
Mechanobiology of soft skeletal tissue differentiation—

a computational approach of a fiber-reinforced poroelastic

model based on homogeneous and isotropic simplifications

E. G. Loboa, T. A. L. Wren, G. S. Beaupré, D. R. Carter

Abstract The material properties of multipotent mesenchymal tissue change dramatically during the
differentiation process associated with skeletal regeneration. Using a mechanobiological tissue dif-
ferentiation concept, and homogeneous and isotropic simplifications of a fiber-reinforced poroelastic
model of soft skeletal tissues, we have developed a mathematical approach for describing time-
dependent material property changes during the formation of cartilage, fibrocartilage, and fibrous
tissue under various loading histories. In this approach, intermittently imposed fluid pressure and
tensile strain regulate proteoglycan synthesis and collagen fibrillogenesis, assembly, cross-linking, and
alignment to cause changes in tissue permeability (k), compressive aggregate modulus (HA), and tensile
elastic modulus (E). In our isotropic model, k represents the permeability in the least permeable
direction (perpendicular to the fibers) and E represents the tensile elastic modulus in the stiffest
direction (parallel to the fibers). Cyclic fluid pressure causes an increase in proteoglycan synthesis,
resulting in a decrease in k and increase in HA caused by the hydrophilic nature and large size of the
aggregating proteoglycans. It further causes a slight increase in E owing to the stiffness added by newly
synthesized type II collagen. Tensile strain increases the density, size, alignment, and cross-linking of
collagen fibers thereby increasing E while also decreasing k as a result of an increased flow path length.
The Poisson’s ratio of the solid matrix, ms, is assumed to remain constant (near zero) for all soft tissues.
Implementing a computer algorithm based on these concepts, we simulate progressive changes in
material properties for differentiating tissues. Beginning with initial values of E=0.05 MPa, HA=0 MPa,
and k=1·10–13 m4/Ns for multipotent mesenchymal tissue, we predict final values of E=11 MPa,
HA=1 MPa, and k=4.8·10–15 m4/Ns for articular cartilage, E=339 MPa, HA=1 MPa, and k=9.5·10–16

m4/Ns for fibrocartilage, and E=1,000 MPa, HA=0 MPa, and k=7.5·10–16 m4/Ns for fibrous tissue.
These final values are consistent with the values reported by other investigators and the time-dependent
acquisition of these values is consistent with current knowledge of the differentiation process.

1
Introduction and background
During skeletal development and regeneration multipotent mesenchymal tissue can differentiate into a
variety of skeletal tissues including bone, cartilage, fibrocartilage, and fibrous tissue. The type of tissue
that is formed depends on the cells available, the chemical environment, and the imposed mechanical
stimuli. In a regenerating skeletal site that favors osteogenesis, intramembranous bone will form
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directly from the early multipotent mesenchymal tissue at the site, provided that the locally imposed
cyclic mechanical forces are small. If significant compressive or tensile forces are present, however,
cartilage, fibrocartilage, or fibrous tissue will be formed (Carter and Beaupré 2001). Using idealized,
single phase constitutive models, previous investigators in our laboratory have proposed a semi-
quantitative tissue differentiation concept relating cyclic hydrostatic stress and tensile strain to the
formation of bone, cartilage, fibrous tissue, and fibrocartilage (Carter and Giori 1991; Giori et al. 1995;
Carter et al. 1998; Carter and Beaupré 2001). We proposed that cartilage forms under excessive
hydrostatic compressive stress, fibrous tissue forms with excessive tensile strain, and fibrocartilage
forms with combined hydrostatic pressure in the presence of tensile strain. These ideas are consistent
with the views of Pauwels (1980) and Claes and Heigele (1999).

We now expand these concepts to incorporate a constitutive model based on a fiber-reinforced,
poroelastic representation of soft tissue (Li et al. 1999; Li et al. 2000) to describe the time-dependent
differentiation of multipotent mesenchymal tissue. The controlling mechanical parameters are the
imposed intermittent tensile strain and the locally generated cyclic fluid pressure (Fig. 1). Using this
new constitutive model with an extended tissue differentiation concept, we create a computational
model to describe the time-dependent changes in material properties of differentiating soft skeletal
tissues in homogeneous strain states (Table 1, Fig. 2). The time-dependent material property changes
are coupled conceptually to representations of the compositional changes in proteoglycans and col-
lagen in the tissues. We do not attempt to model time-dependent changes associated with intra-
membranous bone formation. Our attention here is directed only at those loading histories that would
lead to the formation of soft skeletal tissues, i.e., cartilage, fibrous tissue, and fibrocartilage.

