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Abstract For this study, we hypothesized that the depth-
dependent compressive equilibrium properties of articular
cartilage are the inherent consequence of its depth-dependent
composition, and not the result of depth-dependent mate-
rial properties. To test this hypothesis, our recently devel-
oped fibril-reinforced poroviscoelastic swelling model was
expanded to include the influence of intra- and extra-fibril-
lar water content, and the influence of the solid fraction on
the compressive properties of the tissue. With this model, the
depth-dependent compressive equilibrium properties of artic-
ular cartilage were determined, and compared with experi-
mental data from the literature. The typical depth-dependent
behavior of articular cartilage was predicted by this model.
The effective aggregate modulus was highly strain-depen-
dent. It decreased with increasing strain for low strains, and
increases with increasing strain for high strains. This ef-
fect was more pronounced with increasing distance from the
articular surface. The main insight from this study is that
the depth-dependent material behavior of articular cartilage
can be obtained from its depth-dependent composition only.
This eliminates the need for the assumption that the material
properties of the different constituents themselves vary with
depth. Such insights are important for understanding carti-
lage mechanical behavior, cartilage damage mechanisms and
tissue engineering studies.
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1 Introduction

Articular cartilage functions as a load-bearing, low friction,
wear resistant material in diarthrodial joints. It consists of a
fluid-filled extra-cellular matrix, in which chondrocytes are
dispersed. The mechanical function is highly dependent on
the composition of the extra-cellular matrix, which primary
consists of collagen fibrils and negatively charged proteogly-
cans. Due to the fixed charges of the proteoglycans (PG‘s),
the cation concentration inside the tissue is higher than in the
surrounding synovial fluid. This excess of ion particles leads
to an osmotic pressure difference, which causes swelling of
the tissue (Urban et al. 1979). The fibrillar collagen network
resists straining and swelling pressures (Mow et al. 1991).
This combination makes cartilage a unique, highly hydrated
and pressurized tissue, enforced with a strained collagen
network.

The distribution of the matrix components in articular
cartilage is highly depth-dependent. The fluid fraction in
articular cartilage is around 80% and decreases with increas-
ing distance from the articular surface (Lipshitz et al. 1975;
Shapiro et al. 2001; Rieppo et al. 2004). Collagen constitutes
approximately 70% of the tissue dry weight (Buckwalter et al.
1991; Mow and Guo 2002; Rieppo et al. 2004), and is highest
in the superficial and deep zones of articular cartilage, and
lowest in the middle zone (Mow and Guo 2002; Rieppo et al.
2004; Rieppo et al. 2005). PG-molecules constitute approx-
imately 20–30% of the total dry tissue weight (Buckwalter
et al. 1991). The PG content is lowest in the superficial zone,
and highest in the middle zone (Hunziker et al. 1992; Wong
et al. 1996). Although the PG content is lower in the deep
zone than in the middle zone, the fixed charge density (FCD)
is highest in the deep zone (Maroudas 1968; Maroudas and
Bannon 1981; Chen et al. 2001. As the PG content is ex-
pressed as mass percentage per dry weight and the FCD as
mEq/ml, the low fluid fraction in the deep zone can explain
the high FCD in this zone (Chen et al. 2001).

Apart from its composition, also the structure of articular
cartilage is depth-dependent. In the superficial zone colla-
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gen fibers are densely packed, and are arranged parallel to
the articular surface (Benninghoff 1925; Hasler et al. 1999;
Clark 1997; Clarke 1971). In the middle zone collagen fibers
are more randomly arranged (Benninghoff 1925; Clark 1997;
Clarke 1971; Hasler et al. 1999). In the deep zone the col-
lagen fibers have their largest diameters and are arranged
perpendicular to the subchondral bone (Benninghoff 1925;
Hunziker et al. 1997; Hasler et al. 1999).

