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Abstract
While titanium has been clinically successful as an orthopedic or dental implant material, performance problems still persist
related to implant–bone interfacial strength and mechanical modulus mismatch between titanium and tissue. We describe here
the preparation of a titanium foam as a better mechanical match to tissue with surfaces attractive to bone cells through deposition
of an organically-modiﬁed apatite layer (organoapatite). In a rotating bioreactor, these organoapatite-coated foams are successfully
colonized by preosteoblastic cells. Finite element analyses suggest that ingrown tissue in these systems may improve both implant
performance and tissue formation through load-sharing and stress distribution. The novel metal–ceramic–polymer hybrid materials
described here hold great promise for bone tissue engineering.
 2005 Acta Materialia Inc. Published by Elsevier Ltd. All rights reserved.
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1. Introduction
Titanium (Ti) and its alloys continue to be utilized
extensively for skeletal repair and dental implants. TitaniumÕs excellent strength-to-weight ratio, toughness, and
most importantly, the biocompatibility and corrosion
resistance of its naturally forming surface oxide have
led to widespread clinical success [1–4]. There are, however, unresolved technical problems associated with
using titanium as an implant material. The bioinert
character of its protective surface oxide does not readily
form a strong interface with surrounding tissue. Furthermore, the relatively high stiﬀness of titanium, as
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compared to surrounding bone, can lead to problems
of stress-shielding and subsequent implant loosening.
One approach to resolving the interface problem involves coating titanium surfaces with hydroxyapatite,
the principal mineral in bones and teeth. Methods such
as plasma spraying [5,6], sol–gel [7], electrophoretic
deposition [8], and even solution phase apatite growth
[9,10] have all been explored. Mechanical evaluation of
extracted hydroxyapatite-coated implants has shown
evidence of increased interfacial strength compared to
implants with bare titanium surfaces [11–13]. Stupp
et al. [14–16] previously developed materials known as
organoapatites (OA) which incorporate 2–3% poly(L-lysine) into the mineral hydroxyapatite. The inclusion
of these macromolecules into the mineral phase mimics some natural biogenic minerals containing small
amounts of occluded proteins that regulate crystal formation and also toughen otherwise brittle matrices [17–
19]. Previous in vivo work showed that organoapatite
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promotes not only bone apposition, but also interfacial
resorption and bony replacement [16]. We have developed a method to grow OA on titanium-based implant
surfaces, with the expectation that it may serve as an
agent to encourage new bone growth at the implant
interface before being resorbed and recycled [20]. The
organoapatite coating is grown out of solution onto a
double layer of oppositely charged poly(amino-acids)
bound to titaniumÕs natural oxide surface. This growth
process oﬀers a number of signiﬁcant advantages over
current coating procedures. The solution-phase nature
of the growth allows for the coating of interior surfaces
of porous structures, unlike directionally restricted
methods such as plasma spraying. Furthermore, methods such as plasma spraying, sol–gel, and electrophoresis may produce highly crystalline coatings, which are
diﬃcult to resorb. The low density, nanocrystalline character of OA is expected to be more susceptible to natural
remodeling processes, critical to maintaining the bodyÕs
natural tissue. The deposition of organoapatite on titanium surfaces has been shown to enhance their colonization by bone cells [21].
A second approach to enhancing implant interfacial
strength utilizes a porous implant surface, created by
plasma spraying or surface sintering titanium powder
or wires onto a solid implant surface [22–24]. Such
systems rely on bone ingrowth into the shallow porous
surface layer to stabilize the implant. An improvement
on this concept is to use a titanium foam presenting
porosity not only at the implant surface but throughout
the entire structure. This scheme may allow for a greater
degree of bony inﬁltration, while also reducing the stiﬀness of the foam as compared to that of solid titanium,
thereby addressing the stress shielding problem. Stress
shielding refers to the condition whereby fully dense titanium, which is signiﬁcantly stiﬀer than bone, shields surrounding tissue from stresses, resulting in interfacial
resorption and implant loosening. As reviewed recently
[25], three-dimensionally porous titanium can be produced by various sintering methods, including partial
sintering of powders [26,27] or wires [28], or by sintering
of powders around a temporary space-holding phase
[29,30], but the resulting structure is relatively weak,
due to the small necks connecting the individual powder
particles. An alternative foaming method for Ti alloys
was developed by Kearns et al. [31,32]. Micron-size bubbles of pressurized inert argon gas are entrapped within
a titanium matrix during consolidation of titanium powders by hot isostatic pressing (HIPing). Upon subsequent exposure to elevated temperatures and ambient
pressure, these bubbles expand by creep of the titanium
matrix, resulting in formation of a titanium foam with
up to approximately 50% porosity. As compared to
foams produced by powder sintering, these foams exhibit higher strength because of the more rounded pore
shape and full density of struts [33].