Previous computational analyses of tissue differentiation have modeled tissue as either a linearly
elastic, single phase (Carter et al. 1998; Carter et al. 2000; Claes and Heigele 1999; Meroi and Natali

Fig. 1. Semi-quantitative tissue differ-
entiation theory relating mechanical
loading history to tissue phenotype.
Mechanical loading history can be
defined in terms of solid matrix tensile
strains and fluid pressures in a fiber-
reinforced poroelastic model. ‘‘Tension’’
on x axis corresponds to negative fluid
pressure

Table 1. Mechanobiological effects of cyclic tensile strain and fluid pressure on material properties of
differentiating tissue (tensile elastic modulus E, permeability k, and aggregate modulus HA)

Mechanical
stimulus

Physical
mechanism

Physical effect Effect on material
properties

Reference

Cyclic tensile
strain �

Collagen I synthesis,
assembly, cross-
linking, alignment

Increased number, density, size,
stiffness, cross-linking,
alignment of type I collagen fibers

E increases via _EE� Fig. 3a; Eq. 4

Increased flow path length caused
by increased fiber size
and packing density

k decreases via qE Fig. 5; Eq. 8

Cyclic fluid
pressure p

Collagen II
synthesis

Increased matrix stiffness caused
by increased collagen content

E increases via Ef,p Fig. 3b; Eqs. 5
and 6

Increased flow path length caused
by increased collagen content

k decreases via qE Fig. 5; Eq. 8

Proteoglycan
synthesis

Increased binding of water
and packing of aggregates

k decreases via _kkp Fig. 4; Eq. 7
HA increases Fig. 3c
E increases via HA Eqs. 5 and 6

Increased flow path length caused
by increased size and denser
packing of aggregates

k decreases via qE Fig. 5; Eq. 8
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1989) or linear biphasic (Huiskes et al. 1997; Prendergast et al. 1997; Wren et al. 2000) material.
Although linear elastic models can approximate biphasic models at short time intervals (t=0+) (Brown
and Singerman 1986; Higginson and Snaith 1979) at slow loading rates a poroelastic or biphasic model
may be more appropriate.

Poroelastic models are based on the consolidation theory developed by Biot to describe soil
settlement under load through the process of ‘‘squeezing water out of an elastic porous medium’’
(Biot 1941). Biot’s initial theory assumed material isotropy. Later refinements included anisotropic
and transversely isotropic materials (Biot 1955). These theories have been implemented as poro-
elastic constitutive models of soft skeletal tissues (Atkinson et al. 1997; Li et al. 1999; Wren et al.
2000).

Biphasic models based on the linear KLM theory (Mow et al. 1980) are also commonly used to
model cartilage and other soft skeletal tissues (Joshi et al. 1995; Mow et al. 1980; Prendergast et al.
1997; Soltz and Ateshian 1998). The mathematical implementation and solution of the linear biphasic
approach are identical to that of the poroelastic approach when incompressibility is assumed
(Levenston et al. 1998). A linear poroelastic or biphasic material model can be characterized by three
material properties: the compressive aggregate modulus (HA), the Poisson’s ratio of the drained solid
matrix (ms), and the permeability (k). As is common in linear poroelastic models, the fluid phase is
assumed to be incompressible with a Poisson’s ratio equal to 0.5. Experiments have been conducted to
determine the values for these parameters in cartilage (Ateshian et al. 1997; Brown and Singerman
1986; Soltz and Ateshian 2000), fibrocartilage (Haridas et al. 1998; Joshi et al. 1995), and fibrous tissue
(Haridas et al. 1998; Weiss et al. 2000). Experimental values have not yet been determined for
differentiating multipotent mesenchymal tissue.

Fig. 2. Flowchart describing tissue differentiation algorithm used in the simulations
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As multipotent mesenchymal tissue differentiates, it experiences changes in both its tensile and
compressive properties. In this study, we track material property adaptations of mesenchymal tissue
as it differentiates into both fibrous and chondroid tissue and are therefore interested in both tensile
and compressive properties. To accomplish this, we implement a fiber-reinforced poroelastic model of
mesenchymal tissue that incorporates the effects of collagen fiber reinforcement in a fluid-saturated,
proteoglycan solid matrix. Our approach is based on recent analyses by other investigators who have
modeled cartilage using fibril reinforced poroelastic (Li et al. 1999; Li et al. 2000) and fibril reinforced
biphasic (Soulhat et al. 1999) models. Such fibril reinforced biphasic and poroelastic models of
articular cartilage attempt to capture experimentally observed tension–compression nonlinearities
in cartilage, a behavior that has been difficult to describe using a biphasic model alone (Li et al. 1999).
These constitutive models are described using four material properties: tensile elastic modulus (E),
compressive aggregate modulus (HA), permeability (k), and the solid matrix Poisson’s ratio (ms).
In this study, we simulate time-dependent changes in three of these material properties during
mesenchymal tissue differentiation using an isotropic model: E, HA, and k. The values of ms derived
from biphasic analyses of indentation experiments in cartilage are close to zero (Athanasiou et al.
1991; Jurvelin et al. 1997; Mow et al. 1989; Mow et al. 1991). We expect similar behavior for multi-
potent mesenchymal tissue and assume that the value of ms is constant and equal to zero for all soft
tissues under consideration here.

