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ABSTRACT: Ourgoalwas to developamethod to identify the optimal elasticmodulus,Poisson’s ratio, porosity, andpermeability values for a
mechanically stressed bone substitute. We hypothesized that a porous bone substitute that favors the transport of nutriments, wastes,
biochemical signals, and cells, while keeping the fluid-induced shear stress within a range that stimulates osteoblasts, would likely promote
osteointegration. Two optimization criteria were used: (i) the fluid volume exchange between the artificial bone substitute and its
environment must be maximal and (ii) the fluid-induced shear stress must be between 0.03 and 3 Pa. Biot’s poroelastic theory was used to
compute the fluid motion due to mechanical stresses. The impact of the elastic modulus, Poisson’s ratio, porosity, and permeability on the
fluidmotionweredetermined ingeneral and for threedifferent bonesubstitute sizesused inhigh tibial osteotomy.We found thatfluidmotion
was optimized in two independent steps. First, fluid transport was maximized by minimizing the elastic modulus, Poisson’s ratio, and
porosity. Second, the fluid-induced shear stress could be adjusted by tuning the bone substitute permeability so that it stayed within the
favorable range of 0.03 to3Pa. Suchmethodprovides clear guidelines to bone substitutedevelopersand to orthopedic surgeons forusingbone
substitutematerials according to theirmechanical environment. ! 2009Orthopaedic ResearchSociety. Published byWileyPeriodicals, Inc.
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Ceramics and polymer porous structures can be pro-
duced with controlled pore size, porosity, mechanical
resistance, and surface properties.1–5 Thus, novel
artificial bone substitutes can be customized as to their
physical properties. The question becomes which mate-
rial favored best osteointegration in order to shorten the
postoperative recovery phase. Much effort has been
spent on searching for the optimal bone substitute
architecture with regard to degradation rate and
osteointegration.6–12 Empirical studies show that pore
interconnectivity must be >50 mm and pore diameter
must be >100 mm, although this latter value is still
debated.13,14 No consensus has emerged on optimal
permeability, porosity, and bulk stiffness. The need
exists, therefore, to develop a synthetic approach to
define target mechanical and fluid conductivity pro-
perties that likely favor osteointegration.

To develop such anapproach, themechanical environ-
ment and theassociatedfluidmotionmust be considered.
Many physico-chemical and biological phenomena are
involved in osteointegration, but fluid motion due to
mechanical loading plays a central role in bone sub-
stitute osteointegration,15 bone mechanotransduc-
tion,16,17 and angiogenesis.18,19 Indeed, the transport of
nutriments, wastes, biochemical signals, and cells
throughout the substitute stimulates osteoblasts.20,21

In addition, fluid motion exerts direct mechanical stress
on bone cells that can stimulate22 or damage23 cells,
depending on its magnitude. Shear stress between 0.03
and 3 Pa triggers production of essential proteins by
osteoblasts cultured in vitro on two-24–31 and
three-20,22,32–34 dimensional supports and favors angio-

genesis in vivo.18 Conversely, fluid-induced shear
stress >10 Pa compromises cell membrane integrity
and function.35 Thus, a balance between maximal
particle transport and optimal fluid-induced shear
stress must be achieved to favor bone substitute
osteointegration.

Our goal was to identify elastic modulus, Poisson’s
ratio, porosity, and permeability values that optimize
internal fluid motion in a bone substitute subjected to a
specific mechanical environment. The optimization
method was applied to a high tibial osteotomy.

METHODS
Optimization Scheme
The scheme was based on two criteria: (i) the maximization of
the relative amount of fluid exchanged between the bone
substitute and its environment during one loading cycle, and
(ii) the optimization of average fluid-induced shear stress
amplitude j~tj at the interface between the fluid and the
substitute to range between 0.03 and 3 Pa.

The first criterion was formulated as (see Appendix 1)
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where rf0 is the initial fluid mass density, and Vf
0 is the

initial fluid volume inside the sample. The total fluid mass
exchanged between the sample and its environment was
determined by integration of the mass flux of fluid relative to
the solid skeleton at the sample periphery jqr %nj on the whole
boundary G and on a time period T corresponding to one entire
loading cycle.

The second criterion related to the average fluid-induced
shear stress was expressed by (see Appendix 2)

0:03 % Pa < !tk k ¼ h

krf0

ffs
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qrk k < 3 % Pa ð2Þ
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where n g is the fluid viscosity, k is the sample isotropic
permeability, fs and f are the surface and volume porosities,
and Sfs denotes the specific contact surface between the fluid
and the solid.