In this work, we report on the synthesis of hybrid
titanium foams in which porous surfaces have been
modiﬁed by osteoconductive organoapatite layers. We
study the in vitro colonization of the foams by bone cells
and also predict the hybrid materialÕs mechanical interactions with ingrowing tissue through ﬁnite element
(FE) modeling.

2. Methods and materials
The foaming process was previously described by
Davis et al. [34]. Spherical CP-Ti powders ( 100 mesh
size) with median size of 130 lm were packed to
approximately 70% density in a steel can. The can was
evacuated, back-ﬁlled with 3.3 atm Ar, sealed, and then
subjected to HIPing at 890 C and 100 MPa for 125 min.
Cubic specimens with approximately 6 mm edges were
cut from the consolidated billet, encapsulated in evacuated quartz capsules and introduced in a preheated furnace at 960 C and foamed for a total of 24 h. Total
specimen porosity was determined by Archimedes density measurements on samples sealed with a thin layer
of vacuum grease in distilled water. Density measurements were also performed using helium pycnometry
on unsealed specimens, allowing for measurement of
closed porosity.
Foamed titanium was cut with a diamond-coated
abrasive saw into samples 4 mm · 4 mm · 1 mm, and
1 mm diameter holes were drilled through the samples
for skewering in a bioreactor. These substrates were
cleaned ultrasonically for 15 min each in reagent-grade
dichloromethane, reagent-grade acetone, and de-ionized
water. Pores clogged by metal smearing during cutting
were opened by etching in a 0.25% HF, 2.5% HNO3 solution for 45 min. Samples were then repassivated in
40 vol.% HNO3 solution for 30 min, and rinsed with
de-ionized water. The processes for sample pretreatment
and growth of organoapatite were adapted from previous work [20,21] for application with the titanium foam.
Foam samples were suspended in a Teﬂon sample holder
and pretreated for 22 h in poly(L-lysine) (pLys) at pH 7.4,
followed by 20 h in poly(L-glutamic acid) (pGlu) at pH
7.4. Organoapatite precipitation was conducted by combining 500 mL each of 15 mM calcium hydroxide and
9 mM phosphoric acid solutions with 400 mL of 1 mM
poly(L-lysine) at 37 C and pH 7.4 Collected precipitate
was partially dissolved by addition of HCl. Pretreated
samples were then introduced to the partially dissolved
organoapatite and the OA was reprecipitated by the
dropwise addition of 3 M NaOH restoring pH to 7.4.
After several hours, samples were rinsed with de-ionized
water and dried under vacuum. Non-adherent precipitate was rinsed and vacuum desiccated for later analysis.
Surface analysis of the OA-coated foam substrates
was performed on gold/palladium-coated samples by
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ﬁeld-emission scanning electron microscopy (SEM)
(Hitachi model S-4500) at an accelerating voltage of
20 kV. Transmission electron microscopy (TEM) (Hitachi, model 8100) was used to analyze organoapatite
morphology and crystal structure as established by electron diﬀraction of OA directly grown on a Ti grid and
also on precipitated OA. These samples were examined
in a Hitachi 8100 transmission electron microscope at
an accelerating voltage of 200 keV.
Non-adherent OA precipitate was further characterized by powder X-ray diﬀraction with a Rigaku
D-Max X-ray instrument at 40 kV and 20 mA using
Cu Ka radiation to conﬁrm the formation of organoapatite by comparison to JCPDS data for hydroxyapatite
(JCPDS #09-0432). Organoapatite powder was also
mixed with potassium bromide and pressed into pellets
for Fourier transform infrared spectroscopy (FTIR)
using a Bio-Rad FTS-40 FTIR spectrophotometer.
Bulk samples were furthermore submitted for elemental
analysis of calcium and phosphorus content (University of Illinois Microanalytical Laboratory, Urbana,
Champaign).
MC3T3-E1 osteogenic murine calvaria cells were
used in these experiments. Cells were maintained in
a T-75 ﬂask at 37 C and 8% CO2, using a-modiﬁed
EagleÕs medium (MEM-a), supplemented with 10% fetal
bovine serum (FBS), 100 units/mL of penicillin and
streptomycin, 3 mM b-glycerol phosphate, and 50 lg/
mL ascorbic acid. Cells were removed from the ﬂask surface by treatment with 0.25% trypsin, 1 mM ethylenediamenetetraacetic acid and loaded into a 110 mL STLV
rotating bioreactor culture vessel (Synthecon, Houston,
TX). Foam samples, sterilized in an autoclave at 121 C
for 50 min, were skewered onto a steel wire sample
holder through the hole drilled in the samples. Samples
were separated by poly(tetraﬂuoroethylene) spacers and
diﬀerent sample types were arranged on separate skewers. This sample holder was inserted into the bioreactor
culture vessel ﬁlled with 107 cells in culture medium described above. This vessel was then rotated at 15 r.p.m.
in an incubator at 37 C and 5% CO2, exchanging half of
the culture medium approximately every 3 days.
To insure reproducibility all measurements were
taken three times each for duplicate samples and the
entire experiment was repeated three times. Specimens
were harvested after 1, 7, 14, and 28 days and ﬁxed for
1 h with 2.5% glutaraldehyde in 0.1 M sodium cacodylate buﬀer (pH 7.4). Specimens were washed sodium cacodylate buﬀer before post-ﬁxing with 1% aqueous
osmium tetraoxide for 1 h. Water-rinsed samples were
then dehydrated into ethanol, critical point dried by
ethanol–CO2 exchange, and coated with 3 nm gold–
palladium for examination by SEM at an accelerating
voltage of 10 kV.
Additional samples were harvested, ﬁxed, and dehydrated into ethanol before embedding in LR White.

