for bioceramic-coated, load-bearing implants, the adhesion behaviors oJ coating~ 
subst rate interface can be roughly classified into tensile and shear adhesion. Therefore, 
besides the tensile stTength, the interfacial shear strength also serves as a crucial factor 
for those implants used as tooth root and hip joint replacement. Although certain quan
titative evaluations lu!ve been done with the commonly used pull-out shear test, in view
ing the intrinsic drawbacks of the "pull-out test," those obtained shear stTCngth should 
be the "cohesive shear strength" rather than the "interfacial shear s trength" (U Khor, 
and Cheang 2002). However, the shear lag s train approach described by Agrawal and Raj 
(Agrawal and Raj 1989, 1990), which utiliz~ the regular crack patterns obtained through 
the designed tesl~~ appears u.seful1.1nd ~lative.ly &tra_ightfonvard for the determination of 
interfacial shear sttength. Basically, this method relies on the development of t ransverse 
crack patterns in a brittle coating when the relatively ductile supporting substrate is plas
tically deformed under an applied uniaxial load. This crack behavior can be adequately 
described by a shear-lag analysis that directly relates crack density to the load transfer 
capabilities of the interface, and this shear lag theory predicts the establishment of a steady 
state of constant crack density observed at relatively high strain levels. For a coating of 
thickness t, the interfacial shear strengtl1 r~, can be determined by a simplified expression 
(Agrawal and Raj 1989): 
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where .I is the average steady-state crack spacing and "• is th.e tensile strength of the film 
(i.e., the coabng). "• can be determined experimentally by measuring the maximum elastic 
strain, e1, of the coating (at which the initial formation of cracks is detected): 

where £1 is the Young's modulus of the coating. 
The interfacial shear strength evaluated with the shear lag strain method are reported 

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

Scratch Test 

The scratch test is generally accepted as one of the simple and popu lar methods in assess
ing the adhesion properties o( coating~substrate interface (Arias et al. 2003; Zhang et al. 
2006). Basically, it is carried out by drawing a diamond tip over the coat ing surface to pro
duce a scratch. The applied normal load is increased linearly until a critical load is reached 
at which the adhesion failure is induced at the coating-substrate interface. Thus, the criti
cal load can be taken as a semiquantitative measurement of the coating-substrate adhe
sion strength, and the failure mode can provide further qualitative information upon the 
coating-substrate interface (Zhang et al. 2006). Figure 1.8 shows a typical scanning scratch 

100 
11p radJus: 15 t~m • g 80 Sc:ratehspeed;l~mls '¥" 

! Scanning amplitude: 50 JIM 2 

g 60 Peeling poin~~ 
!i, 
.!l 
~ 40 

j w 

100 100 300 400 500 600 

Load(mN) 

FIGURE 1.8 
Coefficient of friction in terms of relative output voltag~ as a function ol oormallo.1d in the scratch test of sol
geJ derlved coating;: (a) NA coating. (b) fluorklat.cd t-IA coaling. AI point I, the il'll1Cnt(!r starts to plou$h into thf: 
coating. rCSJJlling in a s tee-per increase in coefficient o£ friclio.n; at point 2. the: i.ndent._.r CO'Mp1ettly peels off tht 
coa.ting and scratches onto the substrate cau.~ing an abrupt increase 1n frkUon. (From Zhaog et alv Surfo.« Gnd 
Cooling. 1'n:lmology, 200, 22- 23 Spe<. r ... , 6350-6354,2006. With permission.) 
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n.rw of sol-gel derived HA and nuoridated HA coatings. The curves indicate a good 
•dh~sion between the coating and substrate, and reveal that the coating-substrate interfa
(t.ll fililure mode changes from brittle to ductile with fluorine ion were incorporated into 
llw IIA lattice structure (Zhang et a l. 2006). That is to say, the scratch test can pmvide a lot 
ol " 'markable information about the coating-substrate interface, even though some of the 
d••'·' .uc just quaUtative. Therefore,. by considering the features of the pull·out tens ile test, 
•ho.·.~r lag strain method, and scratch test, the combination of these three testing methods 
wulo.l be more helpful in getting a comprehensive understanding of the coating-substrate 
fkl hcsion properties. 

Fooghness of Sol-Cel Derived HA Coating 

l' •·••·ture toughne.~s serves as a dedsive factor in evaluating the functionality of coated 
Implants and determines the level to which the matetial can be stressed in the presence 
ul •·racks, or equivalently, the magnitude of cracki ng that can be tolerated at a specific 
•tn•s.' level. Regarding the i.nterfacial fracture toughness of 1-IA-coated TI6Al4V implants, 
l'llli.>ggi, Coombs, and Pi mar (1991) used a short bar chevron notch test and obtained the 
.:. values of 0.6-1.41 MPa m'll. By using a s ingle·edge notch-bend test, Tsui, Doyle, and 
( ' lync (1998} reported some similar values of KIC of about 0.28-U MPa m•ll. l.n addition, 
•n indentation based method was also employed by Li, Khor, and Cheang (2002), a nd the 
··urr..,sponding value was reported as 0.48 MPa mli'l for K~e. 

l luwevcr, for HA coatings prepared with the sol-gel method, indentation· based 
Mwrgy analysis method is preferred due to the limitation of the thickness of HA coating. 
Th<~>reticaUy, the en~rgy approach examines the energy difference before and after the 
··r.,cking, which is responsible for the fracture of the coating. The energy difference would 
tho.•n be the energy tele~se in the through·tl1ickness cracking in the coating. The energy 
rd.•ase can be obtained from a "step" that would be observed i.n the load-displacement 
rurvc for the indentation. Therefore, based on the energy difference before and after the 
H.lck generation, the fr•cture toughness of the coating can be determined as (Li, Oiao, and 
llhushan 1997): 

K -[t.U £, ] 
~e- I 2JtC,(1-vi) 

wh~re v1 is the Poisson's ratio of the coati11g, 2JrCR is the crack length in the coating plane, 
I .1nd £1 arc the coating thickness and elastic modulus, respectively, and t.U is the stram 
•·n~rgy difference before and after cracking. Figu re 1.9 displays a typical load--displacement 
•·urve of indentation together with the corresponding SEM micrograph, which can be used 
,..,,dily for toughl\eSS evaluation of the I-lA coating (Zha ng ct a l. 2008). 

Residual Sires.~ Measurement 

No.osidual stress is inherently induced in any coating deposited by a method with a high 
to.•mperal ure process due to the differences in the thermal properties between the coating 
.md the substrate. Residual stress in the coaling might vary with coating thickness, deposi
tiun parameters, etc. Therefore, both tensile and compressive residual stresses have been 
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100 200 
Displacement (nm) 

F1CURf 1.9 
(a)S"EM micmgr.,ph(>( nanoindentahor~ of sol-gel dcri\'(od I-lA ro.ning nnd (b) Its corresponding k>ad-displ<~C~menl 
curve. 

r~ported with different values. Por instance, tensi le residual stres~s of200-450 and 20-40 
MPa were reported by Brown, Turner, and Reiter (1994) and Tsu~ Doyle, and Oyne (1998), 
respectively. In contrast, a compressive residual stress of about 35-78 MPa was reported 
by Yang, Chang, and Lee (2003), and Yang and Chang (2005). Tile differences may result 
from the coating preparation method and process, as well as the method! employed for the 
mc:asurement of residual stress. 

Considerable efforts have been made in recent years to understand and measure the 
residual stre~s developed during the preparation of HA coatings (Tsui, Doyle, and Clyne 
1998; Yang and Chang 2005). Popular among the various methods is the XRD method, 
which is a nondestructive and simple technique for residual stress measurement. However, 
since this method is based on the shift of the peaks in XRD patterns, the use of this method 
is limited by some factors of the coating, such as surface roughness, phase composition, 
and especially the doping of some expected ions. Considering the intrinsic characteristic 
of residual s tress, a "wafer cu rvature method" was developed to evaluate residual stress, 
especially for sol-gel derived coatings (Watanabe et al. 2002; Xie and Hawthorne 2003): on 
a relatively thin substrate, the residual stress distr.ibuted in the coating layer will cau~ the 
substrate to bend, and the induced curvature for the coated substrate depends on the force, 
the elastic properties, and the thickness for both substrate and <:<>ating. By measuring the 
curvature difference before and after the removal of the coating (ale), the residual stress, 
u0 , in the coating, can be calcu Ia ted: 

llk£1 lt2 +( fsl.: )/(E11t)+(E1113)/(fsltr )+It~ +3(/r+hr)l 

u• = 6(1r+llr)(l-v5 ) 

where ltr is the tota l thickness of the substrate plus coating, It is the coating thickness, v5 is 
the Poisson's ratio of Ule substrate, and£$ and E1 are the Young's modulus of the substrate 
and the coating, respectively. Detailed description about the curvature measurement has 
been reported by Xie and Hawthorne (2003). Figure 1.10 depicts the typica l profiles of mea
sured curvatures for sol-gel derived fluoridated HA coatings (Zhang et al. 2007). A larger 
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FICURE 1.10 
Typk.,l profilometry results of measured (Utv"tures for sol- gel derived fluoridated HI\ cooting: (rt} bdOI'v 
removing the ooJting and (b) oftC!r removing the co11ting. The rt..oduction of aarvtdlll'(' C•lUsed by the ff'tnu,~aJ 
of Ouqridated IIi\ rotHings indiet11<» a tensile rusidunl stress c:cibting in -~ ro.1tings. (Frorn ZIMnS et al.. 
f.trgiu~rdug Fmctute Mtclum/C$, 74~ 12.. 1884-1893, 2007. With pc..~nnis~it;m.) 

curvature radius after removing Ule coating indicates a tensile residual stress existed in 
the coating. 

A great number of possible parameters can cause residual stresses, depending on the 
deposition technique. Str ucture-relatl'<l residual stress results from the following th.rt-e 
aspects: therma l stress, growth-induced stress, und structural mismatch-induced (indud
ing lattice distortion) stress (Zhang et al. 2004). In a sol-gel deposition process, the thermal 
stress comes from the d•·ying and firing process coupled with the difference in the coef
ficient of thermal expansion (erE) between the coating and the substrate, the growth
induced stress comes from the coating shrinkage driven by capillary stresses during the 
drying and firing process, and the structural mismatch-induced stress comes from the 
difference in crysta l structure between Ule coating and the substrate as wel l as the lattice 
distortion within the coati ng as a result of defc:<:ts or incorporation of foreign mole<:u les or 
molecule g~roups. Mainly, therma l stress,""'' always contributes more to the tota l residua l 
stress in the coating, and it can be calculated by (Watanabe et al. 2002): 

Aa/l.T£1 
(fRt =---

1- Vs 

where t..a is the difference of CTE between the interested coating and the metallic sub· 
s trate and t..'/' is the temperature variation during dryi ng or firing. For example, CTE of 
HA is 15 x 10 •;K, whereas that of Ti6AI4V substrate is about 8.9 x IO-•; K (Zhang et al. 
2006). Thereafter, the residual stress caused by therma l mismatch between HA coating 
and Ti6Al4V substrate should be tensile. 