This depth-dependent composition and structure of the
ECM results in depth-dependent mechanical properties. Schi-
nagl et al. (1997) and Chen et al. (2001) have shown that the
compressive equilibrium stiffness of articular cartilage in-
creases with distance from the articular surface. Surprisingly
they also found that while the stiffness of the top layers in-
creased with increasing strain, the stiffness of the deep layers
seemed to decrease with increasing strain. This strain soften-
ing has also been observed during unconfined compression
(Chahine et al. 2004), and is associated with the osmotic
swelling pressures which prestresses the tissue. For external
compressive loads lower smaller than the swelling pressures
the tissue is under tension and for external loads larger than
the swelling pressures the tissue is under compression. As
articular cartilage has a high compression-tension nonlinear-
ity this can explain the strain-softening of the tissue (Chahine
et al. 2004).

Several authors have attempted to correlate the compres-
sive stiffness of articular cartilage to its composition. Al-
though the aggregate modulus showed a good correlation
with the fluid content (Armstrong and Mow 1982), GAG-
content (Sah et al. 1997) and fixed charge density (Chen et al.
2001), the depth- and strain-dependent behavior of the aggre-
gate modulus has not been explained solely based on tissue
composition, yet. We hypothesize that this is due to an inac-
curate approach in the description of the distribution of water
in the tissue. So far, cartilage has been described as a porous
material, filled with free water. The osmotic pressure is nor-
mally computed based on the number of fixed charged per
milliliter of this free water (FCD). It has been shown, how-
ever, that the osmotic pressure inside cartilaginous tissues
is much higher than would be expected based on its FCD
(Meyer et al. 1983; Urban and McMullin 1988; Maroudas
and Bannon 1981). This is because part of the water in the
tissue is absorbed by the collagen fibers. The proteoglycan
molecules, because of their large size, are excluded from this
intra-fibrillar space. This means that their effective concen-
trations are much higher in the extra-fibrillar space than if
they were distributed uniformly throughout the entire matrix
(Urban and McMullin 1988; Maroudas and Bannon 1981;
Katz et al. 1986; Maroudas et al. 1991). Hence, the effective
fixed charge density is higher than if computed from total tis-
sue water content. As the collagen content, and thereby the
intra-fibrillar water content, is depth-dependent, the influ-
ence of intra- and extra-fibrillar water is also depth-depen-
dent, resulting in an extra depth-dependency in the swelling
pressures.

As the solid content increases from the superficial to the
deep zone, the contribution of the solid matrix to the total

tissue stiffness should increase from the superficial to the
deep zone. Hence, besides differences in the swelling pres-
sures over the height of the tissue, the compressive modulus is
also depth-dependent. Till now this dependence of the matrix
stiffness on its density has never been included in models of
articular cartilage.

Although the solid itself is virtually incompressible, due
to its porous structure, the entire solid matrix is compressible.
If the fluid is fully expelled, the solid fraction is 1, and the en-
tire matrix has become incompressible. Hence, the compress-
ibility of the tissue should be dependent on the solid fraction.
This introduces an additional depth-dependency, which is not
included in regular multi-phasic models.

We hypothesized that (1) the depth-dependent compres-
sive equilibrium properties of articular cartilage are the inher-
ent consequence of the composition of the tissue, which
changes with depth, and that (2) the inclusion of intra- and
extra-fibrillar water and solid fraction dependency as
discussed above are essential for the understanding of the
depth-dependent behavior of articular cartilage. To test the
hypotheses our recently developed fibril-reinforced porovi-
scoelastic swelling model (Wilson et al. 2005b) was expanded
to include the influence of intra- and extra-fibrillar water con-
tent, and the influence of the solid fraction on the compressive
properties of the tissue. With this model the depth-depen-
dent compressive equilibrium properties of articular cartilage
were determined, and compared with the experimental data
of Schinagl et al. (1997).

2 Methods

2.1 Model

In the fibril-reinforced poroviscoelastic swelling theory (Wil-
son et al. 2005b) articular cartilage is assumed as biphasic,
consisting of a solid and a fluid phase. The solid phase con-
sists of a swelling non-fibrillar part, which contains mainly
PG’s, and a fibrillar part representing the collagen network.