525

Slices of the embedded material were then cut with a
diamond saw, thinned by polishing and stained in haematoxylin for analysis by optical microscopy.
Alkaline phosphatase activity was determined as a
function of the alkaline phosphatase-catalyzed production of p-nitrophenol from p-nitrophenol phosphate,
measured by monitoring light absorbance at 410 nm
(Sigma Kit 245) on a Cary 500 UV–VIS spectrometer.
Cell proliferation was measured on ALP samples after
ALP measurements were taken. Samples were placed
in papain protease solution for cell digestion over the
course of 16 h at 60 C, as adapted from the protocol described by Allen et al. [35]. Liberated DNA in solution
was combined with Hoechst 33258 and quantiﬁed by
ﬂuorescence on an ISS PC1 ﬂuorescent spectrophotometer. The number of cells from each mesh sample
was estimated from this measured quantity of DNA,
assuming that one cell contains 7.7 pg of DNA [36].
Osteocalcin was qualitatively identiﬁed in these
experiments using a method similar to the process
described by Attawia et al. [37]. Cells were trypsinized
from foam substrates and plated onto tissue-culture
polystyrene well-plates. After 8 h cells were ﬁxed at
4 C for 1 min with a solution of 70% ethanol, 25% distilled water, and 5% acetic acid. Fixed cells were rinsed
in phosphate buﬀered saline (PBS) and incubated for
30 min in 1% bovine serum albumin (BSA). Doubleantibody immunohistochemistry was then performed
using goat anti-mouse osteocalcin as the primary antibody (Biomedical Technologies, Inc., Stoughton, MA)
and a ﬂuorescently tagged donkey anti-goat secondary
antibody (Molecular Probes, Eugene, OR).
Finite element models were created to predict the
potential behavior of these foam implants in vivo,
especially the localized mechanical properties that cannot be directly observed from experiments. Based on
approximations from the experimental data collected
in the experiment, a commercial FE software package
(ABAQUS Standard 6.3-1) was used to create twodimensional meshes, representative of 25% porous foam
microstructures with 25 round pores, whose size and
position were randomly perturbed from an average
value and a regular 5 · 5 array, respectively. Pores were
selectively ﬁlled with inclusions with the mechanical
properties of bone to simulate the eﬀects of bone ingrowth within the pores of the foam structure. Foam
constructs were sandwiched between model layers of
bone, representing bony tissue adjacent to an implant.
Four mesh structures were utilized in the FE simulations: foam with empty pores (E-P), foam where outer
pores only were ﬁlled with bone (OF-P) simulating partial bone ingrowth, foam where all pores were ﬁlled with
bone (AF-P), and solid titanium (S). The material properties used for the simulations are displayed in Table 1.
The modulus, yield stress, and strain hardening behavior
for titanium was determined from a stress–strain curve
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Table 1
Mechanical properties used for ﬁnite element simulations