The presence of residua l strc'SS in the coating serves as an important influencing factor 
in determining the durability of the coated implants. Previous work has demonstrated 
that the existence of residua l stress in HA coatings can alter the concentration of superna
tant species in solution: tensile residual stresses enhancing dissolution and compressive 
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residua l stress impeding c:Ussolutfon (Han, Xu, and Lu 2001; Yang and Chang 2001). In 
addition, tensile residual stress will promote mu ltiple crocking of the coa~ing. and the com
pressive residual stress can weaken the bonding a11d bonding strength at the coating
substrate interface. Therefore, s ince both the tensile and compressive residual stresses exert 
detrimental influences on HA-coated implants, it is desirable to produce coatings on metal
lic implants without any unexpected residual stress. 

In Vitro Assa y 

It is well known that any biomateria I must be thoroughly evaluated to determine its biocom· 
patibility/ bioactivity and whether it functions appropriately in actual biomedical applica
tions. Generally, two kinds of evaluation techniques are employed for such purposes: in 
vitro (in a g lass tube) and in vivo (in a living organism) tests. Although irt vivo tests are the 
most direct and reliable evaluation methods for biomaterials, their results are normally 
difficu lt to obtain and interpret due to a lack of anima l sources and the .complexity of dif
ferent cellular responses. (During in viw tests, the cells that migrate to the implant surface 
contain different cell lineage, and the final results are demonstrated by the fact that the 
progeny of these cells may form a variety of tissue types adjacent to the implant.) (Boyan et 
aL 2001). ln vitro testing can provide more rapid and relatively inexpensive data compared 
with in viw testing. Moreover, in vitro testing can pro,•ide useful initial screening of mate
rials and can aid in understanding the performance of a material in vivo. These valuable 
insights could also help to determine whether an implant/device needs further evaluation 
in expensive in vivo experimental models and minimize the amount of animals required 
in itt vivo testing (Ratner et at. 19%). /11 vitro tests of biomaterials can be carried out in any 
cell-free or cell-containing environment to study their biocompatibility and bioactivity. In 
particular, cell-free solutions allow the study of chemical and mineralogica l changes of the 
material under conditions that simulate the physiological interactions between the mate
rial surface and the surrounding tissues. 

Dissolution Behavior 

A prerequisite for any implant used in orthopedic or dental treatment is permanent fixa
tion to the surround ing tissues with no intervening gaps or 6brous tissues (Veda.ntam 
and Ruddlesc:Un 1996). According to the in vivo and in vilro studies as well as more than a 
decade's clinical practice with HA-coated prostheses, there is general agreement that the 
originally desired benefits of HA coatings. that is, earlier fixation and stability with more 
bone ingrow th or outgrowth, can be achieved. However, doubts still ex.ist concerning the 
durability of the fixation (Greenspan 1999). One of the most important events occurring at 
the bone-implant interface is the resorption of the HA coatings, also c~llcd degradation 
or coating loss (llloebaum et al. 1994; Dalton and Cook 1995). Although some resorption 
or dissolution is, of course, essentia l to trigger bone- implant bondi~tg, the fast resorp· 
lion could lead to disintegTation of the coating, with rapid loss of the bonding strength 
between it and the substrates, resulting in delamination, the production of particles, and 
loss of mechanical fixation. It is reported that a decrease as h igh as31.6o/o was observed for 
plasma-sprayed HA coatings after on ly 2 weeks' immersion in SBF (Gu, Khor, and Cheang 
2003). O ther studies have shown resorption of HA coatings up to 2 years after implantation 
and a complete loss of a 60-ltm·thick HA coating after 4 years (Sun et a l. 2001). Aebli et al. 
(2003) carried out a histological study of a p roximally !-!A-coated femora l component and 
found that the HA coaling had completely degraded after 9.5 years' implantation. 
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General ly, the dissolution. behavior of HA coatings are investigated in some Ca'' ion 
free s imulated physiological saline solution, such as Tris-buflered physiological saline 
solution (TPS) (Wang. Zhang et al. 2007) or citr ic acid-modified phosphate buffer solu
tion (CPBS) (Weng. Zhang et al. 2003). Two competitive processes are commonly used to 
describe the surface reactions during tl1e dissolution progress, dissolution and reprecipi
tation (Dorozhkin 1997). For I-lA coating, the dissolution/reprecipitation process can be 
described as: 

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

The degradation of HA coating is strongly influenced by the coating phase composition 
(phase purity and crystallinity). Accordingly, using different solubi lities of CaPs, the i11 
vivo degradation rates of CaJ>s can be predicated and follow U1e order of (Yang, Kim, and 
Ong 2005; Oucheyne, Radin, and King 1993): 

ACP » TTCP .. o:-TCP > DCPD > DCP > OCJ' > p-TCP »HA 

where ACJ' denotes amorphous calcium phosphate, TTCP is tetracalcium phosphate, 
a-TCP id a -tricalcium phosphate, DCPD is c:Ucalcium phosphate dehydrate, OCP is dical· 
cium p ltosphate, OCJ> is octocaltium phosphate, and fl-TCI, is jl-tricalcium phosphate. 

Therefore, the presence of ACP(related tocrysta llinity) or other impurity phase (e.g., TCP) 
can cause a h igher degradation rate at the Initial stage after the immersion of I-tA-coated 
implants into the testing solution, followed by a "constant rate" dissolution of the remain
ing coating (Figure 1.11). 

On the other hand, it is well known thatactLmJ human body fluid contains various kinds 
of organic components (such as carbohydrates and proteins), and tht-se organic compo
nents are thought to exert certain influences on the degradation of HA coating (Oorozhkin, 
Oorozhkina, and Epple 2003; Liu e t al. 2003). As a typical result, Figure 1.11 Indicates the 
dissolution behaviors of sol-gel derived. HA coating in glucoS{.~modified TPS solution and 
in albumin-conta in ing TPS solution. The resu lts indi.~-ate that the add ition of glucose has 
no significant influence on dissolution behaviors of FHA coatings in comparison with the 
tests in TPS. However, in comparison with the testing in TPS or G-TPS, the presence of 
albumin results in a significantly higher Ca2• concentmtion released in the solution during 
the whole testing period 

Moreover, residua l stress may affect the thermodynamics of dissolution behaviors by 
a ltering the chemical potential of the coatings. For those stress-free coati ngs, the unit free 
energy change of an equilibrium status, t.C0, can be described as (Han, Xu, and Lu 2001; 
Sergo, Sba izcro, and Clarke 1997): 

t.CO= -RTln K 
"' 

where R is the gas constant, Tis the temperature, and K,., is the solubility product of the 
corresponding coating. If the constraint of a stress-free solid is removed and a stress, cr.,.. 
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FICURE 1.11 
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is applied, such as a residual, the system is no longer in equi librium because the chemical 
potential of the coatings is altered by an amount proportiona l to the s tress, namely, n,.f!/3 
per unit volume. (!! is the unit volume of the species under consideration.) As a result, 
according to the thermodynamic analysis, with the presence of residua l stress, additional 
free energy for the dissolution equil ibrium becomes available in the form of elastic strain 
energy s tored in the coatings, and the new equilibrium condjtion is represented by an 
altered va lue of the solubility product, K:r: 

ll.G"- u~Q = -RTinK" 
3 "" 

The negative sign implies that a compressive residual stress will hinder, whereas a tensile 
residual stress will enhance the dissolution. Therefore, the ratio of the solubility product 
under different stresses (e.g., n1 and q.,) is: 

This expression can be used to estimate the change of solubi lity product owing to the pres· 
ence of different residual stresses. Therefore, if the resid ual stresses ln the sol- gel derived 
HA coatings are tensile stresses, a higher d issolutioo rate would be observed than the 
s tress-free coatings conespondingly. 

All in all, even though the mass loss caused by dissolution is somehow detrimental 
to the adhesion, it is still believed that the initial dissolution behavjor:s are quite benefi
cial to the healing process as well as the Long-term successful osteoiotegration (Martini et 
al. 2003). First, the initial fast dissolution of the coating will result in a local super satu
rated environment (e.g., Cat•), which is more! favorable for the nucleation and growth of 
bonelike apatite, speeding up the formation of chemical bonds between the implant and 
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surrounding tissues. On the or her hand, a rough implant surface appears to be favorable 
for cell attachment and pa rticu larly su itable for primary implant stability as compared to a 
smooth implant surface. HA coatings with controllable degradation rate are much desired 
and can be realized by altering the phase composition, doping of other ions (F-, Mgl•, znt·, 
etc.) (Cai et al. 2009; Wang, Samet al. 2007; Miao et al. 2005), and controlling the residual 
stress . 

In Vitro Test in Acellular Simulated Body Fluid 

Currently, Simulated Body Fluid (SBF), which was first developed by Kokuboet al. in 1991, 
has been routinely used as an effective iu vilro testing method to predict the in vivo bone 
bioactivity of various biomaterials (Kokubo and Takadama 2006). The development ofSBP 
is based on the concept that the essential requirement for an artificial material to bond 
to Jiving bone is the formation of bonelike apatite on its surface when implanted into the 
Jiving body. The acellular SBF has similar inorganic ion concentrations to those of human 
blood plasma (as shown in Table 1.6) and can reproduce the formation process of bone
like apatite on biomaterials In vitro. Furthermore, this test can be used for the determi· 
nation of the number of animals used during in vioo testing, as well as the duration of 
animal experiments. For a material to be bioactive in vivo, it must possess the capability 
to induce bonclike apatite formation on its surface in SBI'. Many studies have been done 
on HA-coatcd metallic implants in SBF, which verified the intrinsic bioactivity of HA to 
be used as coatings (Gu, Khor, and Cheang 2003; Nagarajan, Raman, and Rajendran 2010; 
Stoch e t al. 2005). On the vther hand, the response of HA coatings in SBF was observed to be 
highly affected by coating phase composition, crystallinity, morphology, etc. (Duchey•1e, 
Radin, and King 1993; Khor ct al. 2003), and the precipitntion rate of bonelike apatite was 
directly dependent on the Ca2• ion concentration in the SBF at the vicinity of the coat
ing surface (Lee et a l. 2005; Montenero et al. 2000). As mentioned above, besides the HA 
phase, there a lso exists some other phases, including TCP, TTCP, and CaO, which possess 
h igher solubilities than that of the HA phase. Therefore, in SBF testing, the dissolution 
of such impure phases wil l accelerate the precipitation rate of bonelike apatite through 
significantly enhancing the Ca'• ion concentration at a localized area near to t11e implant 
surface (Gu, Khor, and Cheang 2003; Khor et at 2003). To S(lme extent, this indicates that 
the ex istence of impure phases in HA coating could improve the bioactivity of HA-coated 
metallic implants. 