2.1.1 Incorporation of solid fraction dependency

In the standard biphasic theory the total stress is given by
σtot = −pI + σs = −pnsI − pnf I + σs, (1)
where p is the hydrostatic pressure, σs the effective solid
stress, I the unit tensor, and nf and ns the fluid and solid
volume fractions, respectively. Typically, the effective stress
depends on strain only. Hence, the relative fluid and solid
volume fractions do not influence the total stress in the tissue
in Eq. 1. Hence, in the biphasic model (Mow et al. 1980) only
the amount of deformation and not the amount of solid has
an influence on the stress contribution of the solid matrix to
the total tissue stress. If the solid fraction is accounted for,
the total stress becomes

σtot = −pI + nsσrs = −pI + ns,0

J
σrs

= −pI + ns,0σrs,J (J ), (2)
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where ns,0 and ns are the initial and current solid volume frac-
tion, and J the volumetric deformation. Note that the depen-
dency of the solid fraction on the volumetric deformation is
included in the function for the real solid stress (σrs,J ).

When osmotic swelling is included the total tissue stress
becomes

σtot = −µ f I + ns,0σrs,J − �πI, (3)

where µ f is the water chemical potential and �π the osmotic
pressure gradient. In our previous papers (Wilson et al. 2004,
2005b) we used the following description for the solid stress

σrs,J = σnf +
tot f∑

i=1

σi
f , (4)

where σnf is the stress in the nonfibrillar matrix, and σi
f

the fibril stress in the i th fibril with respect to the global
coordinate system. In these models it was assumed that the
fibril network is laid over the non-fibrillar matrix. Hence, the
distinct volumes of the different components has not been
accounted for. The easiest way to account for the different
volumes is by using the mixture theory (Truesdell and Toupin
1960). This theory is based on the following assumptions (1)
in each infinitesimal volume of the composite material a finite
number of components are present; (2) each component con-
tributes to the total material behavior in the same proportion
as its volumetric participation; (3) all components have the
same strains. When the rule of mixtures is used, the total solid
stress becomes

σrs,J =
⎛

⎝1 −
tot f∑

i=1

ρi
c

⎞

⎠σnf +
tot f∑

i=1

ρi
cσ

i
f , (5)

with ρi
c the volume fraction of the collagen fibrils in the i th

direction with respect to the total volume of the solid matrix.
Note, that as the total solid is assumed to be incompressible,
the relative fractions of the fibrillar and non-fibrillar matrix
remain constant. With Eq. (5) the total tissue stress from Eq.
(3) becomes

σtot = −µ f I + ns,0

⎛

⎝

⎛

⎝1 −
tot f∑

i=1

ρi
c

⎞

⎠σnf +
tot f∑

i=1

ρi
cσ

i
f

⎞

⎠

−�πI. (6)

2.1.2 Fibrillar part

In our previous models (Wilson et al. 2004, 2005b) the stress
contribution of fibrils contained in a unit area was given by

σf = σf �ef �ef . (7)

where σf is the Cauchy stress tensor, σf is the Cauchy stress
in the fibril and the current fibril direction. The unit area on
which σf acts does not contain a fixed number of fibrils at
different times. Thereby, due to deformation the surface a
fibril works on changes. So far, the influence of this surface
change has not been included. To include this, the fibril stress

is expressed with reference to its original state. The 2nd Pi-
ola–Kirchhoff stress tensor is then given by

Sf = Sf �ef,0�ef,0, (8)

where �ef,0 is the initial fibril direction. The 2nd
Piola–Kirchhoff stress in the initial fibril direction Sf is given
by

Sf = Pf

λ
= Pf∥∥F · �ef,0

∥∥ , (9)

with λ the elongation of the fibril, F the deformation gradi-
ent tensor, and Pf the first Piola–Kirchhoff stress. The total
Cauchy stress (expressed as a function of the deformed state)
is then given by

σf = 1

J
F · Sf · FT = 1

J

Pf

λ
F · �ef,0�ef,0 · FT = λ

J
Pf �ef �ef , (10)

where J is the determinant of the deformation tensor F. If the
law for fibril stress is now expressed as the first Piola–Kir-
chhoff stress Pf (instead of the Cauchy stress σ f ) the only
difference between Eq. (10) and Eq. (7) is the factor λ/J
which represents the change in surface the fibril works on.
Note that the factor 1/J from Eq. (2) is included in Eq. (10).