Titanium
Bone

E (GPa)

m

ryield (MPa)

110
20

0.33
0.30

275
120

for CP-40 titanium [38], and moderate values for dense
cortical bone were obtained from the literature [39–
41]. Due to lack of reliable data for plasticity hardening
curves for bone, a perfect elastic–plastic approximation
was used. Standard linear quadrilateral elements were
deﬁned for the entire geometry and plane strain conditions were applied during simulation. Simulation constraints were set such that only the bottom boundary
and the bottom left corner were ﬁxed. All nodes along
the right and left boundaries (bone–air interface) were
traction free, and all material interfaces assumed perfect
bonding. The boundary conditions were not periodic
to better represent the conditions of a real structural
implant in situ. Simulations were conducted under a
compressive traction boundary condition of 7 MPa distributed uniformly along the top surface of the model,
whose magnitude was determined according to femoral
load approximations for a 90–100 kg human walking
or climbing stairs [42,43]. Further simulations were conducted to determine the sample moduli and the onset of
local plastic deformation by incremental displacement
(0–0.1% strain) of the top of the sample under plane
strain conditions.

3. Results
The isothermal foaming of titanium proceeded as
previously described, producing a foam of approximately 25% porosity, with only 3% open to the surface
[34]. This specimen porosity was achieved after about
1 h at 960 C, as the titanium matrix crept under the
stresses produced by the pressurized gas in the pores.
As the pore volume increased, the corresponding reduc-

tion of gas pressure rapidly reduced the stresses responsible for pore expansion, resulting in reduction and
eventual cessation of foaming. During the remaining
23 h of the thermal treatment, pore coalescence, visible
in Fig. 1b, occurred together with the opening of some
pores to the specimen surface, releasing the pressurized
gas. While only approximately one-eighth of the total
porosity was open to the specimen surface after the
24 h thermal treatment, this eﬀect also contributed to
the cessation of foaming.
As shown in Fig. 1a, initial pores in the HIPed billets
retained the general shape of the gap between powders
in the original preforms, and were thus non-spherical.
The initial average pore size was on the order of 10–
25 lm and the initial porosity was measured by the
Archimedes procedure to be about 0.55%. Fig. 1b shows
the pore structure in CP-Ti after foaming for 5.25 h at
960 C. The pores were rounded and had a diameter
of up to 200 lm (many of the smaller pores result from
the metallographic plane intersecting far from the equatorial plane of the roughly spherical pore) with a total
porosity of approximately 22%.
The compressive behavior of the foam was ductile,
with a yield stress of about 200 MPa. YoungÕs moduli
for all specimens were found from the stress–strain
curves to be 40 GPa with a large error of ±20 GPa.
Ultrasonic evaluation of the elastic constants for a foam
processed at 960 C with 22% porosity gave a YoungÕs
modulus of 60 GPa.
Characterization by X-ray diﬀraction of organoapatite (OA), shown in Fig. 2a, revealed a hydroxyapatite
crystal structure, shown by elemental analysis to be
slightly calcium deﬁcient (Ca/P = 1.55–1.60). The FTIR
spectra in Fig. 2b conﬁrmed this to be an apatitic structure with characteristic bands at 567, 605, 964, 1037, and
1100 cm 1. Poly(L-lysine) present and associated with
the apatitic phase was also indicated by an amide I band
(C@O stretch) at 1650 cm 1 [44,45]. Elemental analysis
of carbon and nitrogen further conﬁrmed the presence
of approximately 2–3% poly(L-lysine) in the organoapatite mineral. The transmission electron micrograph of