However, actual body Ouid contains not only the inorganic components, but also various 
kinds of organic components (Table 1.6), and the organic components wou ld exert notice· 
able influence on the implants (Oorozhkin, Dorozhkina, and Epple 2003; Wang, Samet al. 
2007). Therefore, it is unwise to neglect thl' influences of organic components in in vilm 
tests. Jaou et al. (2000} and Balint et a t (2001) reported lhal although sugar and/or glucose 
have a minor influence on crystallization of HA, they s ignificantly inhibit the crystalli
zation process of fluoridated apatite (FA). This effect was attributed to the formatio11 of 
nonstoichiometric apatite in the p rese11ce of sugar. The inhibition effects of carbohydrates 
on the bone mineralization were also reported by other researcl1crs (Pearce, Hancock, and 
Gallagher 1984; Balint el al. 2001). Dorozhkln, Dorozhkina, and Epple (2003) concluded 
that glucose exhibited negligible influence on crystallization of calcium phvsphate based 
on in vitro tests with the glucose-mod ified SBF solution. On effects of proteins, extensive 
investigations have been done on CaP biomaterials, especially on HA (Luo and Andrade 
1998; Xie, Riley, and Chittur 2001}. It has been reported that plasma proteins would adsorb 
immediately on the surface of HA after it was implanted iu vivo, and t11e initial cellular 
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response w~s partly dependent on the proteins adsorbed by the implant surfaces (Bender 
ct a l. 2000). The 6rst protein layer adsorbed on the implant surface affects the cellular 
ad hesion, differentiation, and production of extracellular matrix production (Combes and 
Rey 2002; Ducheyne and Qiu 1999). It also affects dissolution (Bender et al. 2000), nucle
otion, and crystal growth of HAas well as the final fixation between the implant and sur· 
rounding tissues (Xie, Riley, and Chittur 2001). Albumin is usually selected for this kind 
of study due to its high concentration in blood plasma, favorable diffusio11 coefficient, and 
ability to bind other ions and molecules (Jenney and Anderson 2000). It has been reported 
that albumin could slow down the nucleation rate and growth rate of new bonelike apatite 
in albumin-containing SBP. 

Ce./1 Response to HA Coating 

Cell culture methods have been used to evaluate the biological compatibility of a material 
for more than two decades. Jnvestiga~ions on cel l responses to materials can provide more 
detai ls of understanding cell-materials interactions and can aid in establishing achoal bio
logical responses to artificial materials (Knabe et al. 2000). Because HA-coated metall ic 
implants are used for hard tissue replacement/repairing, in vitro models using osteoblas· 
tic cells are essential and valuable tools for the initial assessment of candidate implants. 
Osteoblastic cells, which ar.ise from pluripotent.iaJ mesenchymal stem cells, have a set of 
d istinguishing characteristics that include the ability to ~ynthesize osteoid or bone matrix 
and to mineralize the osteoid to get the calcified bone (Aubin et al. 1995). Since then, osteo
blastic cel l lines are commonly employed for in vitro cellular assessments of hard tissue 
implnnts. 

Initial Cell Attadomerot 011 HA-Coated lmplllltl 

rhe fixation of implants to bone is based on the process of osteointegration, which leads 
to direct apposition of mature living bone onto the implant su.rface (Menezes et al. 2003; 
Dorota et al. 2005). Since that osteointegration process is strictly mediated by osteoblastic 
cells, the fate of such implants is thus determined by the response of cells to the material's 
surface. Therefore, the implant shou ld create favorable conditions for osteoblast attach· 
mcnt, spreading, growU1, differentiation, and functionalization. Virtually, in a physiologi
cal environment, all implant surfaces become immediately coated with a 1- to 10-nm-thick 
adsorbed protein layer before cells can adhere to the muterial (Kasemo 1998; Tengvall 
2003). The rapidadsoLption of proteins effectively translates the structure and composition 
of the foreign surface into a biological language, which is also a response to tbe following 
host responses (Wilson et aL 2005). As such, when the cells arrive at the implant SLtrface, 
they can only 'see" a protein-covered surface. Those adsorbed proteins offer necessary 
binding sites to those anchorage-dependent cells, leading to the initial cell attachment 
onto the surface of biomaterials. For anchorage-dependent cells (e.g., osteoblastic cells), ini· 
tia l cell attachment and spreading are crucial prerequisites in determination of long-term 
viability of cells on the implant surface, involving DNA synthesis and cell growth (cell 
proliferation), djfferentiation, mineralization, and successful osseointegration (Folkman 
and Moscona 1978; Baxtt!r et aL 2002). Therefore, a quick attachment of a certain amount of 
osteoblastic cells and the following rapid cell spreading are strongly expected. 

Figure l.l2 shows the typica I morphological c:hange sequences of osteoblastic cell (MG63) 
spreading on sol-gel derived HA coatings during the first 4 h of incubation (Wang, Zhang 
et al. 2008). The process of cell attachment and spread ing can be described by the follow· 
ing steps: (1) adsorption of proteins on coating surface (surface roughness plays a positive 
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FIGURE 1.12 
Morphologici.ll changes or oste()blastic Cl'IIS arrer incubati..J\g 01~ HA cooting,s for up to 4 h: (n) 0.5 h, (b) 1 h, 
(c) 2 h, (d) -l h. The pnx-ess ()( initf.ll c(!Jlatt.lchmel\t and spreilding can be dl'Scrlbcd as the following c:ontinu· 
ou.ssteps: conta't and attachment of ceH.s (a). centrifugal growth o( filopocHa (b), cytopl;ssma spre;,ding (c), anJ 
c:cll flilUt>ning (d). (Prom W>tng et al., Journal of Biomcdfrnl Mlllcriol.s Rt:SI!tudr Pnrl A. S4., 3, 7ffJ .. n6. 2008. Wllh 
permission,) 

role); (2) contact and attachment of cells onto the protein layer (surface roughness does not 
have an effect unless very rough-a di£ference of more than a few microns); {3) centrifu!>>al 
g rowth of filopodia; (4) cytop lasma spreading; and fi na lly (5) cell Rattening. lt shou ld be 
emphas ized that these different stages a re not discretely separable but are different phases 
of a contiguous progress. Recognition and studies of these different morphologica l events 
during initial cell adhesion and spreading on HA-coated implants would be of great value 
in understanding ~he behavior of osteoblastic cells in vitro and in vivo. 

Cell Morphology 
Along with the initial cell attachment and spreading, further cel l spreading and the corre
sponding morphology a lso should be investigated ln order to evaluate cell viabil ity on the 
coating surface (Folkman and Moscona 1978). Figure 1.13 shows typica l SEM micrographs 
of MG63 cells after a culture duration of3 days on sol-gel derived HA coating surface. All 
cells spread well and grew favorably throughout the coa ting surface (Figure 1. 13a). Under 
higher magnification (Figure 1.13b), the cells are seen fla ttened and attached tightly on 
coating surface with their filopod.ium and lamellipodium, suggesting good cell v iability 
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FIGURE 1.13 
Morphology of MC'.63 cell after 3 dc1ys un sol-gel derlv(-d HA CO.lting nl (il) luw rnagnific;,tiun otnd (b) high 
magnification. All cells ~prcad wdl and grow f,wombly lhrou~;hout the co.1ting sur(,.ce,. sugg~ting good cell 
viilbility of the HA CO."'ling. (From Wang et n1 ... Mut~rinls Schwer tmd Engiucalll,~ C, 27, 2, 244-250, 2001 With 
permission.) 

on the fabricated HA coating (Wang, Zhang e t al. 2007). As reported, the well-spread cells 
on the fabricated HA coating surface are believed to be favorable for the following DNA 
synthesis and cell growth. 

Cell Proliferation and Oiffermtiation 

Following the in itial ceiJ attachment and spread ing, those well-spread cells will step 
into the s tages of proliferation and functiona l.ization. Roughly, the progress from an ini
tially attached osteoblastic cell to well-differentiated mature osteoblast (osteocyte) can be 
divided Into three stages: proliferation, differentiation or extracellula r matrix synthesis 
and mah1ration, and mineralization (Stein and Lian 1993). 

During the first several days following cell attachment and spreading, cells try to repro
duce, ,1nd an active cell proliferation is direcUy reflected by the exponenti al increase of 
cel l number as wcU as the deposition()( type 1 collagen. On the other hand, several genes 
related to cel l cycle (e.g., h istone) and cel l g rowth (e.g., c-myc, c-fos, and c-jmr) are actively 
expressed and can be used to monitor those mitotic activities (Stein and Lian 1993). 
Commonly, cell proliferation (increase in cell number) is directly monitored through the 
following two quantitative methods: cell counting under a microscope (with a hemocy
tomete(j and MIT assay (Kim et al. 2005; Wang, Zhang et al. 2007). These two methods are 
much easier than other pro tein- or gene-based methods. Noticeably, the variation in cell 
numbers is sometimes employed to assess and screen the cytotoxicity of a biomaterial (cell 
viability). Roughly, a decrease in cell number during the cult·ure span reveals a cytotoxic 
environment caused by the biomaterial, or the material itself is toxic to the cells. 

Immediately after the down-regulation of proliferation, cell phenotypes associa ted with 
osteoblastic cell d ifferentiation can be detected, indicating that the cells step into the dif
ferentiation stage (Stein and Lian 1993). The most frequently used markers of osteoblast 
differentiation ar·e a lkal ine phosphatase (A LP), and osteocalcin (OC). As an early differ
entiation marker, ALP is an enzyme associated with calcific,ltion. This is an early marker 
of osteoblastic cell differentiation because activity is g reatest just before mineralization 
actually begins. 1t is reported that an enhanced expression of this enzyme is apparently 
needed just before the onset of matrix mineralization, p rovid ing loca lized enrichment of 
inorganic phosphate, one of the components of apatite (them ineral phase of bone) (Boyan e t 
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al. 2001; Kartsogiannis and Ng 2004). High levels of bone AU' are usually detected in both 
preosteoblasts (osteoblastic cells) and osteoblasts lntll-110 and in differc:-ntialing osteoblastic 
cells in vitro. Along with ALP. OC, known as a late marker of cell differentiation, is a small 
molecu lar weight protein {5.7 kDa) produced by osteoblasts and has the ability to chelate 
Ca2 • to form bone minera ls (Stein and Lian 1993; Cerstenfeld et al. 1987). For this reason, it 
is a particularly effective marker of a well-differentiated osteoblastic cell. Generally, once 
m i nerali~ation is initiated, ALP will decrease, whereas osteocalcin accumulation contin
ues, reflecting an expression related to deposition of mineral for the latter. 

As one of ca lcium phosphate ceramics, sintered HA has been well establi5hed as a b.ioac
tive material that enhances osteobl<~stic cell viability and osteointegration with host bone 
(Hench 1991; Greenspan 1999). Those valuable biologica l properties are well maintained 
when HA is used as coatings on metallic implants. In comparison with those bioincrt 
metalUc implants, many studies r~ported that the fabricated HA coatings on their surface 
not only can help to stimulate cell growth and DNA synthesis, but also can enhance the 
ALP and OC activities and the mineralization of extracellular matrix (Massaro <:tal. 2001; 
Yang, Kim, and Ong 2005; l.i et al. 2005). However, these desired biologica l properties of 
I-lA coatings are highly dependent on coating surface roughness. Lee et al. (2002) investi
gated the ceU responses to HA coatings with d.ifferent roughness values (R. ), 0.67 and 10.37 
IJm, and concluded that the smoother surface was more favorable for cell attachment than 
the rougher one. Moreover, Kim et al. (2005) reported that the higher surface roughness 
(R, = 0.841Jm) could significantly enhance the nun1ber of a ttached cells compared with the 
lower surface roughness (R. = 0.2211"'). but there was no significant difference regarding 
cell proliferation and differentiation. An enhanced effect on cell differentiation activities 
and the formation of bone nodu les was observed in other resea rchers' studies {Li et al. 
2005; Perizzolo e t al. 2001; Borsari et al. 2005). 

