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P. Büchler, D. P. Pioletti, L. R. Rakotomanana

Abstract A model of tissue differentiation at the bone–implant interface is proposed. The basic
hypothesis of the model is that the mechanical environment determines the tissue differentiation. The
stimulus chosen is related to the bone–implant micromotions. Equations governing the evolution of
the interfacial tissue are proposed and combined with a finite element code to determine the evolution
of the fibrous tissue around prostheses. The model is applied to the case of an idealized hip prosthesis.

Introduction

The long-term stability of implants is a major concern in joint arthroplasties. Formation of a fibrous
interface between the bone and the implant is a frequent problem. The fibrous interface looses the
implant, which commonly causes pain and eventually leads to the implant failure.

The biological factors causing the growth of the fibrous interface are not completely clarified. Some
studies pointed out the role of wear particles on bone osteolysis (Goodman 1994; Pioletti et al. 1999).
Aspenberg and Herbertsson (1996) found that the mechanical environment of the bone cells is more
important for the fibrous formation process than the presence of particles. Mechanical variables are
assumed to be involved in the formation of the fibrous tissue like the hydrostatic compression
(Skripitz and Aspenberg 2000; van der Vis et al. 1999), the fluid pressure (van der Vis et al. 1998a, b),
and the fluid velocity (Prendergast et al. 1997; Yuan et al. 2000). In the present study, we assume that
the most important parameter is the bone–implant micromotions. We know from the traditional two-
stages procedure used for the endosseous dental implant that the tissue found at the bone–implant
interface is related to the loading history of the implant, There is a direct bone apposition on the
implant for an unloaded implant, whereas the interfacial tissue is fibrous for implant loaded imme-
diately after surgery (Brunski et al. 1979; Levy et al. 1996). The importance of micromotions on
fibrous tissue formation is highlighted in the study of Farron et al. (1995). Using a finite element
model of the knee, a strong correlation was found between the micromotions around a tibia plateau
calculated with and the mean thickness of the radiolucent lyses observed around prostheses implanted
into patients. The in vivo study of Jasty et al. (1997) showed that small amplitudes of micromotion
(£20 lm) have no influence on the bone healing, but amplitudes greater than 150 lm produce a
fibrous interface at a depth of 1 or 2 mm around the implant during the 6 weeks following the
implantation. Søballe et al. (1992a, b) confirmed these results and showed the reversibility of the
process.

The biological processes considered in the present study include a first phase corresponding to
the bone necrosis following the surgical procedure and a second phase of healing. The bone
necrosis occurs at a depth of a few millimeters around the implant but the bone structure is
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not significantly modified. During the healing of the bone trauma, mesenchymal stem cells
migrate in the region of the trauma and proliferate. We assume that the differentiation of these
cells depends on mechanical factors. For low micromotions, the cells differentiate into osteoblasts
(cells making bone) while for high micromotions, cells differentiate into fibroblasts (cells making
fibrous tissue). The goal of the present study is to propose a stimulus and a law of evolution to
describe the differentiation process (bone or fibrous tissue formation) at the bone–implant
interface.

The second goal of this study is to propose a numerical implementation of the fibrous tissue
formation law. Some numerical models of the bone density remodeling exist (Terrier et al. 1997;
Weinans et al. 1994), but only Weinans et al. (1990) have proposed a two-dimensional numerical
model of the fibrous tissue evolution around implants. The numerical model proposed in this study is
used to evaluate the fibrous tissue formation around an idealized hip implant.