It has been shown that both proteoglycan (Gu et al. 1999; Roughley and Lee 1994) and collagen fiber
content (Chen et al. 1998; Weiss et al. 2000) affect the permeability of a tissue. Proteoglycan aggre-
gates, because of their large size and hydrophilic nature, decrease k (Mansour and Mow 1976).
Increased collagen fiber content further decreases k through increased fiber size and density resulting
in an extended flow path length for fluid to traverse (Chen et al. 1998; Weiss et al. 2000). The collagen
fiber content also affects E with increases in fiber content, size, cross-linking, and alignment resulting
in corresponding increases in E (Wren et al. 1998; Wren and Carter 1998).

Changes in collagen and proteoglycan content can occur in response to mechanical loading. Pre-
vious investigators have found that type I collagen fibrillogenesis is up-regulated by fibroblasts ex-
posed to cyclic tensile strain (Howard et al. 1998). This leads to a corresponding increase in fiber size
with fiber alignment along the direction of tensile strain (Ilizarov 1989). Other investigators have
found that both proteoglycan and type II collagen synthesis are up-regulated by chondrocytes exposed
to cyclic hydrostatic pressure (Smith et al. 1996). The increased aggrecan content associated with
hydrostatic pressure can increase HA and greatly reduce k while the type II collagen fibrils provide a
slight increase in E. The increase in E from an up regulation of type II collagen, however, is much less
than that associated with an increase in the types of collagen that exist in other soft skeletal tissues,
e.g., type I collagen in fibrous tissue and fibrocartilage. This is due to the small size of type II collagen
fibrils, their apparent inability to form fibers, and their more random orientation (Roth and Mow
1980).

In this study, we propose relationships linking changes in the material properties of multipotent
mesenchymal tissue to mechanical loading based on the concepts described above. In this approach,
fluid pressure and tensile strain regulate changes in k, HA, and E in differentiating tissue through their
effects on proteoglycan synthesis and collagen fibrillogenesis, assembly, alignment and cross-linking.
We perform our simulations using an isotropic simplification with k representing the permeability in
the least permeable direction (perpendicular to the fibers) and E representing the tensile elastic
modulus in the stiffest direction (parallel to the fibers). HA is equal in all directions. The input tensile
and fluid stresses, initial constitutive properties of the regenerating tissue, and parameters describing
the differentiation are determined from various experimental data obtained from the literature. The
results of our simulations are compared to other investigators’ experimental results for E, HA, and k of
cartilage, fibrocartilage, and fibrous tissue.

2
Methods
We begin with a general description of our algorithm followed by specific explanations for each of
its components. After providing these explanations, we describe the parameter values used in our
simulations.

In this time-dependent algorithm, we predict and track changes in E, HA, and k of idealized
mesenchymal tissue exposed to mechanical loading (Table 1, Fig. 2). We begin by specifying an initial
tensile elastic modulus (Emes=E� at time t=0), aggregate modulus (HA,mes=HA at time t=0), and
permeability (kmes=kp at time t=0) for mesenchymal tissue. For a time step Dt, we specify the daily
levels of cyclic tensile stress (r) and fluid pressure (p) experienced by the differentiating tissue as a
result of mechanical loading.
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Input values of r are used to calculate daily tensile strains. Daily tensile strains provide the stimulus
for changes in E. Mikic and Carter previously defined a daily strain stimulus (Mikic and Carter 1995):

n ¼
X

day

niD�eem
i

2
4

3
5

1=m
�������

per day

ð1Þ

where ni is the number of load cycles of type i, �eei is the cyclic strain range of the energy equivalent
strain for load type i, and m is an empirical constant. We may simplify this expression by assuming
that this stimulus is dominated by a single load case representing a nominal peak cyclic daily strain
(Wren et al. 1998). We further assume that the strain magnitude affects the stimulus to a much greater
degree than the number of load cycles, i.e., m is large (Wren et al. 1998). The daily strain stimulus thus
reduces to

n � D�ee per day

�� ¼ e per day

�� ð2Þ

assuming that the minimum cyclic tensile strain is zero. Peak cyclic daily strain � is therefore used in
place of n in subsequent discussion of the algorithm. As a first approximation, we assume linear elastic
tensile constitutive behavior to calculate � as a function of r and E:

e ¼ r=E: ð3Þ

This strain determines the rate of modulus change _EE� caused by tensile strain (Fig. 3a), occurring as
a result of increased collagen fiber size, density, alignment, and cross-linking (Wren et al. 1998). The
fiber-dependent rate of modulus change is then used to update the strain-dependent component of the
tensile modulus:

Ee t þ Dtð Þ ¼ Ee tð Þ � _EEeDt ð4Þ

The applied fluid pressure further modifies the tensile elastic modulus. Increased fluid pressure
increases type II collagen synthesis leading to a slight increase in E via the pressure-dependent
component of the tensile modulus associated with collagen fiber content, Ef (Fig. 3b). Pressure also
increases proteoglycan synthesis, causing a corresponding increase to the aggregate modulus, HA

(Fig. 3c). We combine these effects to determine the pressure-dependent component of the tensile
elastic modulus:

Ep ¼ Ef þ HA ð5Þ

then calculate the total tensile modulus, E, at each time step by including both the tensile strain (Eq. 4)
and fluid pressure (Eq. 5) components:

E ¼ Ee þ Ep ð6Þ

The fluid pressure stimulus further determines the proteoglycan-dependent rate of permeability
change _kkp (Fig. 4) used to update the pressure-dependent component of the permeability kp at each
time step

kp t þ Dtð Þ ¼ kp tð Þ þ _kkpDt ð7Þ

Once we have determined the permeability component that depends on fluid pressure, we account
for the effect of flow path length (Fig. 5a) using a weighting factor, qE (Fig. 5b). We then calculate the
total permeability

k ¼ kpqE ð8Þ

The values of E, HA, and k are always limited to values between specified upper and lower bounds.
These bounds are phenomenological limits derived from other investigators’ experimental findings for
E, HA, and k of various soft skeletal tissues (Table 2).

Once HA, E and k are updated, we proceed to the next time step. An explanation of the stress inputs
and a characterization of the relationships defining the effects of those stresses on material property
adaptations of the differentiating tissue will complete our description of the algorithm.

2.1
Mechanobiological relationships and parameter values
This section describes how the mechanobiological curves (Figs. 3, 4, and 5b) were created to
describe adaptation of E, HA, and k in response to changes in tensile strain (�) and fluid
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pressure (p). Parameter values were determined from experimental data in the literature (Table 2).
The data come from various fibrous, cartilaginous, and fibrocartilaginous tissues from several
species.

Fig. 3. Mechanobiological components
of: a the rate of tensile elastic modulus
change caused by tensile strain; b tensile
elastic modulus change caused by
fluid pressure; c aggregate modulus
change caused by fluid pressure.
_EE�,max=5.0 MPa/day, �1,crit=0.015,
�2,crit=0.03, �3,crit=0.04, Ef,max=5 MPa,
and p2,crit=2.5 MPa (Table 2)

Fig. 4. Mechanobiological components
of the rate of permeability change
caused by fluid pressure.
p1,crit=0.013 MPa, p2,crit=2.5 MPa, and
_kkp;max=1.5·10)15m4/Ns/daymax (Table 2)
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2.1.1
Rate of change of E caused by �
The curve in Fig. 3a is based on work previously performed by Wren et al. (1998) to describe loading-
dependent adaptations in the tensile elastic moduli of tendons and ligaments. Tensile strain stimulus
values between 1.5% and 3% (�1, crit and �2,crit) provide for tissue homeostasis. Physiologic tendon and
ligament (Beynnon et al. 1992; Wren et al. 1998), articular cartilage (Akizuki et al. 1986), and fibro-
cartilage (Spilker et al. 1992) tensile strains are within this range. Strains above this magnitude cause
an increase in _EE�, and strains below cause a decrease in _EE�. The more extreme the tensile strains, the
quicker the modulus changes with maximum rates of change ±_ _EE�, max. The critical strain values (�1,crit,
�2,crit, and �3,crit) and the maximum rates of modulus increase and decrease ( _EE�, max, ) _EE�, max) equal the
values used by Wren et al. (1998). These values are based upon other investigators’ experimental
findings of how quickly collagen fibers can form, assemble, align, and cross-link.

2.1.2
Changes in E and HA as a function of p
In determining the total change in tensile modulus, we also include a fluid pressure component
(Fig. 3b and c, Eq. 5). It has been experimentally shown in vitro that intermittent fluid pressure causes
chondrocytes to synthesize type II collagen (Smith et al. 1996). Assuming a similar effect during tissue
differentiation, we account for an increase in E associated with an increase in type II collagen fib-
rillogenesis stimulated by fluid pressure (Ef, Fig. 3b). Type II collagen is most prevalent in articular

Fig. 5. a Idealized representation of increased
collagen fiber size and density causing an increase
in flow path length; b calculation of qE, a
dimensionless parameter multiplied by kp in order
to incorporate the effect of flow path length on
permeability perpendicular to collagen fiber
orientation (Eq. 8)

Table 2. Parameter values used in the simulations

Parameter Value Relevant figure/equation Reference(s) used for value calculations

Emes (=E�, min) 0.05 MPa Fig. 2 (1)
HA, mes (=HA, min) 0.0 MPa Fig. 2 n/a
kmes (=kmax) 1·10)13m4/Ns Fig. 2 (2)
_EE�, max 5.0 MPa/day Fig. 3a/Eq. 4 (3)
�1, crit 0.015 Fig. 3a (3), (4)
�2, crit 0.03 Fig. 3a (3), (4), (5)
�3, crit 0.04 Fig. 3a (3)
Ef, max 5 MPa Fig. 3b (4)
E�, max 1500 MPa Figs. 2, 5b/Eq. 3 (3), (6)
HA, max 1 MPa Fig. 3c (7)
_kkp;max 1.5·10)15m4/Ns/day Fig. 4/Eqs. 7and 9 (8)
p1, crit 0.013 MPa Fig. 4 (9), (10)
p2, crit 2.5 MPa Figs. 3b, c, 4 (11)
kp, min 5·10)15m4/Ns Figs. 2, 4 (12), (13)
kmin 5·10)18m4/Ns Figs. 2, 4, 5 (3), (6), (12), (13), (14)
qE e)0.0049·E Fig. 5b/Eq. 8 (14)