Fig. 1. (a) Optical micrograph of as-HIPed titanium microstructure showing pressurized Ar pore before expansion. (b) Optical micrograph of
titanium foamed at 960 C for 5.25 h with 22% porosity. Arrows indicate pore coalescence.
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Fig. 2. (a) Powder X-ray diﬀraction spectra for non-adherent OA
precipitate, and commercial HA. Dotted lines represent hydroxyapatite peaks as described by JCPDS ﬁle 09-0432. (b) Fourier transform
infrared spectra comparing OA, commercial HA, and poly(L-lysine).

Fig. 4. Organoapatite grown on titanium foam. (a) Coralline OA
texture observed on the foam surface and inside pores. (b) High
magniﬁcation image of the coralline texture of OA on the foam
surface.

Fig. 3. A transmission electron micrograph of OA crystals grown oﬀ a
titanium TEM grid. Inset diﬀraction pattern (upper right) of OA
nanocrystals shows polycrystalline rings and arcs which match
diﬀraction spacings for hydroxyapatite.

OA grown on a Ti TEM grid is shown in Fig. 3. OA
crystals appeared as elongated plates consistently on
the order of 30–40 nm wide, 50–100 nm long, and 10–
15 nm thick, dimensions similar to those of naturally
forming biological apatite [40]. The coralline structures
seen in the micrographs in Fig. 4 are aggregates of these
plate-like apatite nanocrystals, covering 70–80% of the
foam surfaces, including pore interiors. The high magniﬁcation image in Fig. 4b shows these ﬁnely textured
organoapatite aggregates grown on the titanium surfaces. The structures observed were similar to those previously observed on Ti surfaces [20,21].
Cells were found to eﬀectively seed the foam substrates in the dynamic environment of the rotating bioreactor. Cellular colonization of organoapatite-coated
foam was tracked visually by SEM, and more quantitatively by cellular proliferation. Fig. 5 illustrates this colonization through 14 days of culture. In Fig. 5a, cells are
seen attached to OA-covered textures of a pore edge on
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Fig. 6. Proliferation of preosteoblastic cells on OA-coated and bare
titanium foam. Total DNA measured was normalized by foam sample
mass. Error bars are +/ 1 standard deviation.

Fig. 5. SEM micrographs of cell colonization on OA–Ti foam: (a) a
cell is visible (arrow) attaching to the edge of an OA-coated pore after
1 day of culture; (b) after 7 days, cells (arrows) have proliferated,
covering foam surfaces and extending within foam pores; (c) by 14
days, cells have completely colonized the OA–Ti foam surface with a
layer of cells.

the foam surface after 1 day of culture. Fig. 5b shows
that by 7 days the cells had proliferated on the OAcoated foam surfaces and had begun to grow into foam
pores. Cell numbers measured at these early time points,