Constitutive laws

Definition of the system

The system considered in this study is considers the tissue around the implant. During the
biological evolution, mass can be added or removed from the system. This notion of open system
was first introduced in biomechanics by Cowin and Hegedus (1976). In this study, the tissue was
considered as a bioactive composite made of bone and fibrous tissue undergoing finite defor-
mations. Following the continuum assumption, the two constituents forming the composite are
allowed to occupy the same position of physical space. In a given volume, each constituent
participate to the bulk density. A specific volume VT of the composite is the sum of the volume of
the fibrous tissue Vf and of the bone Vb. We define a new internal variable j ¼ Vf =VT as the
volume occupied by the fibrous tissue divided by the total volume. With this definition, the
density q of the body is given by:

q ¼ jqf þ 1� jð Þqb ð1Þ

where qf and qb are the densities of the fibrous tissue and of the bone, respectively. This definition
implies that for j ¼ 0 the tissue is bone and for j ¼ 1 the tissue is fibrous. Cells present into the
tissue actively modified the composition of the composite. Depending on mechanical stimuli, cells
will produce either fibrous tissue or mineralized bone. This process modifies the volume fraction j
of the composite. The evolution of j expresses then the tissue differentiation. Mass changes are
induced by this differentiation process. Mass changes are due to the presence of a blood perfusant
that brings to the cells the nutriment and the basic constituents needed to produce the matrix as
well as exports the waste cells.

With the internal variable j defined above, the strain-energy functions are given by:

W ¼ jWf þ 1� jð ÞWb ð2Þ

qx ¼ jqf xf þ 1� jð Þqbxb ð3Þ

where W is the strain energy per unit volume, and x per unit mass. Equations (2) and (3) are simple
formulations of strain-energy functions for a composite of two solids. Some assumptions on the
nature of the composite have been made. Equations (2) and (3) are obviously valid for j ¼ 0 and
j ¼ 1. For 0 < j < 1, the composite is considered as an homogenous solid having mechanical
properties proportional to the volume fraction of each of its constituents. No coupling effect between
the strain-energy functions of the two components is considered in this formulation.

A necessary and sufficient condition for existence of a solution is the quasiconvexity of the strain
energy. Unfortunately, quasiconvexity is very difficult to interpret and verify, mainly because it is a
global requirement over the entire domain of the solid (Ball 1977). For this reason, a more pragmatic
way for verifying constitutive models may be adopted. It consists of checking monotonicity of laws in
some particular situations: simple traction or simple elongation, isotropic dilatation, and simple shear
as proposed by Curnier (1994).

Law of evolution

The formulation of the stimulus driving the evolution is of central interest for the remodeling model.
Experimental studies have shown that the fibrous tissue formation is related to the micromotions at
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the bone–implant interface (Brunski et al. 1979; Farron et al. 1995; Jasty et al. 1997; Levy et al. 1996;
Søballe et al. 1992a, b). The mechanical contact between the bone and the implant is complex but it
can be decomposed into two major types of contacts. The first situation is a pure sliding contact. In
this case the micromotion is defined as the displacement of the implant relative to the bone matrix.
The second situation is a perfectly bounded contact. In this case the micromotions correspond to the
deformation of the bone matrix at a certain depth around the implant (Fig. 1). The two different types
of contact may probably occur simultaneously in different regions of the interface in clinical situation.
The hypothesis chosen in this study is that the deformation of the bone matrix is the stimulus of the
tissue differentiation. Since the principal mode of deformation is shear, the shear strain in the tissue is
chosen as tissue differentiation stimulus. This type of stimulus was already proposed by Carter et al.
(1988, 1998) and used to study tissue differentiation (Giori et al. 1995).

The general mathematical formulation of the stimulus is based on the decomposition of the right
Cauchy–Green tensor C into a purely volumetric contribution and a purely distortional contribution.
According to ideas which go back to Flory (Flory, 1961), we may perform a multiplicative decom-
position of C into a dilatational part Cvol and a volume preserving part Cisoðdet Ciso � 1Þ. Thus,

C ¼ Cvol Ciso ; ð4Þ

where

Cvol ¼ J2=3I

Ciso ¼ J�2=3C ;
ð5Þ

Where I denotes the second-order identity tensor.
With this definition, we perform the deviatoric projection, proposed by Holzapfel, and calculate the
deviatoric stress in the finite strain domain (Holzapfel 2000). A general form of stimulus in the finite
strain theory is, for example, a scalar function of the first and second invariants of Ciso according to

e ¼ êe trCiso; trC2
iso

� �
ð6Þ

This function e corresponds to the shear strain in the tissue and represents the tissue differentiation
stimulus. With this definition of the remodeling stimulus, the law defining the evolution of the tissue is
given by the following differential equation:

dj
dt
¼ �mðj�MðeÞÞ ð7Þ

where m determines the rate of the biological evolution and MðeÞ is the driving function defined in
Fig. 2. This function is introduced to account for the thresholds of the biological process. For shear
strain lower than emin the driving function value is 0 (evolution in the direction of bone formation)
and for shear strain greater than emax the function value is 1 (evolution in the direction of a fibrous
tissue). emin and emax are the octahedric strains in the material corresponding to the experimentally
observed micromotions of 20 lm and 150 lm respectively.