On the other hand, several other studies also indicated that the behavior of cultured 
osteoblastic cells are affected by the crystallini.ty and phase composition of the prepared 
HA coatings (Yang, Kim, and Ong 2005). Kim ct al. {2005) claimed that on the coatings with 
higher crystallinity (>76%), the cells attached and proliferated well and expressed AU' and 
OCto a higher degree as compared to the poorly crystallized coatings (-43% crystallin
ity). Chou, Marek, and Wagner (1999) reported that the lower crystalline coatings with 
some other impure phases (CaO, TCP, etc.) were favorable to cell attachment but exerted 
inh ibitint: effects. on cell proliferation due to the elevated medium pH value caused by 
the dissolution of the impure phase. However, other studies illustrMed insignificant influ
ences on cell attachment. proliferation, and differentiation or minerali7.ation with respect 
to d.ifferent crystallin.ity and/or phase compositions (Siebers et at. 2006). 

Although it is commonly accepted that the 1-lA coatings could improve the in vitro bio
logical properties for those metal lic i.mplnnts, there still exist some inconsistent or even 
conflicting viewpoints regarding the influences of coating properties on ceU responses. 
Considering those differences in coating preparation, experimental setup, testing meth
ods, etc., it is hard to judge which one is more acceptable. 

In Vi vo Animal Trial 

Practically speaking, the goal of in 11ivo animal trial of implants or devices is to deter
mine and predict whether such implants/devices possess potential harm to the human 
body by evaluations under conditions simulating clinical end-use applications (Anderson 
2001). In vivo models allow the direct evaluation of toxicity of a biomaterial and the effi
cacy of a biomaterial as implant/device within a therapeutic application. Therefore, those 
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•l'>leointegrntion (the dose apposition of bone to implant surface) examinations duriJ1g i•t 
vir~• s tudies are essentia l for further analysis about the effect of the implant on the expres
'lon of osteoblast phenotype and even for future clinical application. 

His tological analysis of !-!A-coated implants has shown that bone ingrowth with osseous 
Integration occurs as early as 10 days following implantation {Furlong and Osborn 1991). 
r he reby, HA coating could provide the crucial initial fixation cequire.ment for the success 
of ~n implant. Furthermore, a histomorphometric study by Moroni et ~1. (1994) compar
ong the percentage of bone bonding to plasma sprayed HA-coated and uncoated implants 
tn dogs revea led a s ignificant increase in bone amount in the HA-coated implants. They 
11 lso showed enhancement of bone-to-pin osseointegTation and interfacial strength il1 
ItA-coated pins as compared to uncoated pins in a sheep study (Moroni eta!. 1998}. Figure 
1.14 shows the typical histological micrograph on the enhancing effect of HA coating on 
bone-implant fixation (Hirai et al. 2004): after 4 weeks' implantation in the transfemoral 
drill hole on a rat, the area of the new bone of the cross-sectional implants was 0.108 mm1 

lor sol-gel HA·coated titanium and only 0.087 mm2 for uncoated samples. That is to say, 
the implant with HA coating had comparatively higher bone apposition ability than the 
uncoated implant. Similar results have been reported in other studies {Ramires et al. 2003; 
Ge.·ber et a l. 2003; You, Yeo et al. 2005). 

Along with the ltisto logical ana lysis, extensive investig<1tions have been conducted on 
the bonding strength of HA-coated implants during in vivo animal trials. For instance, in 
lhe studies of Oonishi etal. (1989), the adhesion strength between the implant and bone 
was -0.53 and -1.35 MPa for uncoated and HA-coated implants, respectively, at 2 weeks 
a fter implantaHon, whereas those bonding strengths increased to -7.5 and -14.15 MPa at 
fi weeks, correspondingly. Other short-term in vivo trials also e lucidated the similar trend 
regarding the bone-implant bonding property (Yang, Lin et al. 1997; Chang e t al. 1997; 
Da.lton et al. 1995). Essentially, it is revealed that those rapid and positive respon~es of HA 
coatings in vivo benefit sjgnificantly from the fast dissoluti.on of related impure phnses 
(e.g., amotphous phase, TCP), whic:h results in an increase in Cal> and P01'" ion conc(mtra
tions in local areas around the implant-bone interface. Nevertheless, from the viewpoint 
of long-term stability, whether the loss of HA coating could maintain such a desired bond· 
ing strength between the implant and surrounding tissue is questioned. 

FIGURE 1.14 
Histological S:l.'C'tion."! of I he nondetDit"ificd sections 01Ftcr-l •.Vt.-<t!ks· implrmtntion in 3 trolnSfl'moral drill hulc on 
a male Wi.stl2'r mt: (<1) sot-gel roa!t d titanium. (b) unco.,Ktd titanium. 1'he JreJ of the bone of the ( ro$5-sectic)n<\l 
Implants was 0.108 mm1 fot sol-gel 1-lJ\o('()ahxl lil<lnium and 0.087 nHn~ fur un.c.."'i'lted lit01nium. (Froru J-lirai 
et <'~I ., /llllt,wl uftltr Amcricmr U mmic Socittly. 87. 1, 29-34. '2004. With permission.) 
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Recent Trends Re lated to S ol - G e l D e r ived HA Coa t ings 

E\-en though previous studies on HA-<oated metallic implants have shown good fixation 
to the host bones and increased bone ingrowth into the implants, there are still many 
concerns about the application of HA coatings, e5pecially the related long-term stability 
of HA coating (Greenspan 1999). One of the most serious concerns raised is the resorption 
or degradation of HA coating in a biological environment. Faster resorption or degrada
tion rate is likely to result in faster and stronger fixation in the initial stage of implanta
tion, but could also lead to disintegration of the coating. including rapid loss of interface 
bonding s trength of the coating-substrate and implant-surrounding tissue, delamination 
of HA coating, etc. (Bioebaum et al. 1994). Hence, the stability and integrity of the coating 
on metallic implants should be carefully considered prior to any clinical application. By 
contrast, a controUed resorption or degradation rate may allo'" the surrounding bone the 
opportunity to replace the resorbed coating at the similar rate and 3chieve the desired 
long·term stability. 

Unfortunately, particles or particulates, as the products or HA degradation, may cause 
severe damage or compHcations to the bone-implant system. It is reported that the HA 
particles can be resorbed by macrophages H their si7.e is sufficiently smal l compared to 
the macrophages (approximately 30 J101) (Mu llcrmai, Voigt, and Gr·oss 1990). When a mac
rophage phagocytizes the particles, the cel ls release cytokin~s. prost<~glandins, and col
lagenases almost immediately. If the particles do not dissolve within the life sp~n of the 
macrophage, more macrophages will accumu iMc at the site in response to the release of 
cytokines todjgest the dead macro phages and those undis~olv~-d II/\ p.>rticulates. As well, 
particles larger than a macrophage (>30 11m), will not be digested by macrophages and will 
probably become engulfed by a giant cell. The excessive cellular reaction to HA particu
lates and the stimulation of a foreign-body response coulJ lead to a decrease in local pH 
value, which disrupts the bone remodeling process, causing the dissolution/resorption of 
both HA coating and bone (Gross, Walsh, and Swarts 20().1). Additional problems could 
arise if particulate debris travels to the implant-bone interface, producing third·body wear 
and component loosening/failure. Morschcr, Hefti, and Aebi (1998) investigated six revi
sions of HA-coated implants follow-up over tO yean. after successful primary implanta
tion. They found that HA granules had embedded tn all of the examined implants, and 
as high as 66.7% of them had loosened and 50% of them showed severe osteolysis of the 
proximal femur. 

Understanding that the essential issue of the abo,·e problems is the h igh rate of biodeg
radation, a possible solution has been proposed: fabricahon of macro- and micro-textured 
porous surfaces to o,•ercome the problems of dissolution and micromotion. Overgaard 
et al. (1998) compared the influences of different surface te:..tu~ (microporous and grit
blasted) of plasma sprayed HA-coated implants on the mechanical fixation, bone ingrowth, 
bone remodeling. and gap healing after implanting the implants tn dogs for 16 weeks. It 
was concluded that the microporous HA-<aated ;urfacc could provide better fixation for 
both interfaces of coating-substrate and implant-surround tissues. Wh<~t's more, more new 
bone was generated on the microporous II A-coated implants to replace and/or compcn· 
sate the resorption of HA coating, suggesting a possible long-term fixation for this kind of 
implant. However, this kind of HA coating commonly possesses a larger thickness, which 
could cause the potentia l risk of generating large p~rticu late debris. Another possible way 
is the incorpocation ofF- into HA lattice structure through the F -Oil exchange to form 
a fluoridated HA coating (Ca10(P04).r,(OH)t_,. where .r Is the degree or fluoridation: x = 0, 
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pure HA; .T = 2, pure FA; 0 .< .T < 2, fluoridated hydroxyapatite [FHA D. Considering the 
advantages of the ~1-gel method (cf Section 1.3.1), preliminary studies on fluoridated HA 
coatings have been succe&sfully produced using the sol-gel method on titanium alloy sub
strates (Zhang et al 2006). The incorporation ofF cannot only reduce the degradation rate 
of the coating. but also benefit the interfacial adhesion properties of the coating-substrate. 
Fluoridate HA coatings have sinceattmctcd much attention as a promising replacement for 
pure HA because fluoridated HA dcmonstraiL"' significant resistance to biodegradation. 

On the other hand, it is well known that human bone contains certain trace elements, 
such as K•, Na·, Mg'', Zn2', Cl , F , etc. ,,nd these trace elements exert crucial influences 
on bone metabolism through promoting biocatalytic reactions and/or controlling some 
related metabolic processes (Hench and Wilson 1993; Aoki 199-1). As such, some efforts have 
been made to incorporate some of these trace clement~ into the HA structure to improve 
further related properties of pure HA (to mimic the actual composition of human bones). 
Besides F· . Mgl• and Zn2• are the two most promising ions to improve the bioactivity of 
pure HA co~ting (Qi et al. 2008; Ko~lu et al. 2009; Chung et al. 2006). However, those 
Mg- and Zn·incorporated HA coatings always possess higher solubility than that of pure 
HA coating. R<..'Calling the feature of an idenl coating, short-term rapid d<..-gradation (bioac
tivity) and long-term dissolution·rt>sistance (stability), codoping of (Mg2', F) or (Zn2•, F) 
are accordingly proposed (Miao e t al. 2005). In add ition, biphasic coatings of P-TCP/FHA 
and functional g raded multi layered co,ltings arc a lso possible ways to achieve the combi
nation of bioactivity and $lability (Cheng, Zhang, and Weng 2006). 