shown in Fig. 6, indicate more cells present on OAcoated samples than on bare controls. By 14 days, conﬂuent cell layers had completely overtaken the porous
foam surface, seen in Fig. 5c, and the proliferation data
in Fig. 6 show that there was no longer a signiﬁcant difference in the number of cells growing on OA-coated
samples versus bare controls. SEM examination of pores
with openings approximately 75–200 lm wide, however,
reveals that at later stages of growth, cells were more
consistently found in OA-coated pores than in bare
pores, a diﬀerence illustrated in Fig. 7. The scanning
electron micrograph in Fig. 7a shows cells climbing
down the walls of a relatively large OA-coated pore,
while the optical micrograph in Fig. 7b illustrates cells
ﬁlling a smaller pore. In contrast the images in Figs.
7c and d depict cells bridging over bare titanium pores.
Regardless of the presence of OA, however, cells tended
to bridge virtually all pores smaller than 75 lm, and to
grow into pores larger than 200 lm. In all cases, cellular
inﬁltration of the foam was limited to exterior and surface-connected pores. This observed model corresponds
well with the partially-ﬁlled OF-P model simulated in
FE analysis.
Alkaline phosphatase measured from these cellcoated foams shows that by 14 days of cellular colonization, these preosteoblastic cells had begun to upregulate
their alkaline phosphatase expression, indicating osteoblastic diﬀerentiation (see Fig. 8a). This eﬀect increased
dramatically by 28 days. The OA coating did not appear
to either inhibit, or enhance the rate or intensity of expressed alkaline phosphatase. Osteocalcin was also expressed in cells from OA-coated foams after 28 days of
culture. Fig. 8b shows a ﬂuorescent image of cells,
grown on an OA-foam, expressing osteocalcin. As with
the ALP, there was no apparent inﬂuence of the OA
coating on the rate or intensity of osteocalcin
expression.
The FE modeling showed that porous models were
completely elastic up to 0.11% uniaxial external strain
(0.14% for the fully bone-ﬁlled model), whereas the solid
titanium model was completely elastic through 0.25%
strain. The elastic modulus calculated from the FE analysis of the foam constructs (E-P) was 57.4 GPa, a value
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Fig. 8. (a) Alkaline phosphatase (ALP) expression from cells grown on
OA-coated and bare titanium foam. ALP was normalized by the
number of cells on each sample. (b) Double-antibody-stained ﬂuorescent image of osteocalcin-expressing preosteoblast from an OA-foam
sample after 28 days of culture. Similar expression was observed for
bare samples (not shown).

Fig. 7. (a) SEM micrograph and (b) cross-sectional optical micrograph of cells growing into OA-coated pores; (c) SEM micrograph and
(d) cross-sectional optical micrograph of cells bridging over a bare
titanium pore. Cells in cross-sectional micrographs, purple oval
structures indicated by arrows, were stained with haematoxylin.

in good agreement with the ultrasonically determined
modulus of the foam reported above (60 GPa), and
was substantially lower than the modulus of solid Ti
(110 GPa). The foam modulus increased to 64.9 GPa
for the model with outer pores only ﬁlled (OF-P) and
72.9 GPa in the model with all pores ﬁlled (AF-P).
The relative decrease in modulus for these foamed
structures, compared with solid Ti, correlated directly

with the degree of stress the titanium structures shared
with surrounding bone. This eﬀect is visually evident
in the FE maps showing spatial distribution of the von
Mises equivalent stress, shown in Fig. 9, for samples
subjected to 7 MPa uniaxial pressure. The lighter blue
colors seen in the surrounding bone for the porous models indicate larger stresses compared to the bone in the
solid model, evidence that the host bone shared a larger
fraction of the overall load for a porous implant. The
image of the particularly stiﬀ solid titanium material in
Fig. 9 displays a greater predominance of the low-stress
(dark blue) regions in the surrounding bone when compared to the porous foam models. Within these porous
models, regions of relatively higher stress in the surrounding bone (light blue) shrank as the pores ﬁlled with
bone, increasing the titanium–bone composite modulus.
In addition, the ratio of the average stress found in surrounding bone to the average applied stress, plotted in
Fig. 9, provides a quantitative measure of this stresssharing eﬀect. The porous sample (E-P) demonstrated
a signiﬁcant increase in the amount of stress shared with
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Fig. 9. Maps of von Mises equivalent stress in FE models of solid titanium (S), empty pore foam (E-P), foam with outer pores ﬁlled with bone
(OF-P), and foam with all pores ﬁlled with bone (AF-P). Each substrate was encased within bone and images are shown for an applied uniaxial
compressive stress of 7 MPa. Plots show the ratio of the average stress found in surrounding bone to the average applied stress (above) and the ratio
of maximum stress in the Ti matrix of each foam structure to the average stress seen in the solid implant case.