Fig. 1a, b. Details of the bone/implant interface. a
represents a situation of pure sliding at the in-
terface; b represents the same global micromotion
D with an interface perfectly bonded. In the case
b, the bone matrix and the cell in the bone matrix
are deformed. This deformation is the stimulus
considered in this study
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Conservation laws

Balance of mass
For classical solids, the mass m is conserved during the deformation process. This is not true in the
present case, the mass variation is due to the adaptive process. The rate of change of the mass m in the
volume uðXÞ in the deformed configuration is given by:

dm

dt
¼ d

dt

Z

uðXÞ
qdx ¼

Z

uðXÞ

dq
dt
þ qdiv v

� �
dx ð8Þ

where the mapping u: y ¼ u(x) describes the deformation, v is the spatial velocity field and div (�)
denotes the spatial divergence of (�). The rate of change of the mass is equal to the rate of mass supply
_CC due to the biological process, i.e.

dq
dt
þ q div v ¼ _CC ð9Þ

Conservation of linear momentum
The classical balance equation for momentum must be modified to include these mass transfers. The
balance of the linear momentum of the volume uðXÞ is given by:

q
dv

dt
þ _CC~vv ¼ div T þ qb ð10Þ

where T is the Cauchy stress tensor and b is the body force per unit mass.
The left hand side of (10) represents the rate of change of the linear momentum qv, while the right
hand side corresponds to the sum of the external forces. A new internal force _CC v appears. This force
expresses the change of linear momentum caused by the mass apposition during the evolution.

Conservation of angular momentum
The rate of change of the angular momentum is balanced by the momentum of the external forces. In
case of mass transfer, this relation results in the symmetry of the stress tensors

T ¼ TTand S ¼ ST ð11Þ

where S is the second Piola–Kirchhoff tensor defined as T ¼ J )1FS FT with F the deformation gradient,
and J ¼ detF.

Energy conservation
The total rate of change of the energy (internal and external) balances the total supply of energy
through external forces (contact and volume) and the energy supply through the mass supply

Fig. 2. Definition of the driving function MðeÞ
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q
de

dt
¼ S: _EE � _CC eþ~vv

2

2

� �
ð12Þ

where E is the Green-Lagrange strain tensor. Within a thermodynamic regime incorporating thermal
variables such as h and g, the introduced strain-energy function (eq. (3)) is commonly referred as the
Helmhotz free-energy function. Thus, a Legendre transformation gives (Holzapfel, 2000):
The first term at the right hand side of (12) is the stress power, while the second term corresponds to
the energy transfer due to mass apposition or removal from the system during the biological evo-
lution. If the mass of the system is constant, the equation reduces to its classical form.

Thermodynamic restrictions

The second law of thermodynamics states that the entropy production is always positive or equal to
zero:

hq
dg
dt
þ hg _CC � 0 ð13Þ

where g is the specific entropy of the composite and h its temperature.

x ¼ e� hg ð14Þ

and, by using (12) the entropy inequality becomes:

�q
dx
dt
� _CC xþ v2

2

� �
þ S: _EE � 0 ð15Þ

The second term in (15) represents the part of the energy transfer due to the mass change that does
not contribute to the entropy production.