In su mm.1ry, HA·coated metallic implnnt~ arc attracting the highest interest .for hard 
tissue repair/replacement, since these kinds or implants c.1n combine the advantages of 
both materials: the bio.>ctivity of HA and the excellent mechanical properties of metallic 
substrates. The sol-gel technique is the most preferred method for preparing HA coatings 
due to its distinguishing charilctcris tics (e.g., ability for tailoring chemical compositions, 
improved homogeneity at the molecular level, ubility to produce uniform coating, low 
cost, and easy operation). More I IA·basc high-performance coatings are expected to be 
produced using the sol-gel method in order to ~atisfy the requirement of bioimplants. 
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Commercially pure titanium (cp Ti) is widely used in dental implantology. However, it is only passively
integrated in bone and the resulting fixation in the bone, which is necessary for the function, is mainly
mechanical in its nature. With the objective of increasing the chemical interaction between the implant
and bone tissue, several phosphonic acids were synthesized and grafted onto titanium disks. The bare
polished Ti disks (Ti P) and the grafting of three phosphonic acids (methylenediphosphonic acid (MDP),
propane-1,1,3,3-tetraphosphonic acid (PTP), and ethane-1,1,2-triphosphonic acid (ETP)) on these disks
were characterized with X-ray photoelectron spectroscopy (XPS) and time-of-flight secondary ion mass
spectrometry (ToF-SIMS). These surface analytical techniques provided strong indications of the formation
of a chemical link between the Ti implant and the phosphonic acid molecule. The bioactivity of the modified
Ti disks was evaluated by incubating these disks in a physiological solution (Hank’s balanced salt solution
(HBSS)) for 1, 7, and 14 days. Modified surfaces showed only slightly higher calcium levels in the XPS
analysis compared to the reference Ti P surface. Among them, the surface modified with ETP (Ti P + ETP)
induced the highest calcium phosphate deposition after 14 days incubation.

Introduction

Among metallic biomaterials in implantology, titanium
(Ti) is presently the most widely used as dental implant.
As pointed out by Steinemann1 Ti is “the material of choice”
for hard tissue replacement due to its high chemical
stability in the body caused by the passivating native oxide
film of TiO2, which covers it.2 It also possesses suitable
physical properties.3 However, even if Ti osseointegrates,
it is only passively integrated in bone and, as other metals,
cannot directly bind to bone. Several coatings have been
proposed to enhance bone growth around the implant.
Calcium phosphates form a class of materials that are
close to the mineral phase of bone in composition, and
among them the most promising is hydroxyapatite (HA).
The most commonly used technique for HA coating is
plasma spraying, which has been widely studied.4-7 It
has been considered that HA coating reduces the time

required for osseointegration. However, the long-term
success is dependent upon the maintenance of the adhesion
between the metal and the ceramic coating, and recent
data suggest that breakdown of this interface may occur.8,9

Thedetachmentof thecoatingcould leadtobone resorption
and finally loosening of the implant.6 Dissolution of the
hydroxyapatite coating10-12 has also been reported in the
literature. Other coating techniques have been developed,
such as pulsed laser deposition,13 sputter coating,14 sol-
gel deposition,15 electrocrystallization,16 and surface-
induced mineralization from supersaturated salt solu-
tions.17 The major problem with these coatings remains
the mechanical weakness of the metal oxide/calcium
phosphate interface.

The aim of the work presented here was to chemically
modify a Ti implant with phosphonic acid based molecules
and to study the bioactivity in terms of (1) chemical
interaction with the bone mineral phase and (2) stimula-
tion of bone growth on its surface. The phosphonic acid
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group has already been shown to bind strongly to TiO2 in
a large pH range (from pH 1 to pH 9)18 and to hydroxy-
apatite.19

In our earlier work it was found that, after appropriate
cleaning of a bare titanium surface, it is able to nucleate
the growth of calcium phosphate layers from a Hank’s
solution.20 This nucleation is initiated by the surface
adsorption of phosphate ions with subsequent complexing
of calcium ions and a slow formation of an apatite-like
surface layer is obtained. The necessary conditions for
the complexation of Ca ions were found to be relatively
pH dependent and strongly dependent on the presence of
aminimumconcentrationofphosphate ions in thesolution.
Furthermore, a mixture of KH2PO4 and Na2HPO4 favored
the apatite film formation. We also studied the mechanism
and nature of the initial phosphate adsorption on titanium
oxides. By electron energy loss spectroscopy, evidence was
found for a covalent binding of phosphate molecules (from
phosphoric acid) on either oxygen vacancies (acidic sites)
or in a substitution reaction with surface bound oxygen
(basic sites).21 We also suggested that this is at least a
bidentate binding, involving two, or possibly three, of the
four oxygen bound to the phosphorus atom, resulting in
a very strongly bound molecule. From this study we can
suggest that phosphonic acids adsorb in an analogous way
on the titanium oxide and may serve as anchoring
molecules for the mineral phase of bone (HA).

Three phosphonic acid molecules were synthesized and
grafted onto Ti disks. X-ray photoelectron spectroscopy
(XPS) and time-of-flight secondary ion mass spectrometry
(ToF-SIMS) surface analysis techniques were used to
chemically characterize the Ti disks and the grafting of
the phosphonic acids on these disks. Then, the adsorption
of the mineral components of bone was simulated by
incubating the modified and unmodified Ti disks in a
physiological solution, Hank’s balanced salt solution
(HBSS). The precipitation of calcium and phosphates on
the different Ti disks was again measured by XPS and
ToF-SIMS.

Cell culture studies of the same system are presented
elsewhere.22

Materials and Methods
Substrates. The mechanically polished titanium disks (com-

mercially pure (cp) titanium, 99.6% grade 2; 14 mm in diameter)
were prepared and supplied by Institut Straumann AG (Walden-
burg, Switzerland). The samples were sonicated in 2% phosphate
free Deconex (15PF, Merck, CH) in bidistilled water for 15 min
at 30 °C, rinsed with bidistilled water followed by sonication in
bidistilled water (three times) for 10 min, and finally rinsed with
pure hexane. The samples were dried and stored under vacuum
(1333 Pa, room temperature (RT)) over P2O5 before being analyzed
with XPS and ToF-SIMS.

Surface Modification. Three phosphonic acid molecules,
methylenediphosphonic acid (MDP), propane-1,1,3,3-tetraphos-
phonic acid (PTP), and ethane-1,1,2-triphosphonic acid (ETP),
were prepared according to the described procedures.23-25 Graft-
ing on the polished Ti (Ti P) disks was obtained by chemical
adsorption from solution for 1 h at room temperature at the

following conditions: MDP, 1.5 × 10-3 M; PTP, 6.2 × 10-4 M;
ETP, 1.2 × 10-3 M (in 10 mL of bidistilled water). After grafting,
the disks were rinsed with bidistilled water to remove physisorbed
phosphonic acids, dried under vacuum (1333 Pa, RT) over P2O5,
and analyzed with XPS and ToF-SIMS.

Incubation in Hank’s Balanced Salt Solution (HBSS).
Next, the modified and unmodified Ti disks were incubated

at 37 °C ( 0.5 °C in 50 mL of Hank’s balanced salt solution
(HBSS) in closed plastic bottles. The solution was always freshly
prepared by dissolving reagent-grade chemicals in bidistilled
water. Its chemical composition was the following (mM):26 Na+,
142.0; K+, 5.81; Mg2+, 0.811; Ca2+, 1.26; Cl-, 145.0; HPO4

2-, 0.777;
SO4

2-, 0.811; HCO3
-, 4.17 mM. The pH was 7.4 at 37 °C. After

incubation for 1, 7, and 14 days, the samples were rinsed with
bidistilled water and dried under vacuum (1333 Pa, RT) over
P2O5. Three disks per surface were incubated and subsequently
analyzed with XPS and ToF-SIMS.

X-ray Photoelectron Spectroscopy (XPS). XPS analyses
were performed on an Axis Ultra spectrometer from Kratos
(Kratos, Manchester, U.K.) equipped with a concentric hemi-
spherical analyzer and using a monochromatized aluminum
anode X-ray source (Al KR1,2 1486.6 eV, full width at half-
maximum, fwhm ) 0.85 eV, 15 kV, 150 W). The samples were
investigated under ultrahigh vacuum conditions: 10-8-10-7 Pa.
Spectra were taken at a 90° takeoff angle with respect to the
surface. A sample area of 300 × 700 µm2 was analyzed with a
pass energy of 80.0 eV for survey scans and 40.0 eV for high
energy resolution elemental scans.

The spectrometer was calibrated by using Cu 2p3/2 (932.7 eV)
and Au 4f7/2 (84.0 eV) signals. Scofield’s27 surface sensitivity
factors used to determine the atomic concentrations were 0.278
for C 1s, 0.780 for O 1s, 2.001 for Ti 2p, 0.486 for P 2p, and 1.833
for Ca 2p. Spectra were referenced to C 1s spectrum of C-H/
C-C at 285.0 eV. Spectra were peak fitted after background
subtraction by assuming a Gaussian/Lorentzian (90-70/10-30)
peak shape except for the asymmetric Ti metallic peak. Mean
reproducibility of peak position values obtained from peak fitting
are in general not better than (0.1 eV, and for the complex
structures they can even vary with as much as 0.3 eV from sample
to sample and depend on other peak fitting parameters.28

Time-of-Flight Secondary Ion Mass Spectrometry (ToF-
SIMS). ToF-SIMS analyses were performed on a PHI Trift I
mass spectrometer (described in detail elsewhere29) equipped
with a pulsed Ga+ liquid ion gun operated at 15 kV. Sample
surfaces were biased at (3 kV with respect to the grounded
extraction electrode for positive and negative mode SIMS,
respectively. The dc ion beam current (2-4 nA) was pulsed at
5 kHz repetition rate, with a measured pulse width of about 8
ns. The analyzed area was approximately 84 × 84 µm2. The total
ion dose used to acquire each spectrum was about 1012 ions/cm2

ensuring static SIMS conditions.30 The mass resolution measured
on the Si+/- signal of a silicon wafer was m/∆m ) 5000 in the
positive mode and m/∆m ) 4000 in the negative mode.

Three areas were analyzed/sample in each mode, and the most
representative of them are presented. Calibration of the mass
spectra in the positive mass mode was based on hydrocarbon
peaks such as CH3

+ (15.025 atomic mass unit (amu)), C2H5
+
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(29.04 amu), C3H7
+ (43.05 amu), and C4H9

+ (57.07 amu) and
contaminants such as poly(dimethylsiloxane) (PDMS) peaks,
C5H15OSi2

+ (147.06 amu). In the negative mass mode, the
calibration was based on CH- (13.01 amu), C2H- (25.01 amu),
C3H- (37.01 amu), and C4H- (49.01 amu). Relative normalized
intensities were determined by dividing each peak of the spectra
by the total measured intensity minus hydrogen, sodium, and
contaminant peaks intensities.

Results and Discussion

Table 1 shows the chemical surface composition of native
polished titanium (Ti-P) samples. Beside the expected
elements of the titanium oxide, Ti and O, the contaminants
C and N were also observed.