(1) Perren and Cordey (1980); (2) Haridas et al. (1998); (3) Wren et al. (1998); (4) Akizuki et al. (1986); (5) Spilker
et al. (1992); (6) Derwin et al. (1994); (7) Ateshian et al. (1994); (8) Kember and Sissons (1976); (9) Klein-Nulend
et al. (1987); (10) Evanko and Vogel (1990); (11) Hodge et al. (1989); (12) Lai and Mow (1980); (13) Mansour and
Mow (1976); (14) Weiss et al. (2000); n/a=not applicable
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cartilage, which has a tensile modulus of 5–50 MPa (Akizuki et al. 1986). The tensile modulus of
articular cartilage varies as a function of its depth. The superficial zone is exposed to the highest
tensile strains and has the highest tensile modulus. The middle and deep zones, however, are exposed
predominantly to fluid pressure with very little tensile strain and have the lowest tensile modulus.
Therefore, to account for the effects of fluid pressure alone on type II collagen fibrillogenesis, we chose
a value for Ef,max of 5 MPa for fluid pressures equal to or greater than 2.5 MPa (p2,crit). The threshold
pressure value of 2.5 MPa represents a nominal level of peak physiologic contact pressures in articular
cartilage during normal daily activities such as walking (Hodge et al. 1989).
It has been shown that intermittent fluid pressure causes chondrocytes to up-regulate proteoglycan
synthesis (Smith et al. 1996). To account for the dense packing of aggregates and resulting stiffening
that may occur with increased proteoglycan synthesis during tissue differentiation, we calculate the
aggregate modulus as a function of fluid pressure (HA, Fig. 3c). We chose an upper bound of 1 MPa
for HA (Fig. 3c) based on other investigators’ reported results of 1 MPa for the aggregate modulus of
articular cartilage (Ateshian et al. 1994; Liu et al. 1997). The aggregate modulus of mesenchymal tissue
is unknown. As a first approximation, we assigned an initial value of 0 MPa for HA,mes (Figs. 2, 3c)
based on the assumption that the proteoglycan content of mesenchymal tissue is minimal compared to
articular cartilage. Because the denser packing of proteoglycans may contribute slightly to the elastic
modulus, we add HA to Ef to obtain the total pressure-dependent tensile elastic modulus component
Ep.

2.1.3
Rate of change of k caused by p
Fluid pressure greatly affects the permeability of differentiating tissue through its effect on proteo-
glycan synthesis. Cyclic fluid pressure increases proteoglycan synthesis (Smith et al. 1996). An in-
crease in proteoglycans causes an increase in fixed charge density and, therefore, a more hydrophilic
and less permeable tissue (Mow et al. 1984). The large size and dense packing of aggregates that occurs
with increasing proteoglycan content further reduces k (Mow et al. 1984). We assume tissue
homeostasis with respect to proteoglycan synthesis for all fluid pressures less than 0.013 MPa (p1,crit,
Fig. 4), a threshold value below which it has been experimentally shown that proteoglycan synthesis is
not up-regulated (Klein-Nulend et al. 1987). Fluid pressure stimuli above this magnitude decrease the
permeability until the rate of reduction in permeability reaches its limit � _kkmax

� �
at the threshold fluid

pressure of 2.5 MPa (p2,crit). The _kkmax value of 1.5·10)15m4/Ns/day was determined based on the
amount of time for mesenchyme, with an initial permeability of 1.0·10)13m4/Ns, to become fully
differentiated into articular cartilage, shown to have a permeability on the order of 10)15m4/Ns
(Armstrong et al. 1984). During development, full cartilage differentiation has been shown to occur in
75 days (Kember and Sissons 1976). Given that this period includes both biological and mechanical
influences on tissue differentiation, we assume 75 days is the shortest time for full cartilage differ-
entiation and maturation to occur. Thus, for a daily rate, we calculate _kkmax as follows:

_kkmax¼ 1:0� 10�13 � 5:0� 10�15
� �

m4=Ns=75days ¼1:5� 10�15m4=Ns=day ð9Þ

2.1.4
Change in k as a function of E
Permeability may be further reduced by increased flow path length that fluid must traverse before
being exuded from the tissue (Fig. 5a). Flow path length transverse to the collagen fibers increases
with increased fiber size and density (Chen et al. 1998; Weiss et al. 2000). Path length also increases
with increased proteoglycan aggregate size and packing (Maroudas et al. 1969). Because E also in-
creases with increased size and packing of collagen and proteoglycans, E can be used as an indicator of
flow path length. Using E as such an indicator, we incorporate the dimensionless parameter qE to
account for decreased permeability associated with increased flow path length (Fig. 5b). Fibrous tissue
has been experimentally shown to have a transverse permeability on the order of 10)16m4/Ns (Weiss
et al. 2000). Since proteoglycan content is low in fibrous tissue (Evanko and Vogel 1990; Vogel et al.
1993) minimizing the binding of fluid by negatively-charged glycosaminoglycans, the three order of
magnitude drop in permeability from approximately 10)13m4/Ns for mesenchymal tissue to
10)16m4/Ns for fibrous tissue is most likely a result of the extended flow path length. Beginning with
our initial values of Emes=0.05 MPa and kmes=1·10)13m4/Ns for mesenchymal tissue, we assume an
exponential decline in qE by three orders of magnitude over a tensile modulus range of 0.05–
1488 MPa. The minimum tensile modulus is that of mesenchymal tissue, and the maximum is the
highest modulus reported in the literature for fibrous tissue (Derwin et al. 1994). Once qE is calculated,
we multiply it by kp to obtain the total permeability k (Eq. 8).
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2.1.5
Bounds on E�, Ep, HA, kp, and k
Numerical bounds for E, HA and k are shown in Table 2. The upper bound for tensile modulus as a
function of tensile strain, E�, max, represents the maximum attainable modulus for fibrous tissue and
the lower bound, E�, min, the minimum modulus associated with mesenchymal tissue, Emes. The upper
bound for tensile modulus as a function of fluid pressure, Ef,max, represents the maximum modulus
associated with type II collagen fibrillogenesis occurring solely as a result of fluid pressure. It does not
include any stiffness from type II or other types of collagen formed in response to tensile strain. The
upper bound for aggregate modulus, HA, max, represents the aggregate modulus associated with
articular cartilage. The lower bound, HA,min, represents the assigned initial aggregate modulus of
mesenchymal tissue, HA,mes. The upper bound for permeability, kmax, represents the assigned initial
permeability of mesenchymal tissue, kmes. The lower bound for permeability as a function of fluid
pressure alone, kp, min, represents the minimum attainable permeability associated with some idealized
articular cartilage exposed only to fluid pressure and not experiencing any tensile stress. The lower
bound for total permeability, kmin, represents the permeability of idealized, highly fibrous fibrocar-
tilage whose material properties include E�, max and kp, min.

2.2
Sample simulations
All simulations began with material properties of multipotent mesenchymal tissue with an initial
tensile modulus (Emes=E� at t=0) of 0.05 MPa, initial aggregate modulus (HA,mes=HA at t=0) of 0 MPa,
and initial permeability (kmes=kp at t=0) of 1·10)13m4/Ns (Table 3, initial). The value for Emes comes
from Perren and Cordey who reported a tensile modulus of 0.05 MPa for parenchyma (Perren and
Cordey 1980). The permeability and aggregate modulus of mesenchymal tissue are unknown. As a first
approximation, we chose kmes to be on the order of 10)13m4/Ns, one order of magnitude greater than
the longitudinal permeability of fibrous tissue, reported to be on the order of 10)14m4/Ns (Haridas
et al. 1998), and HA,mes to be 0 MPa, representative of a tissue with negligible aggrecan and com-
pressive stiffness. Beginning with these initial properties, we ran our simulations to equilibrium (each
constant time step=40 min) with three different sets of physiologic inputs for fluid pressure, p, and
tensile stress, r, representing the conditions under which articular cartilage (AC), fibrocartilage (FC),
or fibrous tissue (FT) is formed (Table 3, final input).

2.2.1
Application of input stresses
Previous investigators have determined physiologic magnitudes of hydrostatic pressure in mature
cartilage (Hodge et al. 1989) and fibrocartilage (Giori et al. 1993) as well as physiologic magnitudes of
tensile stress in mature cartilage (Elliott et al. 1999), fibrocartilage (Tissakht and Ahmed 1995; Proctor
et al. 1989), and fibrous tissue (Yamamoto et al. 1992). The fluid pressure and tensile stress magni-
tudes experienced by fully developed soft tissues are not appropriate for mesenchymal tissue, how-
ever, as they would likely result in failure of the mesenchyme in an in vivo situation (Loboa et al. 2001;

Table 3. Beginning with the same initial conditions for all three tissues (initial), final tensile elastic modulus,
permeability, and aggregate modulus values are calculated (final output) by applying simulated physiologic
stresses for each tissue (final input) to the tissue differentiation algorithm (Fig. 2). ‘‘Final input’’ refers to stress
inputs at completion of 90-day linear ramp input period

Parameter Articular cartilage (AC) Fibrocartilage (FC) Fibrous tissue (FT)

kmes=kmax (m4/Ns) 1x10)13 1x10)13 1x10)13 Initial
Emes=E�, min (MPa) 0.05 0.05 0.05
HA, mes=HA, min (MPa) 0 0 0
p (MPa) 10 5 n/a Final input
r (MPa) 0.15 10 30
E� (MPa) 5 333 1,000
HA(MPa) 1 1 0
Ef (MPa) 5 5 0
Ep (MPa) 6 6 0
E(MPa) 11 339 1,000 Final output
kp (m4/Ns) 5x10)15 5x10)15 1x10)13