surrounding bone (ratio = 0.53), as compared to
the stress-shielded condition found with the solid Ti
(ratio = 0.31). This stress-sharing eﬀect persisted in the
two bone-ﬁlling models, OF-P (ratio = 0.46) and AF-P
(0.43), but as the modulus of the foam construct rose
with increased bone content, the degree of load sharing
with surrounding bone decreased.
Filling the pores with bone had an additional inﬂuence on the stress distribution in these models, as it
served to reduce stress concentrations in the titanium
matrix, an eﬀect also visible in Fig. 9. The red and yellow regions in these images indicate regions of high
stress. Furthermore, to quantitatively compare stress
concentrations between models, the ratio of maximum

stress in the Ti matrix of each composite structure to
the average applied stress was calculated and plotted
in Fig. 9. In the uniform, solid titanium structure, this
ratio was relatively low (ratio = 1.8), indicating that
there were no signiﬁcant local stress concentrations, an
eﬀect visually emphasized by the absence of red or yellow stress indicators in the solid Ti graphic. In the E-P
foam, however, some regions of the titanium phase surrounding open pores were subjected to more than three
times the average stress (ratio = 4.2), and the images in
Fig. 9 show clear evidence of a signiﬁcant stress concentrations around the discontinuous geometry of the foam
pores. Filling the pores with bone, however, clearly reduced the magnitude of these stresses. In the OF-P mod-
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el, only pores ﬁlled with bone showed substantial reduction of stress (ratio = 3.6). The greatest reduction of
these stress concentrations was observed when all the
pores were ﬁlled with bone, evidenced by the disappearance of the red and yellow high stress indicators in Fig. 9
as well as by the decrease in the measured stress ratio
(2.9).

4. Discussion
We have described here the synthesis of an organoapatite-coated titanium foam, probed its in vitro interactions with bone cells cultured in a rotating bioreactor,
and modeled the behavior of these foam structures as
bone implants using ﬁnite element analysis. In the
high-temperature foaming process used [32,34,46], the
pressurized argon bubbles, internally trapped during
HIPing, created stresses suﬃcient to expand within the
creeping surrounding titanium matrix. The resulting
material was a three-dimensionally porous titanium
foam with excellent matrix integrity and strength. This
foamed material, coated with the osteoconductive
organoapatite, showed potential as an orthopedic implant system based on its interactions with bone cells,
particularly at very early stages. Furthermore, the ﬁnite
element results indicate that in addition to the OAcoated foams serving as suitable porous substrates for
cell colonization, the foams inﬂuence on stress redistribution may prove valuable in stimulating osteogenesis
and preventing implant failure by increasing the percentage of load shared by host bone.
Dynamically seeded on organoapatite-coated foams
in the rotating bioreactor, preosteoblastic cells spread
and began osteoblastic diﬀerentiation on the coating
both on foam exterior surfaces as well as inside surface-connected foam pores. As with any in vitro scaﬀold
seeding experiment, the true complexity of the in vivo
process can not be exactly reproduced. It is possible that
artiﬁcial events such as cell-scaﬀold collisions may have
an inﬂuence on seeding behavior and warrant further
study. On the other hand, compared with two-dimensional static seeding, the three-dimensional, dynamic
nature of the seeding and colonization in the rotating
bioreactor may better approximate the complex, eﬃcient exchange of nutrients, waste, and cell signals prevalent in in vivo processes [47]. Empirically, this study
shows that use of the rotating bioreactor is a viable
and successful approach to culturing bone cells on titanium foam substrates.
In a previous study, it was shown that organoapatite
had an inﬂuence on early seeding events of titanium
mesh, leading to enhanced colonization by preosteoblasts [21]. Similar results were obtained here even
though a very diﬀerent, bioreactor-based seeding process was used. OrganoapatiteÕs unique combination of