The fluid mass flux qr was assumed to be due to convective
flux triggered by the deformation of the solid skeleton under
dynamic mechanical loads. An explicit expression of the fluid
mass flux time evolution and special distribution qr(r,t)
was obtained analytically for a simplified configuration (see
Appendix 3). We considered a cylindrical porous sample of
radius R and height h subjected to an oscillating dynamic
compression forceF(t). The sample lower and upper boundaries
were assumed impermeable and free flow condition was
assumed at its periphery.

Application to Open Wedge Tibial Osteotomy
The relative fluid volume exchanged between the bone
substitute and its environment and the fluid-induced shear
stress were computed for the mechanical environment specific
to high tibial osteotomy. The bone substitute target elastic
modulus, Poisson’s ratio, porosity, and permeability values
were determined for three bone substitute geometries (Fig. 1)
using the optimization criteria (Equations 1 and 2).

The mechanical environment of the bone substitute was
determined using an existing finite element model.36 Briefly,
the tibial geometry and density distribution of a 35-year-old
male were extracted from CT images. Transisotropic inhomo-
geneous properties were assumed. The osteotomy was per-
formed on the computer under the supervision of a senior
orthopedic surgeon, and homogeneous poroelastics bone sub-
stitutes of different sizes with different elastic modulus,
porosity, permeability, and fluid viscosity values were placed
in the tibial opening. A stainless steel supporting plate was
screwed on both sides of the osteotomy by four screws
proximally and two screws distally. Tibiofemoral contact forces
corresponding to a gait cycle (Fig. 2) were applied to the tibia.
The fluid mass flux inside the bone substitute due to its
transient deformation was computed with a commercial finite
element code Abaqus (Dassault Systèmes, France).

RESULTS
The analytical solution of Biot’s poroelastic equations
showed that fluid volume exchange between the bone

substitute and its environment was inversely pro-
portional to its elastic modulus, was proportional to
1–2g (mm), and decreased with increasing porosity. The
proportion of fluid exchange did not depend on fluid
viscosity and porous media permeability. In other
words, soft and compressible porous material exchanges
more fluid per loading cycle than stiff and macroscopi-
cally incompressible material.

The fluid-induced shear stress was inversely propor-
tional to the bone substitute elastic modulus and
permeability, and proportional to the fluid viscosity
and to 1–2g (mm). On the other hand, the porosity had no
impact on the fluid-induced shear stress.

Optimization Scheme
The optimization of the fluid motion inside the bone
substitute could be carried out in two steps (Fig. 3).
First, the fluid volume exchange could be maximized by
choosing the smallest possible elastic modulus, Pois-
son’s ratio, and porosity. The minimization of these
parameters should be carried out within an interval of
values defined by other biomechanical aspects such as
structural, technological, and biological requirements.
Interestingly, this first step could be carried out
independently of the load magnitude applied to the
bone substitute. Second, the substitute permeability
should be chosen so that the fluid-induced shear stress
magnitude ranges between 0.03 and 3 Pa. This second
step should take into account the variation of bone
marrow viscosity that ranges between 0.05 and
0.6 Pa % s.37 However, the optimal permeability value
obtained by the optimization scheme could lead to
unrealistically high values. In this case, the target
elastic modulus and Poisson’s ratio could be increased
until a realistic permeability value is obtained.

Application to High Tibial Osteotomy
The maximal compression stress at the bone substitute-
bone interface during gait was 16MPa for the 1 cm edge,

Figure 1. Finite element model of the open tibial osteotomy.
Three bone substitute sizes were modeled: (A) a cube of 1 cm
width, (B) a substitute covering one-quarter of the osteotomy
cross sectional area, and (C) a substitute covering one-half of the
osteotomy cross sectional area. Note that distances were increased
between the elements for a better visualization.

Figure 2. Tibiofemoral force during one gait cycle.53
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cubic bone substitute (Fig. 1A), 3.3 MPa for the quarter
one (Fig. 1B), and 1.8 MPa for the half one (Fig. 1C). To
ensure structural stability of the osteotomy, the bone
substitute elastic modulus should be >500 MPa. In
addition, the range of Poisson’s ratio was limited
between 0.1 and 0.5 as material with zero or negative
Poisson’s ratio is difficult to achieve and requires
specific processing procedures.38,39 Finally, the range
of porosity values was limited between 50 and 90% as
good in vivo osteointegration was reported for various
materials with these porosities.4,14,40,41

According to the optimization scheme, bone sub-
stitutes with elastic modulus of 500MPa, Poisson’s ratio
of 0.1, and porosity of 50% are likely to maximize the
proportion of fluid exchange. A 1 cm edge cubic bone
substitute exchanged 10% of its fluid content with its
environment during one gait cycle (Fig. 4), but the
proportion fell to 5 and 0.5% when the elastic modulus

was increased to 1 and 10 GPa, respectively. Decreasing
the porosity from 75 to 50% increased the fluid volume
exchange by 52% at constant elastic modulus (500MPa).
Decreasing thePoisson’s ratio from0.3 to 0.1 doubled the
proportion of fluid exchange.