Quasi-static approximation

Next we discuss the quasi-static approximation. This assumption for deformation that occurs cor-
responds to a v! 0, which simplifies the equations of conservation. The balance of mass (Eq. 9)
reduces then to:

dq
dt
¼ _CC ¼ qf � qb

� � dj
dt

ð16Þ

where the last equality is obtained by introducing the definition of the density q (Eq. 1). The balance
of linear momentum (Eq. 10), and the conservation of energy (Eq.12) become:

divT ¼ 0 ð17Þ

q
de

dt
¼ S: _EE � e qf � qb

� � dj
dt

ð18Þ

where, without loss of generality, also the body force b was omitted in Eq. (17). The last term on the
right hand side of (18) corresponds to the internal energy produced by mass changes associated with
the biological activity.

With the quasi-static approximation, the second law of thermodynamic becomes:

c ¼ cmec þ cbiol � 0 ð19Þ

cmec ¼ S� q
@/
@E

� �
: _EE ð20Þ

cbiol ¼ qb � qf

� �
x� q

@x
@j

� �
dj
dt

ð21Þ

where cmec is the expression for the entropy production during the mechanical deformation of a solid
and cbiol represents the entropy production due to the biological process.
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For, an isothermal elastic process we have then:

S ¼ q
@x
@E

ð22Þ

cbiol � 0 ð23Þ

Expression (22) corresponds to the classical expression for the stress tensor derived from the strain-
energy function. The relation (23) induces an apparent paradox. Biological processes tend towards
order and structure inducing a negative entropy production. However, biological systems are open, so
the production of negative entropy is localized on a limited region of the system. The global entropy
production due to the biological activity is then positive. This is due to the interaction of the biological
part of the system with the rest of the universe. The relation (23) expresses the direction of the
biological evolution.

Applications to orthopedic situations

Numerical algorithm

Simulation of orthopedic situations have to incorporate complex geometries, such as bone or im-
plants, as well as complex loading conditions. Numerical methods are the only means for handling this
kind of problems. The present adaptation model is based on two types of equations. First the me-
chanical equilibrium Eqs. (17) and (11) that define a boundary value problem, and second the bone
evolution Eq. (7) that describes an initial-value problem. Since the characteristic time of the adap-
tation process is much higher than the characteristic time of the deformation, the equations of
equilibrium are the same as for classical materials. Usual methods for solving these equations may be
used. In this study we used the commercial package ABAQUS Standard/5.8-1. The resolution of the
initial-value problem is based on a modified Runge–Kutta method with an adaptation step size control
proposed by Cash and Karp (Press et al. 1993). A schematic description of the numerical procedure
used is presented in Fig. 3 We confirmed the results given in Press et al. (1993) that this method is
roughly a factor of two more efficient than algorithms based on step doubling.

Mathematical expression of the stimulus

The exact expression of the function e defined in Eq. (6) is not known. For this reason we limit
ourselves to the infinitesimal approximation of the octahedral shear strain i.e.

e ¼ tr E2
� �

� 1

3
trEð Þ2

� �1=2

ð24Þ

The choice of this function has no influence on the general theoretical framework presented here for
the tissue differentiation. Evaluation of different mathematical expressions of the stimulus is outside
the scope of this study. Nevertheless, the stimulus chosen here and defined in Eq. (24) must corre-
spond to (6) for infinitesimal strains, which is the case as long as the mechanical properties of the
tissue correspond to bone and the strain remains moderate.

Identification of the model parameters

The first part of the identification is the determination of the strain-energy functions for the bone and
the fibrous tissue. The strain-energy function chosen has the same form for the two materials and is
given by Curnier (1994):

Wf ;b ¼ kf ;bðJ � 1� lnðJÞÞ þ lf ;btrE2 ð25Þ

With (25) and Eq. (2) the strain-energy function of the composite becomes:

W ¼
h
jkf þ ð1� jÞkb

ih
J � 1� lnðJÞ

i
þ jlf þ ð1� jÞlb

h i
trE2 ð26Þ

where k and l are the Lamé constants and J ¼ detF is the determinant of the deformation gradient F.
There is a one-to-one relationship between the two Lamé constants, and the Young’s modulus and the
Poisson’s ratio. This strain-energy function is admissible in the sense of the definition given
previously as long as k > l/12. The advantage of the present law is its stable behavior for large
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compression strains. In this model, a good behavior of the bone during compression is needed
because the composite may undergo significant strains when the bone-tissue fraction is small. The
material Young’s modulus and the Poisson’s ratio of bone are well defined (Hayes 1991; Reilly et al.