531

calcium phosphate chemistry, nanocrystalline texture,
and poly(L-lysine) content likely played key roles in promoting early cell attachment to the foams [48–52]. Naturally, cell attachment is a key step in creating a strong
interface between an implant and native tissue. Establishing early bone cell attachment is clinically important
in promoting more rapid healing and creating a more direct bone–implant interface at a time when early bone
tissue growth may compete with ﬁbrous tissue
formation.
Most importantly though, the OA coating encouraged cell growth into foam pores connected to the samples surface, an eﬀect consistent with the ability of
organoapatite surfaces to promote bone cell colonization [21]. This eﬀect may have resulted from improved
cellular attachment inside the pores during seeding in
the bioreactor. Alternatively, the cells seeded on the
foamÕs exterior surface may have proliferated and migrated more readily into unseeded pores coated with
OA. Such behavior is a consistent and valuable extension of previously observed preosteoblastic migratory
colonization of unseeded, OA-coated Ti mesh. This enhanced colonization of the foamÕs surface-connected
pores is expected to be important ﬁrst because of the improved interfacial strength of a mechanical bond formed
between ingrown tissue and the porous foam surface.
Secondly, the FE analyses revealed that bony matrix
inﬁltrated into the foam pores may substantially reduce
local stress concentrations and delay the onset of plastic
deformation, which in turn, should reduce the risk of
implant failure due to local pore wall fracture by overload or fatigue. While the most signiﬁcant reduction of
stress concentration in the FE analyses occurred when
all the pores of the foam were ﬁlled with bone, there
was also signiﬁcant stress reduction in the partially-ﬁlled
OF-P model. Modeled after the experimental results described above where cells and matrix were grown into
the foamÕs exterior surface pores, this partially-ﬁlled
OF-P most accurately represents the cultured osteoblast-foam construct obtained in the bioreactor. This
OF-P model does suggest then, that the cellular colonization of the OA-coated foamÕs exterior pores may
prove valuable in reducing implant failure from local
stress concentrations in the foam.
While the titanium foam remained quite strong
(ry = 200 MPa) with respect to bone (ry  120 MPa),
the foamÕs three-dimensionally porous structure presented a signiﬁcant decrease in macroscopic stiﬀness
(60 GPa), compared to fully dense titanium (110 GPa).
Though these experiments were conducted with foams
of approximately 25% porosity, optimization of the
foaming parameters can lead to porosity values as high
as 45% [32,34,46,53–55]. By comparison, Ti powder sintering methods have been shown to produce foams in
excess of 80% or 90% porosity [30,56,57]. These higher
porosity foams would display further decreased stiﬀness

532

E.D. Spoerke et al. / Acta Biomaterialia 1 (2005) 523–533

and potentially greater tissue ingrowth, but at the cost of
strength, which would almost certainly decrease implant
lifetime due to severe stress concentrations and fatigue
damage. The present FE analysis suggests that the decrease in modulus seen with these strong and relatively
dense 25% porous foams may be suﬃcient to reduce
problems with stress shielding by promoting better macroscopic load sharing between an implant and the surrounding tissue. There are a number of reports
suggesting that low magnitude mechanical stimulation
might be beneﬁcial to the osteogenic activity of bone
cells [58–60]. Once again projecting the OF-P model
on the experimental results from the bioreactor, the relatively low stiﬀness of the partially-inﬁltrated foam may
facilitate the mechanical stimulation and load sharing
not only with the surrounding bone, but also with the
cells colonizing the surface-connected pores. Clearly,
the loading model used for this FE analysis is simpliﬁed
signiﬁcantly with respect to the complex loading
schemes in bone under physiological conditions. Our results, however, suggest that the reduced foam stiﬀness
and the increased stress carried by the bone could positively inﬂuence osteogenesis at porous implant–tissue
interfaces.

5. Conclusions
In vitro experiments in a rotating bioreactor demonstrated early colonization of organoapatite-coated titanium foams by preosteoblasts. Finite element
simulations predict bony inﬁltration in the foam would
not only create a stronger implant interface, but may
also preserve the titanium implant lifetime through
reduction of stress-concentration in the titanium matrix.
The simulations also showed that utilization of a porous
foam may serve to substantially reduce stress shielding
problems, as compared to fully dense titanium.
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