The maximum shear stress induced by fluid motion
during gait inside a 1 cm edge cubic bone substitute was
58Pa for anelasticmodulus of 500MPaandpermeability
of 6&10'11 m2 (Fig. 5). The maximum target fluid-
induced shear stress of 3 Pa was reached for materials
with similar elastic moduli but with a permeability of
1.2& 10'9 m2, which is a realistic value.

Because large bone substitutes are subjected to lower
compression stresses than smaller ones, the proportions
of fluid exchange at equal elastic modulus (500 MPa)
were 4.5-fold (2.2%) and ninefold (1.1%) smaller for
quarter and for half bone substitutes than for a 1 cm edge
cubic size. The smaller substitutes also exhibited

Figure 3. Flowchart to determine target mechanical and fluid
conductivity properties of bone substitutes that optimize internal
fluid flow.

Figure 4. Proportion of fluid volume exchanged between the
substitute and its environment during one gait cycle for three
geometries: ., 1 cm edge cube; ~, one-quarter wedge; &, one-half
wedge.

Figure 5. Fluid-induced shear stress in a 1 cm edge bone
substitute as a function of its intrinsic permeability and for three
elastic moduli: ., E¼ 100 MPa;^, E¼ 1 GPa; , E¼ 10 GPa.
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maximum fluid-induced shear stresses that were 1.7-
and 2.0-fold smaller than those with a 1 cm edge cubic
substitute with the same properties.

DISCUSSION
A growing corpus of evidence shows that fluid motion
plays a central role in bone physiology and bone
substitute osteointegration.15–19 Fluid motion ensures
the transport of nutriments, wastes, biochemical sig-
nals, and cells, and exerts a direct mechanical stim-
ulation on bone cells. A balance between maximum fluid
transport and fluid-induced shear stress should be
achieved to favor osteointegration of a bone substitute.
Our aim was to develop a method to identify bone
substitute target elastic modulus, Poisson’s ratio,
porosity, and permeability to enhance fluid transport
between the substitute and its environment while
maintaining fluid-induced shear stress within a range
that triggers osteogenesis.

In this study, we showed that materials with
minimum elastic moduli, Poisson’s ratios, and porosities
likely enhance fluid transport within the substitute and
with its environment. Structural, technological, and
biological requirements, however, limit the choice of
these physical parameters. For the particular case of
high tibial osteotomy, a minimum elastic modulus of
500 MPa was needed for structural stability of the tibial
plateau during gait, a minimum Poisson’s ratio of 0.1
wasassumed toavoid specific processingprocedures,38,39

and a minimum porosity of 50% was required to
ensure good osteointegration.4,14,40 As a result, high
tibial osteotomy using a bone substitute material
with these properties is likely to maximize fluid flow
and favor rapid osteointegration. A bone substitute
covering one-quarter of the osteotomy cross section
exchanged 2.2% of its fluid content during each gait
cycle for an optimizedmaterial compared to 0.6 and 0.4%
for a substitute made of cancellous bone or coralline
hydroxylapatite.

Interestingly, permeability had no impact on the
proportion of fluid exchange, at least for values in the
range of those measured for cancellous bone, coralline
hydroxylapatite, porous tricalcium phosphate, and poly-
L-lactide acide foam used for bone substitute.39,41–45

Conversely, permeability had an inversely propor-
tional impact on fluid-induced shear stress. Thus, the
average mechanical stimulation applied to pre- and
mature osteoblasts that colonize the bone substitute
can be tuned by changing the permeability. For a 1 cm
edge length cubic bone substitute used in high tibial
osteotomy, a permeability of 1.2& 10'9 m2 will likely
produce an average fluid-induced shear stress(3 Pa.
Similarly, a substitute that covers one-quarter or one-
half of the osteotomy cross section should present
permeabilities of 7& 10'10 and 6& 10'10 m2, respec-
tively. Such values are comparable to thosemeasured
on cancellous bone,42,43 but are two orders of magni-
tude larger than thosemeasured for coralline hydrox-

ylapatite44 and porous poly-L-lactide acid foam.46

Thus, themechanical stress due tofluidmotion inside
these artificial bone substitutes used in high tibial
osteotomy will likely damage cells and lead to poor
osteointegration.