Fig. 3. Schematic description of the numerical algorithm used. The resolution of the initial-value problem was based
on a modified Runge–Kutta method. This method required six resolutions of the initial-value problem for each time
step dt with the problem geometry and boundary conditions. The coefficients bij, ci and c?i may be found in Press et al.
(1993). The parameter S is a safety factor limiting the risks of failure of the integration for a given step. In this study S
was set to 0.9, the value of the precision criterion D0 was set to 10)2 and the final time tf to 2 months

245



1974; Rice et al. 1988). For the fibrous tissue, kf and lf are obtained by fitting the stress–strain law
derived from relation (25) to experimental data (Hori and Lewis 1982).

The model also includes three parameters for the law of evolution (7), the evolution rate m and the
two thresholds emin and emax. In order to determine these parameters, an axisymmetric finite element
(FE) model was developed with the same geometry and loading conditions as the experiment of Jasty
et al. (1997). The three parameters are varied until we obtained the same thickness of fibrous tissue as
Jasty et al. for micromotions of 20 lm and 150 lm after 3 weeks of evolution. The identification gives:
emin ¼ 2.3 10)3, emax ¼ 8.2 10)3 and m ¼ 5 weeks)1.

Application to an idealized model of the hip implant system

The hip is modeled as a hollow cylinder with a metal prosthesis in its central part. The bone geometry
was axisymmetric but the model was reconstructed three-dimensionally. The model includes 1800
eight-node hexahedral elements and account for about 8000 degrees of freedom. The bone was divided
into two regions, the cortical bone outside and the cancellous bone inside (in contact with the
prosthesis). To precisely determine the bone–fibrous tissue interface, the mesh was refined in the
region around the implant. The loading conditions were asymmetric and corresponded to a mo-
mentum on the superior part of the prosthesis with the base of the external cylinder fixed (Fig. 4). The
mechanical properties of the cancellous bone were dependent on the relative density /. Three different
initial densities were investigated: / ¼ 0.14, 0.12, and 0.10. A density / ¼ 0.14 corresponds to a
healthy cancellous bone (E ¼ 294 MPa) while a density of / ¼ 0.10 corresponds to half of the me-
chanical properties of the healthy bone (E ¼ 150 MPa). The prosthesis was assumed to be in contact
with the cancellous bone. The coefficient of friction was set to l ¼ 0.6.

Numerical results are shown in Fig. 5. The state of the evolution after 8 weeks strongly depended on
the initial bone density. For a healthy initial bone density, only a limited propagation of the fibrous
tissue was observed in the proximal part of the bone. For lower initial density, the extent of the fibrous
tissue around the implant increased and a thick fibrous membrane was present around the implant.
The thickness of the fibrous tissue was not constant all around the implant. There was no fibrous
tissue in the upper left and lower right part of the interface. The mean thickness of the fibrous tissue
was about 1.5 mm (Fig. 5). Results showed also that the fibrous formation has a wave-like propagation
mode (Fig. 5). This is also apparent on Fig. 6 with the temporal evolution of some nodes chosen in the
cancellous bone around the implant. Some regions of the bone became fibrous during the week
following the loading. For other regions, the fibrous formation started at a later stage of the evolution
while for some regions the tissue was fibrous for a limited time period during the evolution. When the
model was unloaded, the tissue returned to bone at the same speed for all the regions.

Discussion

A model of tissue differentiation at the bone–implant interface was proposed. The conservation
equations showed that the deformation of the solid composite may be calculated using the classical
methods used in continuum mechanics. This important result is due to the very different charac-
teristic time involved in the biological process. The characteristic time of the deformation is the
minute whereas the characteristic time of the tissue remodeling is the week.