qE 0.952 0.072 0.007
k(m4/Ns) 4.8x10)15 9.5x10)16 7.5x10)16
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Perren and Cordey 1980). Therefore, we simulated a ramp load where the input stresses were initially
zero at time t=0 and linearly ramped to the values for mature tissue at 90 days. We chose this time
frame by reviewing a typical course of fracture healing. During tissue differentiation associated with
fracture healing, mesenchymal tissue differentiates into cartilage, fibrocartilage, fibrous tissue, or bone
within 3 months (Rockwood et al. 1991). Based on this time course, we chose 90 days as the minimum
length of time for the full amount of loading to occur. By this point we expected that the multipotent
mesenchymal tissue would have fully differentiated into cartilage, fibrocartilage, or fibrous tissue and
could support the physiologic loads associated with each respective tissue.
The magnitudes of fluid pressure for AC (p=10 MPa) and FC (p=5 MPa) represent physiologic
pressures reported in the literature for articular cartilage (Hodge et al. 1989) and fibrocartilage (Giori
et al. 1993). We assumed fluid pressure was negligible in fibrous tissue (p=0 MPa) since tendons and
ligaments are predominantly exposed to tensile loading. The magnitudes of tensile stress used for AC
(r=0.15 MPa), FC (r=10 MPa), and FT (r=30 MPa) represent physiologic tensile stresses reported in
the literature for articular cartilage (Elliott et al. 1999), fibrocartilage (Proctor et al. 1989; Tissakht and
Ahmed 1995), and fibrous tissue (Yamamoto et al. 1992).

3
Results
The simulations predict the largest increases in tensile elastic modulus during differentiation of
mesenchymal tissue into fibrous tissue (E=1,000 MPa) and the smallest with differentiation into
articular cartilage (E=11 MPa) (Fig. 6a, Table 3, final output). Tensile elastic modulus changes during
differentiation into fibrocartilage fall midway between the other two tissues with a final tensile elastic
modulus of 339 MPa attained within 180 days (Fig. 6a, Table 3, final output). Looking at the effects of
tensile strain and fluid pressure separately, i.e., E� and Ep, respectively, we see a marked difference in
the contributions of these two components during development of the three tissues. The tensile elastic
modulus of fibrous tissue attains a final value of 1,000 MPa solely as a result of tensile strain, i.e., E=E�
with Ep=0 (Table 3, final output). Articular cartilage development, on the other hand, includes
exposure to high fluid pressure with low levels of tensile strain. This results in a final tensile elastic
modulus that is comprised of almost equal values for E� (5 MPa) and Ep (6 MPa) (Table 3, final
output). Fibrocartilage experiences much greater levels of tensile strain than articular cartilage but less
than fibrous tissue. Accordingly, its final E� (333 MPa) is much higher than that of articular cartilage,
but still less than pure fibrous tissue (1,000 MPa, Table 3, final output). Development of fibrocartilage
also includes exposure to fluid pressure, resulting in an Ep equal to 6 MPa as was seen with articular
cartilage development but not with fibrous tissue development (Table 3, final output).

Therefore, beginning with the same initial conditions, our tissue differentiation algorithm predicted
a diverse range of final E values among the three tissues with tensile strain having the largest impact
on the fibrous tissue and fibrocartilage moduli. The tensile elastic moduli (Fig. 6a) predicted with our
simulations (Fig. 3) are consistent with tensile elastic modulus values determined experimentally by
other investigators for articular cartilage (Akizuki et al. 1986), fibrocartilage (Proctor et al. 1989), and
fibrous tissue (Wren et al. 1998; Yamamoto et al. 1992).

Final permeabilities exhibited a reverse trend from the tensile elastic moduli results. Articular
cartilage had the highest permeability (k=4.8·10)15m4/Ns) and fibrous tissue the lowest
(k=7.5·10)16m4/Ns) (Fig. 6b, Table 3, final output). A function of fluid pressure alone, we see that kp

is of equal magnitude for both articular cartilage and fibrocartilage (5·10)15m4/Ns, lower bound
attained) and is two orders of magnitude lower than kp of fibrous tissue (1·10)13m4/Ns). Fibrous
tissue, having no exposure to fluid pressure, has a kp equal to kmes, the initial mesenchymal tissue
permeability (Table 3, initial). However, the permeability of fibrous tissue experiences a large decrease
because of the extended flow path length associated with greatly increased collagen fiber size, density,
alignment, and cross-linking (Fig. 5, Eq. 8). As a result, qE of fibrous tissue (qE=0.007) is smaller than
that of fibrocartilage (qE=0.072) and much smaller than that of articular cartilage (qE=0.952), resulting
in a final k for fibrous tissue that is less than both of these tissues (Eq. 8, Table 3, final output).
However, even though qE for fibrous tissue is 10 times smaller than qE for fibrocartilage and over 100
times smaller than qE for articular cartilage, the final permeabilities of all tissues vary only by an order
of magnitude as a result of the impact of fluid pressure on articular cartilage and fibrocartilage
permeabilities (Table 3, final output). These final calculated values of k are consistent with perme-
abilities determined experimentally by other investigators for articular cartilage (Proctor et al. 1989),
fibrocartilage (Proctor et al. 1989), and fibrous tissue (Weiss et al. 2000).