The main limitation of our study was a lack of
experimental data to validate the theoretical elastic
modulus, Poisson’s ratio, porosity, and permeability
values. However, the proposed optimization scheme is
based on two strong pieces of experimental evidence that
fluid transport and fluid-induced shear stress favor
osteogenesis and osteointegration.15–20 In addition, a
theoretical approach seems more suited to assess the
impact of various parameters and their possible inter-
dependence than an empirical approach.

Although Biot’s poroelastic theory neglects diffusion
and dispersion, is linear elastic, and is based on Darcy’s
law, it has been successfully applied to bone mechan-
ics.15,47–49 Its extension to nonlinear materials and a
more sophisticated conduction law is possible, but
beyond the scope of this study.

In conclusion, fluid motion can be optimized by
first minimizing the bone substitute elastic modulus,
Poisson’s ratio, and porositywithin a predefined range of
values given by structural, technological, and biological
requirements. In a second step, the stimulation of bone
cells by the fluid motion is optimized by tuning the bone
substitute permeability. For high tibial osteotomywith a
one-quarter wedge, the optimal fluid motion within the
substitute is achieved by a material with an elastic
modulus of 500MPa, a Poisson’s ratio of 0.1, a porosity of
50%, and permeability value of 7& 10'10 m2.
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Appendix 1
The total volume of fluid exchanged between the bone
substitute domain G and its environment can be
determined from the spatial and temporal distribution
of the fluid mass flux qr(G,t) relative to the bone
substitute solid skeleton (see Appendix 3 for the
calculation of qr). For every time t, the mass flux of
fluid that crosses the bone substitute boundary @G is
given by the scalar product of the fluid mass flux qr and
the boundary normal n:

_m ¼
Z

@G

qr % nj j ð1Þ

The total fluid volume exchanged during one oscillat-
ing period T is determined by integration of the
instantaneous mass flux _m over the time period:

mtot ¼
Z tþT

t
_md~t ð2Þ
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Combining Eqns. (1) and (2) and normalizing by
the initial fluid mass gives the proportion of fluid
volume exchanged between the bone substitute and its
environment.

Appendix 2
The average shear stress exerted by a moving fluid on
the solid skeleton of a bone substitute was determined
using the averaging theory applied to poroelastic
media50. The average viscous drag at the solid-fluid
interface ~t was obtained by averaging the microscopic
mass balance

!t ¼ ' h

r0

fCf

D2
f Sfs

aqr ð3Þ

In the above equation, the average shear stress is
a function of the fluid viscosity h, the porosity f, the
macroscopic shape factor Cf, the fluid initial
mass density r0, the hydraulic radius Df, the specific
solid-fluid areaSfs, the solid-fluid interface shapematrix
a, and thefluidmass flux relative to the solid skeletonqr.
Further deriving the Darcy’s law for isotropic porous
material gives the relation between the permeability k
and the parameters appearing in Eqn. (3):

k ¼
fsD2

f

Cf
a'1 ð4Þ

where fs is the surface porosity. Substituting Eqn. (4) in
Eqn. (3) gives the expression of the average drag force
taking place at the solid-fluid interface:

!t ¼ ' h

krf0

ffs

Sfs
qr ð5Þ

Appendix 3
The solid skeleton equation of motion of a fully
saturated, linear poroelastic material is given by:51,52

E

2ð1þ nÞð1' 2uÞrðr % uÞ ' E

2ð1þ nÞr
2uþ brp ¼ 0 ð6Þ

where E and g (mm) are the drained elastic modulus and
Poisson’s ratio, respectively, u is the solid skeleton, and b is
the Biot’s coefficient. The fluid equation of motion is given
by:

h

kM

@p

@t
þ hb

k

@

@t
r % u'r2p ¼ 0 ð7Þ

where M is the Biot’s modulus. The coupled system of
differential equations (6 and 7) can be solved analyti-
cally for an axisymmetric sample, assuming solid
deformation of the form u ¼ uðr; tÞer þwðz; tÞez. The
upper and lower cylinder boundaries are considered
impermeable, and a constant pressure p0 is assumed at
the cylinder outer boundary. The pressure distribution
inside the cylindrical sample when submitted to a cyclic
compression axial force F(t) is thus:

pðr; tÞ ' p0 ¼
X

1

n¼1

pnðtÞJ0ðknrÞ ð8Þ

where pn(t) is the pressure time evolution, and J0 is the
J-Bessel function of order 0. Finally, Darcy’s law yields

to the expression for the fluid mass flux relative to the
solid skeleton:

qrðr; tÞer ¼
k

hf

X

1

n¼1

pnðtÞ
J1ðknrÞ

kn
er ð9Þ
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