Fig. 4. Axisymmetric model of the hip with the boundary
conditions. The model was reconstructed three-di-
mensionally, and mesh was generated with 8-node hexa-
hedral elements. Mechanical properties used for the
prosthesis and the bone are given in the figure, where E is
the Young modulus and m the Poisson’s ratio. Mechanical
properties of the cancellous bone depended on the square
of the relative density of the bone / with E0 ¼ 15 GPa (E =
294 MPa for / ¼ 0:14 and E = 150 MPa for / ¼ 0:10)
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The application of the remodeling algorithm to the model of the hip gives results in agreement with
clinical observations. The model geometry was simplified but the size of the bone and of the implant
was chosen to be realistic as well as the boundary conditions. The different initial density of the
cancellous bone was chosen to reflect different initial bone quality or patient bone stock. A relative
density of / ¼ 0.14 corresponds to healthy cancellous bone present in young persons and a relative
density of / ¼ 0.10 corresponds to poor bone quality for example due to osteoporosis (Jones et al.
1987). Results showed that healthy initial bone quality provided a good initial stability. In this case,
only little fibrous formation was observed, which is in agreement with experimental observations

Fig. 5a, b. Evolution of the fibrous tissue at the bone–implant interface. a Results of the evolution after 8 weeks
for different initial cancellous bone density; b temporal evolution of the interface for / ¼ 0.14

Fig. 6. Temporal evolution of different nodes in the cancellous bone around the prosthesis in the case / ¼ 0.10.
From t = 0 to t = 8 weeks the load was applied on the upper part of the prosthesis and then the load was removed
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(Brunski et al. 1979; Levy et al. 1996). For poor initial bone quality (/ ¼ 0.10), the thickness of the
fibrous tissue predicted with the present model as well as the time needed to produce this fibrous
tissue are similar to the values reported by Cook et al. (1988) for prosthesis retrieved from old
patients.

The application of the model proposed here has some interesting results related to the temporal
evolution of the fibrous interface. The first observation is that the fibrous tissue was only observed in
the bone in contact with the prosthesis. This is an important point since in the model all the cancellous
bone around the implant has the potential to be transformed into a fibrous tissue. The second
observation is that the propagation of the fibrous interface is similar to the propagation of a cracks
along the bone–implant interface. This can be explained by the important difference of the mechanical
properties of the fibrous tissue and of the cancellous bone. When a region becomes fibrous, the
adjacent bone section supports the load. This provokes a significant strain in this bone section, which
in turn becomes fibrous.

For the long-term evolution, there is a fibrous membrane on almost half of the prosthesis in the
case of a low initial bone density. Bone is present in the upper left and lower right regions. This is
not in complete agreement with the clinical observations of a fibrous encapsulation around all of the
prosthesis. Two reasons may explain this discrepancy. First, the contact law does not take into
account tensile forces. This implies that when there is no more contact, no strain is generated
within the bone matrix. It seems reasonable to assume that the bone–implant interface supports
some tensile forces. The second reason is that only one loading condition is represented here. In
real situations, the implant is submitted to many different loading conditions representing different
daily activities.

The formulation of the mechanical stimuli is of central interest for any remodeling models. The
present stimulus was chosen to reflect what the cells feel. Recent work on bone cells in vitro (Pioletti
et al. 2003) shows that mechanically stimulated osteoblasts have completely different gene expres-
sion than non-stimulated osteoblasts, with bone mineralizing factors being down-regulated. This
indicates that the deformation of the cells may lead to non-mineralized bone and then to the
formation of a fibrous tissue. Another important point is that the cells in contact with the prosthesis
at the bone surface are not able to support all the deformation. A cell with a typical size of 10 lm is
not able to support the shear strain induced by a micromotion of 150 lm. The strain would be too
high damaging the cell. These two points confirm the hypothesis chosen here that the stimulus of
differentiation is the deformation of the matrix around the implant, which in turn induces the
deformation of the cells present into this matrix. Other mathematical expressions of the stimulus
may be used in the same theoretical framework. For example, a formulation of the stimulus cor-
responding to the octahedric shear strain in finite deformation would be an improvement of the
model.

This model may be useful for a better understanding of the processes of failure of orthopedic
implants. A typical application of the model will be for designing new implants that minimize the
formation of fibrous tissue.
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