The high-resolution spectrum of the Ti 2p peak (Figure
1a) showed three peaks in the spectrum. After peak fitting,
the dominant doublet was assigned to TiO2, with Ti 2p3/2
at a binding energy (BE) of 458.8 eV and Ti 2p1/2 at BE
464.5 eV.31,32 The difference of 5.7 eV in BE between those
two peaks of TiO2 corresponds well to the literature values
(∆E from 5.5 to 5.8 eV).31,33-35 The low-energy peak was
assigned to metallic Ti with an observed BE for the 2p 3/2

of 453.7 eV and consequently at 6.1 eV higher BE (459.8
eV) the 2p 1/2 contribution.31,32 The presence of this peak,
believed to come from the underlying bulk metal, indicates
that the surface oxide was thinner than the probing depth
of the XPS. In addition, a small contribution (2.7%) of Ti3+

(Ti 2p3/2 at BE 457.4 eV) from substoichiometric oxide,
Ti2O3, was present, as also reported in several XPS
studies.31,36-38

In the O 1s core line (Figure 1b), three O contributions
were fitted and assigned according to literature val-
ues.32,39,40 The first, assigned to O atoms in TiO2, was fitted
with a peak of 1.2 eV fwhm at a binding energy of 530.3
eV (literature values range from 529.9 to 530.9 eV41). A
second peak at 1.3 eV higher BE (ca. 531.6 eV) is attributed
to either surface termination oxygen40,42 or to acidic OH
(bridging OH groups),43 as well as to carbonyl groups (Od
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Figure 1. High-resolution XPS spectra of Ti P surface: (a) Ti 2p; (b) O 1s; (c) C 1s.

Table 1. Chemical Composition (at. %) of the Native Ti P
Surface

sample Ti O C P Ca N

Ti-P 18.8 ( 1.6 50.9 ( 0.5 28.6 ( 1.3 NDa ND 1.6 ( 0.5
a Element not detected.
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C; e.g. in carboxyl molecules).39 The third oxygen peak at
3.0 eV higher BE (ca 532.9 eV) is attributed to basic
hydroxyl groups43 and chemisorbed water,40,44 as well as
to ether groups (C-O).1,39,45-47 Their fwhm values were
1.4 and 1.35 eV, respectively. However, in the literature
some ambiguities exist in the assignment of these peaks,
and the real amount of -OH present on the titanium
dioxide surface is disputed.40

From the high-resolution spectra of the carbon C 1s
signal (Figure 1c), four peaks were fitted and attributed
according to the literature.28,39,48-52 The peaks were
accordingly assigned to the following: C0, C-C and C-H;
C1, C-O; C2, CdO; C3, O-CdO (x in Cx is the number of
oxygen bonds), respectively. The main peak, C0, was at
285.0 eV (fwhm 1.2 eV) with the subsequent peaks showing
shifts of C1 + 1.5 (fwhm 1.25 eV), C2 + 3.0 (fwhm 1.25 eV),
and C3 + 4.1 eV (fwhm 1.25 eV) and with relative intensity
ratios C0:C1:C2:C3 ) 78.7:12.8:4.8:3.7 (%).

Nitrogen was also observed at low concentrations (from
1% to 2%) on some samples. The peak was located at 400.6
eV, which corresponds to N atoms involved in, e.g., -CN,
-NH2, -NH3, -OCONH, and -CONH2 groups, and is
attributed to traces of organic contaminants (the corre-
sponding contributions in the C- and O- peaks are not
distinguishable).43

Figure 2a shows the positive-ion ToF-SIMS spectrum
of the bare Ti where the highest peak observed at m/z )

48 is from 48Ti+. Other peaks are easily identified as
titanium isotopes (m/z ) 46, 47, 49, and 50) and corre-
sponding protonated ions, TiH+, at m/z ) 47, 48, 49, 50,
and 51, as well as the corresponding series of TiO+ peaks
(m/z ) 62, 63, 64, 65, and 66). They agree well with the
literature data.53-56 Further peaks identified are typical
from hydrocarbon contamination such as (CnH2n+1)+ and
(CnH2n-1)+ and minor contributions from oxygen-contain-
ing species. At higher masses, additional minor contami-
nants were observed, such as phthalate (m/z ) 149,
C5O5H9

+) (results not shown).
The corresponding negative ion ToF-SIMS spectrum

(Figure 2b) is dominated by the O- ion, at m/z ) 16, and
OH-, at m/z ) 17, typical for hydroxylated titanium oxide
surfaces.57 Some hydrocarbon peaks were also observed
(m/z ) 13 and 25, CH- and C2H-, respectively), as well
as a few contaminants such as Cl- (m/z ) 35 and 37) and
Br- (m/z ) 79 and 81).

GraftingofPhosphonicAcids.After surfaceanalysis,
the same Ti disks were modified with the three phosphonic
acids (MDP, PTP, and ETP) and again analyzed with XPS
and ToF-SIMS. Results of the chemical composition from
XPS analyses are given in Table 2. Beside the previously
detected elements on the Ti reference substrate, phos-
phorus was observed, confirming the presence of the
phosphonic acids on the modified Ti substrates. The
binding energies determined from peak fitting of the main
peaks in the high-resolution spectrum (Figure 3) of a
phosphonic acid (PTP) grafted on a Ti P disk, as well as
their assignments, are summarized in Table 3. The high-
resolution spectra of the Ti 2p peak showed the same
composition as for the nonmodified surface, and only the
Ti+IV 2p3/2 peak is noted in the table for reference
purposes.

The P 2p signal (Figure 3c) should theoretically be a
nonresolved doublet with 2p1/2 and 2p3/2 components at
∆BE ) 0.8 eV (fitted at BE 134.2 and 133.4 eV, respec-
tively) and area ratio of 1:2. Gawalt et al.58 studied the
surface of an alkane phosphonic acid complexed with
zirconium which was grafted on the native oxide of a Ti
plate (TiO2) and found a single P 2p peak (not peak fitted)
at BE 133.0 eV, while Textor et al.59 found a variation in
the P 2p BE (132.4 to 135.8 eV) as a function of the O
environment. Grafted to a tantalum oxide surface, the
BE was ca. 134 eV. Nefedov reported a 1.2 eV lowering
in the P 2p BE when the P-OH bond (at ca. 134.5 eV) in,
e.g., CH3P(O)(OH)2, is replaced by a P-C bond, as in Ph2P-
(O)OH (133.3 eV), and a slight increase when complexed
with transition metals.60 A corresponding shift (1.7 to 2.1

(43) Sham, T. K.; Lazarus, M. S. Chem. Phys. Lett. 1979, 68, 426-
432.

(44) Hanawa, T.; Hiromoto, S.; Asami, K. Appl. Surf. Sci. 2001, 183,
68-75.

(45) Healy, K. E.; Ducheyne, P. Biomaterials 1992, 13, 553-561.
(46) Meng, L.-J.; Sà, C. P. M. d.; Santos, M. P. d. Thin Solid Films

1994, 239, 117-122.
(47) Browne, M.; Gregson, P. J.; West, R. H. J. Mater. Sci.: Mater.

Med. 1996, 7, 323-329.
(48) Favia, P.; Vulpio, M.; Marino, R.; d’Agostino, R.; Mota, R. P.;

Catalano, M. Plasmas Polym. 2000, 5, 1-14.
(49) Johnston, E. E.; Ratner, B. D. J. Electron Spectrosc. Relat.

Phenom. 1996, 81, 303-317.
(50) Ameen, A. P.; Short, R. D.; Johns, R.; Schwach, G. Clin. Oral.

Impl. Res. 1993, 4, 144-150.
(51) Nanci, A.; Wuest, J. D.; Peru, L.; Brunet, P.; Sharma, V.; Zalzal,

S.; McKee, M. D. J. Biomed. Mater. Res. 1998, 40, 324-335.
(52) Ratner, B. D. Ann. Biomed. Eng. 1983, 11, 313-336.

(53) Ameen, A. P.; Short, R. D.; Douglas, C. W. I.; Johns, R.; Ballet,
B. J. Mater. Sci.: Mater. Med. 1996, 7, 195-199.

(54) Haddow, D. B.; James, P. F.; Noort, R. v. J. Mater. Sci.: Mater.
Med. 1996, 7, 255-260.

(55) Morstein, M.; Karches, M.; Bayer, C.; Casanova, D.; Rohr, P. R.
v. Chem. Vap. Deposition 2000, 6, 16-20.

(56) Weber, M.; Vasella, A.; Textor, M.; Spencer, N. D. Helv. Chim.
Acta 1998, 81, 1359-1372.

(57) Takeda, S.; Fukawa, M.; Hayashi, Y.; Matsumoto, K. Thin Solid
Films 1999, 339, 220-224.

(58) Gawalt, E. S.; Lu, G.; Bernasek, S. L.; Schwartz, J. Langmuir
1999, 15, 8929-8933.

(59) Textor, M.; Ruiz, L.; Hofer, R.; Rossi, A.; Feldman, K.; Hahner,
G.; Spencer, N. D. Langmuir 2000, 16, 3257-3271.

(60) Nefedov, V. I.; Buslaev, Y. A.; Kuznetso, A. A.; Yankina, L. F.
Zh. Neorg. Khim. [Russ. J. Inorg. Chem.] 1974, 19, 1416-1417.

Table 2. Chemical Composition (at. %) after Grafting of the MDP, PTP, and ETP Phosphonates on the Ti P Surface

Ti 2p O 1s C 1s P 2p Ca 2p N 1s

Ti P + MDP 17.8 ( 0.5 57.3 ( 1.0 22.3 ( 1.2 2.3 ( 0.5 NDa ND
Ti P + PTP 17.3 ( 1.5 52.6 ( 0.5 25.8 ( 0.5 2.8 ( 0.5 ND 1.5 ( 0.5
Ti P + ETP 17.0 ( 0.5 54.4 ( 0.5 24.1 ( 0.5 3.0 ( 0.5 ND 1.5 ( 0.5

Figure 2. (a) Positive ion ToF-SIMS spectrum of a Ti P disk
(0 < m/z < 100) and (b) negative ion ToF-SIMS spectrum of a
Ti P disk (0 < m/z < 100).
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eV) in the C 1s peak BE (286-286.3 eV for -PCH3 and
287.7-288.4 eV for -POCH3) was recently reported.61

Accordingly, since the C 1s peak (Figure 3b) could be fitted
with only the two components representing C0 (at 285.0
eV) and C1 plus P-C (at 286.4 eV), it is concluded that
most of the surface contaminants containing unsaturated
carbons (i.e. carbonyl groups) were either saturated by or
exchanged with the adsorbed phosphonate molecules,
containing only CC-, CH-, and CP- groups.

In the O 1s spectrum (Figure 3a) peak fitting was again
done with three components with the same BE values as
before grafting of the phosphonic acids, with the main
component assigned to titanium oxide. In addition to the
above-mentioned attributions, further peak contributions

were also related to the phosphonic acid molecule.
Literature values for PdO groups are at BE 534.5-535
eV61 in phosphonic and phosphoric acids, while BE was
reported to be 532.1 eV in octadecylphosphoric acid.59 This
discrepancy in BE might be due to interactions with water
(adsorption was done from liquid phase in the former case),
stabilizing the PdO group. However, on adsorption from
gas phase, the author found only one peak at 533 eV,
corresponding to a single bond between P and O.61 For
P-O groups a BE of 533-533.6 eV has been published.59,61

The presence of a peak at ca. 533.1 eV and the absence
of the high BE (534.5 eV) peak in our spectra as well as
in those from Textor et al.59 indicate the covalency in the
phosphonate-oxide surface interaction with only P-O
bonds. The relatively high intensity of a peak at 531.8 eV,
together with the absence of a C2 peak at 288.0 eV,
indicates the presence of hydroxyl groups but no carbonyl
groups.