The aggregate modulus, a function of proteoglycan content generated by fluid pressure (Fig. 3c),
exhibits no change during differentiation into fibrous tissue (HA=0 MPa, Fig. 6c, Table 3, final out-
put). Mesenchymal tissue differentiation into articular and fibrocartilage, however, include high levels
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of fluid pressure so they attain the maximum aggregate modulus (HA=1 MPa) within 90 days (Fig. 6c,
Table 3, final output).

4
Discussion
We have presented a computational approach for simulating the effect of mechanics on material
property adaptations during mesenchymal tissue differentiation. Our algorithm predicts final values of
tensile elastic modulus, aggregate modulus, and permeability for articular cartilage, fibrocartilage, and
fibrous tissue that are consistent with what has been observed in experimental studies.

Investigators have shown that fluid pressure increases proteoglycan and type II collagen synthesis
in chondrocytes (Smith et al. 1996) and that cyclic tensile strain increases collagen fibrillogenesis by
fibroblasts (Howard et al. 1998). Our tissue differentiation algorithm combines the above experimental
findings with other studies looking at the effects of collagen fiber formation, assembly, alignment, and
cross-linking on E (Tissakht and Ahmed 1995; Wren et al. 1998), aggrecan content on HA (Roughley
and Lee 1994) and the combination of aggrecan content (Maroudas et al. 1969) and flow path length
(Chen et al. 1998; Weiss et al. 2000) on k. In doing so, our approach links mechanical loading to
changes in specific tissue constituents that then lead to specific material property adaptations during
mesenchymal tissue differentiation (Table 1, Fig. 2).

Since our model takes into account the primary determinants of the material properties, it can
model a range of tissues. In experimental analyses of the material properties of soft skeletal tissues,
researchers report a wide range of results. Various investigators attempting to empirically determine

Fig. 6. Simulation results illustrating
changes in: a tensile elastic modulus, E;
b permeability, k; and, c aggregate
modulus, HA, during mesenchymal tis-
sue differentiation into articular carti-
lage (AC), fibrocartilage (FC), or fibrous
tissue (FT)

93



the material properties of cartilage, for example, have obtained permeability values that vary widely
depending on their experimental protocol (Athanasiou et al. 1994; Athanasiou et al. 1991; Mansour
and Mow 1976; Mow et al. 1984). Given such large variety in the empirical data, it is likely that the final
values of E, HA, and k we obtain with our model will deviate from values measured in particular
experimental studies. From a conceptual standpoint, however, our model is well supported. We
simulate material property adaptations during mesenchymal tissue differentiation based on changes
in specific tissue constituents and the effects that these changes have (Table 1). This approach allows
for the application of consistent mechanobiological adaptation rules to the entire tissue differentiation
process. With this approach, we can predict the formation of cartilage, fibrocartilage, and fibrous
tissue, and each tissue’s corresponding material properties, strictly on the basis of the mechanical
environment to which the differentiating tissue is exposed.

Given that the material properties of mesenchymal tissue are still essentially unknown, the initial
model we have proposed here is simplified in that we have modeled the differentiating tissue as a
homogeneous, isotropic material. As more experimental data on the material properties of mesen-
chymal tissue become available, a more complicated material model could be introduced. We have
also, as a first approximation, modeled the changes in tensile modulus assuming a linear elastic
constitutive relationship. Later models could implement a nonlinear constitutive rule to calculate
changes in E in order to more accurately represent the viscoelastic behavior of some soft skeletal
tissues.

Results from the sample simulations provide a proof of concept for the tissue differentiation
algorithm that we are presenting here for the first time. Future work could include a more elaborate
computational approach with the inclusion of an initial-boundary value problem to further test
this new mechanobiological concept. A finite element model of differentiating tissue exposed to
external loads could be created with the differentiation algorithm applied at each node and results
obtained for each time step. The values of E, HA, and k obtained at each time step would then be used
to update the material properties of the differentiating tissue at each node. Potential issues with an
initial-boundary value problem would be the implementation of this algorithm in a three-dimensional
context given that E is calculated in the direction of highest stiffness (parallel to the fibers) and k is
calculated in the direction of least permeability (perpendicular to the fibers). Transversely isotropic
material properties could be obtained, however, by outputting values for permeability in the
longitudinal direction (equal to kp) and permeability transverse to the fibers, i.e., the direction of
lowest permeability (equal to k). Tensile modulus transverse to the fiber direction (assumed to be
equal to Ep) would, of course, be much less than that in the longitudinal direction (equal to E).

The time course of material property changes during soft skeletal tissue differentiation is not well
known. Our time-dependent model demonstrates the utility of computational approaches in
describing mechanically induced material property adaptations during differentiation and soft skeletal
tissue formation and may serve as a framework for future investigations and mechanobiological
models.
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Carter, D.R.; Beaupré, G.S.: Skeletal tissue regeneration. In: Skeletal function and form: mechanobiology of
skeletal development, aging and regeneration. Cambridge University Press, Cambridge (2001)
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