After modification of the Ti disks with phosphonic acids,
no significant change was noticed in the positive secondary
ions ToF-SIMS spectra compared to the unmodified Ti
disk.

However, characteristic peaks of the grafting were
observed in the negative secondary ion ToF-SIMS spectra.
They were identical for all samples with minimal differ-
ences in their normalized intensity. As an example, the
negative fragments detected on Ti P + MDP associated
with either P or Ti are enumerated in Table 4. The ions
with m/z ) 47, 63, and 79 correspond to the fragmentation
of the phosphonic acid groups, i.e., PO-, PO2

-, and PO3
-,

providing evidence of the presence of the acid on the
surface, while the presence of fragments such as TiOPO2

-,
TiO2PO2

-orTiOPO3
-,TiO2PO3

-,TiO(PO2)2
-,TiO(PO2)2CH2

-,
and TiO(PO3)2

- demonstrated the P-O-Ti bonding.
Similar fragments were detected on tantalum oxide
surfaces modified with self-assembled monolayer of oc-
tadecylphosphoric acid (ODP).59 Some of the typical
negative fragments showing the grafting of ODP on
tantalum oxide were TaOPO3

-, TaOPO4
-, TaO2PO4H-,

(61) Davies, P. R.; Newton, N. G. Appl. Surf. Sci. 2001, 181, 296-
306.

Table 3. XPS Binding Energies, BE (from Peak Fitting), of the Main Elements Observed at the PTP-Grafted Ti P Disk

core level

Ti 2p3/2 O 1s C 1s P 2p

BE (eV)a 459.1 530.6 531.8 533.1 285.0 286.4 133.4 134.2
assgnt TiO2 TiO2 OH P-O CH C-O P 2p3/2 P 2p1/2

(PdO) OC C-P P-C
(OdC) H2O P-O

a All BE values are varying from sample to sample with ca. (0.2 eV.

Figure 3. High-resolution XPS spectra of PTP-grafted Ti-P
surface: (a) O 1s; (b) C 1s; (c) P 2p.

Table 4. Negative Secondary Ions Containing P and/or
Ti Atoms Observed at the MDP-Modified Ti Surface

secondary
ion mass

(m/z) (detected)
possible
assgnt

deviation of the
detected mass

(mamu)a
normalized
intensityb

46.9679 PO 0.7 1.05
59.9661 CH(PO) or CPOH 10.4 1.12
62.9635 PO2 0 18.53
78.959 PO3 -0.5 17.61
79.9363 TiO2 1.4 0.19
96.9404 TiO2OH 0 0.55

126.9067 TiOPO2 -0.3 0.12
142.901 TiO2PO2 or TiOPO3 0.3 0.50
158.8967 TiO2PO3 -0.5 0.43
189.8699 TiO(PO2)2 0.1 0.10
205.8624 TiO2(PO2)2 2.5 0.12
219.8805 TiO2(PO2)2CH2 0 0.097
221.8597 TiO(PO3)2 0 0.12

a mamu: milliatomic mass units. b Relative normalized intensity
(‰) determined by dividing each peak of the spectrum by the total
measured intensity minus hydrogen, sodium, and contaminant peak
intensities.
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and TaO(PO4)(PO4H)-. Taking these results together with
the XPS results, these authors concluded that a strong
P-O-Ta bonding was formed.

Langmuir isotherms were also performed on TiO2
anatase powder modified with MDP. An equilibrium
constant of 2.09 × 104 l/mol with bidistilled water as
solvent was found.62 All these results indicate the forma-
tion of a strong P-O-Ti bonding.

Incubation in HBSS. After grafting of the phosphonic
acids, the modified and unmodified Ti substrates were
incubated in HBSS for 1, 7, and 14 days and once again
analyzed with XPS and ToF-SIMS. Table 5 gives the
chemical composition determined from XPS. All values
for Ti, O, and C had variations on the order of ca. (2 at.
%, while for the other elements the variations were on the
order of (0.3 at. %. After 1 day of incubation, a deposition
from the solution can be observed. Calcium, sodium, and
on the MDP modified surface also magnesium were
detected. It could also be noticed that Ti was detected at
unaltered concentrations, which indicates that the thick-
ness of the deposition does not exceed a few molecular
monolayers.

As an example, the binding energies of O, C, P, and Ca
of Ti P + PTP + HBSS 14d (14 days) are given hereafter.
In the O 1s core line, three O peaks were fitted. The lowest,
at a BE of 530.4 eV (67.3%), was again attributed to TiO2.
At BE 531.7 eV (23.2%), the reported value for oxygen in
carbonyl groups is also the BE associated with the
phosphate group (PO4

3-) and hydroxyls in calcium phos-
phates. Beside being the binding energy for oxygen in the
phosphonate group, the peak at 532.9 eV (9.5%) is
characteristic of oxygen in the hydrogenophosphate group
(HPO4

2-), (intercrystalline) water,63-65 and ether groups.
The fwhm values for the last two peaks were 1.4 and 1.35
eV, respectively. As for the unmodified sample surface,
Ti-P, four peaks were used to fit the C 1s spectrum. The
concentration ratios observed for C0:C1:C2:C3 were 78.9:
13.8:4.6:2.8 (%). The binding energies of the fitted P 2p
peak (Figure 4c) were again 134.1 and 133.3 eV and were
attributed to P 2p1/2 (33.5%) and to P 2p3/2 (66.5%),
respectively (∆E ) 0.8 eV), from P bound to O and C in
both the phosphonic acids59,60 and the phosphates from
the HBSS.66-70 In addition to the above-mentioned peaks,

a doublet from Ca is detected in the spectrum after
incubation in HBSS. The binding energies of the two Ca
2p peaks were 347.4 eV, for Ca 2p3/2, and 350.9 eV, for
Ca 2p1/2, respectively (Figure 4d).

The Ca/P ratios on all Ti P surfaces are summarized in
Table 5. From these data an attempt to characterize the
calcium phosphate growth in both quantitative and
qualitative manners was done. However, due to the
presence of phosphonic acid, the Ca:Ti ratio (and not the
usual Ca:P ratio) was used to quantify the growth, while
the Ca:P ratio of the reference Ti P disk was used to suggest
the nature of the calcium phosphate. An increase in the
Ca:Ti ratio with increased incubation time is observed
both in the XPS (Table 5) and ToF-SIMS (Table 6) data
for all surfaces. However not statistically significant, the
amount of Ca was after 1 and 7 days of incubation higher
on the PTP-modified surface than on the other surfaces,
while after 14 days the ETP-modified surface showed the
highest Ca concentration.

On the other hand, after 14 days of incubation in HBSS,
the Ca:P ratio reached 1 for the Ti P + HBSS and the Ti
P + ETP + HBSS surfaces and even 1.2 for the Ti P +
MDP + HBSS surface, while it remained low for the Ti
P + PTP + HBSS surface. These Ca:P ratios are
nevertheless still lower than for stoichiometric hydroxya-
patite (1.67), and variations between samples were
relatively large ((0.2). The calcium phosphate coating on
the Ti disks was probably similar to monetite (CaHPO4,
Ca:P ) 1) or brushite (CaHPO4‚H2O, Ca:P ) 1). Magne-
sium, which was also present in the calcium phosphate
coating, as detected by XPS and ToF-SIMS, probably
substituted the Ca2+ and contributes to lower the Ca:P
ratio, as also found recently by Li et al.71 and Wen et al.72

Beside the detected peaks in the positive ion ToF-SIMS
spectra of the grafted surface, some cations present in
HBSS were observed on the topmost part of the different
Ti surfaces (Figure 5). They appeared at m/z ) 23, 24, 39,
and 40 and were attributed to Na+, Mg+, K+, and Ca+,
respectively. Peaks related to calcium were also found at

(62) Viornery, C. Surface functionalization of titanium with phos-
phonated ligands to improve bone bonding; EPFL: Lausanne, Swit-
zerland, 2000.

(63) Amrah-Bouali, S.; Rey, C.; Lebugle, A.; Bernache, D. Biomaterials
1994, 15, 269-272.

(64) Midy, V.; Rey, C.; Bres, E.; Dard, M. J. Biomed. Mater. Res.
1998, 41, 405-411.

(65) Soten, I.; Ozin, G. A. J. Mater. Chem. 1999, 9, 703-710.

(66) Hanawa, T. Titanium and its oxide film: a substrate for formation
of apatite; Davies, J. E., Ed.; University Toronto Press: Toronto, Canada,
1991; pp 49-61.

(67) Hanawa, T.; Ota, M. Biomaterials 1991, 12, 767-774.
(68) Landis, W. J.; Martin, J. R. J. Vac. Sci. Technol., A 1984, 2,

1108-1111.
(69) Ong, J. L.; Lucas, L. C.; Raikar, G. N.; Connatser, R.; Gregory,

J. C. J. Mater. Sci.: Mater. Med. 1995, 6, 113-119.
(70) Ferraz, M. P.; Monteiro, F. J.; Santos, J. D. J. Biomed. Mater.

Res. 1999, 45, 376-383.
(71) Li, P.; Ducheyne, P. J. Biomed. Mater. Res. 1998, 41, 341-348.
(72) Wen, H. B.; Wijn, J. R. d.; Cui, F. Z.; Groot, K. d. J. Biomed.

Mater. Res. 1998, 41, 227-236.

Table 5. Chemical Composition (at. %), Ca:P Ratios, and Ca:Ti Ratios of Modified and Unmodified Ti P Surfaces after
Incubation in HBSS for 1, 7, and 14 days

Ti 2p O 1s C 1s P 2p Ca 2p Na 1s N 1s Mg 2p Zn 2p Ca:P Ca:Ti

HBSS 1d
Ti P 18.5 48.8 27.5 0.8 0.7 1.1 1.8 NDa 0.5 0.86 0.04
Ti P + MDP 19.4 51.8 22.7 0.9 0.8 2.4 1.1 0.4 ND 0.90 0.04
Ti P + PTP 18.7 48.3 26.8 1.3 1.1 2.0 1.0 ND ND 0.86 0.06
Ti P + ETP 18.4 48.2 27.6 1.4 1.0 1.3 1.4 ND 0.5 0.71 0.05

HBSS 7d
Ti P 21.7 50.8 19.8 0.9 0.8 2.4 0.7 2.4 0.4 0.86 0.04
Ti P + MDP 21.5 51.4 19.9 1.2 0.8 1.8 0.6 2.1 0.4 0.90 0.04
Ti P + PTP 19.8 50.3 21.0 2.0 1.2 2.2 0.7 2.5 ND 0.86 0.06
Ti P + ETP 20.6 50.4 21.4 1.4 1.0 1.5 0.7 2.4 ND 0.71 0.05

HBSS 14d
Ti P 18.3 49.5 24.1 1.3 1.4 1.1 0.5 2.9 0.8 1.05 0.08
Ti P + MDP 17.3 48.8 26.4 1.3 1.5 1.2 0.4 2.6 0.4 1.19 0.09
Ti P + PTP 18.2 50.8 24.0 1.9 1.5 1.2 0.5 3.0 0.4 0.79 0.08
Ti P + ETP 15.2 48.3 27.7 1.6 1.7 1.3 0.6 2.9 0.6 1.07 0.11
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m/z ) 41, 56, and 57 and were attributed to CaH+, CaO+,
and CaOH+, respectively. These peaks are characteristic
of calcium phosphate adsorption.73-75

Table 6 reports the Ca:Ti ratio (from ToF-SIMS data)
after 7 and 14 days of incubation in HBSS. The Ca:Ti
ratio increased with the incubation time, and two modified
Ti surfaces exhibited higher calcium level compared to
the reference Ti P surface, which is in agreement with the
XPS results. The discrepancies in the absolute values
between the Ca/Ti ratios measured by XPS in Table 5 and
those measured by ToF-SIMS are mainly due to the
difference in measuring techniques. While the former is
sensible to a volume of the sample with the depth of around
5 nm, the latter is only sensitive the outermost surface
layers (<1 nm). Furthermore, the chemical environment
has great influence on the intensities from ToF-SIMS (the
so-called matrix effect), which makes it almost impossible
today to make any quantitative estimations from the
secondary ion spectra.

On the other hand, the longer the incubation time was,
the more contaminated the Ti surfaces were. Among the
contaminants, signatures related to PDMS (such as m/z
) 28 and 73 in Figure 5) were indeed observed. However,
due to its lower surface sensitivity, the silicon contaminant

(73) Leadley, S. R.; Davies, M. C.; Ribeiro, C. C.; Barbosa, M. A.;
Paul, A. J.; Watts, J. F. Biomaterials 1997, 18, 311-316.

(74) Chusuei, C. C.; Goodman, D. W.; Stipdonk, M. J. v.; Justes, D.
R.; Schweikert, E. A. Anal. Chem. 1999, 71, 149-153.

(75) Lu, H. B.; Campbell, C. T.; Graham, D. J.; Ratner, B. D. Anal.
Chem. 2000, 72, 2886-2894.

Figure 4. High-resolution XPS spectra of PTP-grafted Ti-P surface after 14 days incubation in HBSS solution: (a) O 1s; (b) C
1s; (c) P 2p; (d) Ca 2p.

Table 6. Ca:Ti Ratio from ToF-SIMS Analyses of
Modified and Unmodified Ti P Surfaces after Incubation

in HBSS for 7 and 14 days

Ca:Ti

HBSS 7d HBSS 14d

Ti P 0.50 0.86
Ti P + MDP 0.60 0.72
Ti P + PTP 0.73 1.01
Ti P + ETP 0.62 1.03

Figure 5. Positive ion ToF-SIMS spectra (0 < m/z < 100) of
a Ti P and modified Ti P surfaces (Ti P + MDP, Ti P + ETP,
and Ti P + PTP) after incubation in HBSS for 14 days.
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was not detected with XPS. PDMS is often detected with
the ToF-SIMS technique on surfaces that are not cleaned
in situ, and since it can only be speculated about its origin,
we leave that discussion to another forum.

No significant change was noticed in the negative
spectra after incubation in HBSS compared to the Ti disks
after grafting of the phosphonic acids. The peaks char-
acteristic of calcium phosphate adsorption were also PO2

-

and PO3
-.73-75

Conclusions
The grafting of three phosphonic acids (MDP, PTP, and

ETP) on polished Ti disks was studied with XPS and ToF-
SIMS. Analyses results and Langmuir isotherms showed
that a Ti-O-P bond was formed. The bioactivity ability
of the modified Ti disks was tested by incubating these
disks in HBSS, and the surface adsorption was studied

as a function of time. While remaining small, the adsorp-
tion rate of calcium was higher on the modified surfaces
compared to the reference (Ti P), and as a consequence,
they induced better calcium phosphate growth. Among
them, the Ti P + ETP surface seems to be the most
favorable. These results indicate that the modification of
Ti with phosphonic acids might be promising for various
implant applications.
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Exhibit A-6 

NBMolecules®. Determination of SurfLink® Surface Treatment Thickness on Sterile 
SurfLink® Dental Implants by X-ray Photoelectron Spectroscopy (XPS). 2012. 
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Determination of SurfLink® surface treatment thickness on 

sterile SurfLink® Dental Implants by X-ray photoelectron 

spectroscopy (XPS) 
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NBMolecules® Confidential 

NBM-P-402 

Determination of SurfLink® surface treatment thickness on 
sterile Surflink® Dental Implants by X-ray photoelectron 

spectroscopy (XPS) 

NBMolecules® personnel: Sabrina Buchini and Richard Curno 

XPS Analysis (June 2012): Roman Heuberger (RMS Foundation) 

Objectives: By using X-ray photoelectron spectroscopy (XPS) the thickness of the 
Surflink® layer on sterile Surflink® Dental Implants will be determined. 

Conclusions: The thickness of the Surflink® layer on sterile Surflink® Dental 
Implants is less than 1 nm. 

Date. __ .2_~_0_u_"'-__ -2_ o_1_2. __ _ 

Date __ &_./.:_c_-_~ __ -_2_1'_ 
Chief Chemist 

NBM-P-402 THICKNESS REPORT - STERILE SURFLINK® DENTAL IMPLANTS p. 1/5 
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Objectives 

By using X-ray photoelectron spectroscopy (XPS) the thickness of the SurfLink® layer on 

sterile SurfLink® Dental Implants will be determined.  

Materials and Methods 

Sterile SurfLink® Dental Implants were manufactured according to NBMolecules® surface 

treatment protocol (see Appendix 1, P.2.3.5.D1 Lot File Release Form, LN 000,000,208). 

Depth profiling by XPS involves combining sequences of ion gun sputtering cycles with 

XPS measurements. An ion gun is used to etch the material for a defined period of time 

before being turned off.  XPS spectra are then acquired. Each sputtering cycle exposes a 

new surface, whose elemental composition can be analysed by XPS.   

The depth profiles were performed using a Kratos AXIS Nova high resolution 

spectrometer. An Al-standard source was used for the measurement. Depth profile 

sputtering was performed by scanning a 3.8 keV Ar+ beam at 100 µA extractor current 

over an area of 4 mm×4 mm. The sputter rate of Ta2O5 standards measured under these 

conditions (6 nm/min) was used to convert sputter time in approximate sputter depth. 

Please refer to Table 1 for sputtering conditions used in this experiment. Depth profiles 

were measured on 3 implants (see Appendix 2).  

XPS raw data were analysed using CasaXPS version 2.3.1.4 and ‘Relative Sensitivity 

Factors (RSF)’ for the RMS-Kratos equipment. The spectra were manually integrated using 

pre-defined parameters and templates.  

 
Results/Discussion 

See Appendix 3 and 4 for details on XPS analysis.  

The analyses of the depth profiles of the 3 implants were carried out separately due to the 

different sputtering times used for the 3 samples. The final results for the 3 implants were 

compared. 

Survey spectra 

Survey spectra were only measured before sputtering and after the final sputtering cycle.  

The expected elements (‘O’, ‘C’, ‘Ti’ and ‘P’) were observed in the survey spectra before 

sputtering. Furthermore the surveys were inspected for other elements contaminations 

and their contribution was determined to be ≤ 1.2% (‘N’).  

After the final sputtering cycle only ‘O’, ‘C’ and ‘Ti’ were detected on the implant surfaces. 
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High resolution spectra 

High resolution spectra of ‘O’, ‘C’, ‘Ti’ and ‘P’ were measured at defined sputtering times 

(Table 1).  

Table 1: Sputtering conditions (x= XPS analysis point performed). 

sec 0 5 10 15 20 30 40 60 105 

nm 0.0 0.5 1.0 1.5 2.0 3.0 4.0 6.0 10.5 

Implant 

1 
× ×  ×  ×  × × 

Implant 

2 
×  ×  ×  ×   

Implant 

3 
× ×  ×  ×    

 

Due to the limitation of the experimental method, the XPS depth profile analyses were 

carried out on the implants tip where a flat area of ca 4 mm×4 mm is found.  

The results show that ‘P’ binds to the outermost surface of the implant and the peak 

disappears within 10 seconds of sputtering. As shown in ‘NBM-P-402: Chemical 

characterization of the sterile SurfLink® Dental Implant surface by X-ray photoelectron 

spectroscopy (XPS)’ report, ‘P’ detected on the implant surface indicates the presence of 

the SurfLink® molecule. The results from the depth profile of all of the 3 implants 

indicated that the thickness of the SurfLink® layer is consistently less than 1nm.  

‘O’ is still present after 105 seconds of sputtering, suggesting a titanium oxide layer with a 

thickness greater than 10.5 nm.  

Following several sputtering cycles, ‘Ti’ is mostly present as titanium metal, as confirmed 

by a shift in the position of the main peak (from 459 to 454 eV).  

‘C’ is mostly removed from the implant surface within 10 seconds of sputtering. The traces 

left-over after the last sputtering cycle are consistent with titanium carbide (chemical 

shift: 282 eV). If not initially present, as it is the case for the 3 analysed samples, 

titanium carbide is most likely formed during the analysis. The titanium metal exposed 

after ion bombardment readily reacts with hydrocarbons present in the machine. 

High resolution spectra – components 

 

The components were assigned according to Mani et al. (Langmuir, 2008, 24, 6774-6784) 

and Viornery et al. (Langmuir, 2002, 18, 2582-2589): 

 

O1: metal oxides; O2: Metal-OH, C=O, P=O, Metal-O-P; O3: H2O, C-OH, P-OH. 

C1: C-C, C-H; C2: C-O, H3C-P; C3: C=O, H3C-O-P; C4: O-C=O; C5: C-metal. 

Ti1: TiO2; Ti2: Ti metal; Ti3: Ti2O3; Ti4: TiO. 
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From the components analysis, the following observations can be drawn: 

• an increase of the metal ‘Ti’ component (i.e. Ti2) is observed. 

• an increase of the metal carbide component (C5) is observed 

These observations are in agreement with the high resolution results. 

Conclusions 

The thickness of the SurfLink® layer on sterile SurfLink® Dental Implants is less than 1 

nm.    
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Appendix 1: Lot File LN 000,000,208 

See Appendix 1 of ‘NBM-P-402: Chemical characterization of the sterile SurfLink® Dental 

Implant surface by X-ray photoelectron spectroscopy (XPS)’ 
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Appendix 2: Laboratory notes (LBN-006 p.96)
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Appendix 3: XFRN 0,062 

Appendix 3 of NBM-P-402 ‘Determination of SurfLink® surface treatment thickness on 

sterile SurfLink® Dental Implants by X-ray photoelectron spectroscopy (XPS)’ is stored at 

NBMolecules® premises and available for viewing on site. 
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Appendix 4: Summary of XPS results 
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Exhibit A-7 

NBMolecules®. Optimization of the Surflink® Surface Treatment Process for MIS Implants. 
2015. 
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