In our previous models the collagen fibrils were assumed
to consist of an elastic part (representing the equilibrium
properties) and a viscoelastic part (representing the transient
properties) (Wilson et al. 2004, 2005b). As Schinagl et al.
(1997) only measured the depth-dependent equilibrium prop-
erties, in this study we are only interested in the equilibrium
properties of the tissue. Therefore, the viscoelastic part of the
collagen fibrils is not included. The equilibrium stiffness of
the collagen fibrils was previously assumed to be strain-inde-
pendent (Wilson et al. 2004, 2005b). However, Charlebois et
al. (2004) have shown that the equilibrium stiffness of the
collagen fibrils is strain-dependent. Therefore, the collagen
fibrils are now represented by:

Pf = (E1 + E2εf)εf for εf > 0,
Pf = 0 for εf ≤ 0,

(11)

with εf the logarithmic fibril strain (εf = log(λ)), and E1
and E2 are positive material constants. For the determination
of the fibrils strains and directions, the reader is referred to
(Wilson et al. 2004, 2005b).

2.1.3 Non-fibrillar part

For the behavior of the non-fibrillar solid matrix we previ-
ously used the following compressible neo-Hookean model
(Wilson et al. 2005b),

σnf = Km
ln(J )

J
I + Gm

J
(F · FT − J 2/3I), (12)

The bulk (Km) and shear moduli (Gm) are defined as

Km = Em

3(1 − 2νm)
, (13)

Gm = Em

2(1 + νm)
, (14)
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where Em is the Young’s Modulus and νm the Poisson’s ratio.
Note that the influence for the volume change due to defor-
mation as discussed earlier has been accounted for in Eq. (12)
by the factor 1/J .

Although the solid itself is virtually incompressible, due
to its porous structure the entire solid matrix is compress-
ible. If the fluid is fully expelled, the solid fraction is, and
the entire matrix has become incompressible. As the solid
fraction goes to zero the volume fraction of the pores goes to
1 and the entire solid matrix will become fully compressible.
To include this in the model the following expression for the
Poisson’s ratio is proposed.

νm = 0.5ns = 0.5
ns,0

J
, (15)

Note that νm goes to 0.5 for a solid fraction of 1, and becomes
zeros when the solid fraction goes to zero. By substituting Eq.
(15) into Eq. (13) and (14), and by eliminating Em we get
the following expression for Km

Km = 2

3
Gm

(1 + 0.5ns,0/J )

(1 − ns,0/J )
. (16)

Because the second law of thermodynamics needs to be ful-
filled, the constitutive relation for Km cannot be directly
substituted in Eq. (12). We therefore first implement it into
the energy function of Eq. (12) and derive the new Cauchy
stress from this energy function. The new energy function
then becomes

Wnf = 1

8
Kmln2(det(C)) + 1

2
Gm(tr(C) − 3det(C)1/3)

= 1

12
Gm

(1 + 0.5ns,0/J )

(1 − ns,0/J )
ln2(det(C))

+1

2
Gm(tr(C) − 3det(C)1/3). (17)

where C is the Cauchy-Green deformation tensor. The Cau-
chy stress of the non-fibrillar matrix is then given by

σnf = 2

J
F

∂Wnf

∂C
FT

= −1

6

ln(J )

J
GmI

[
−1 + 3(J + ns,0)

(−J + ns,0)
+ 3 ln(J )Jns,0

(−J + ns,0)2

]

+Gm

J
(F · FT − J 2/3I). (18)

A similar approach has been used by Ehlers and Eipper
(1999). To illustrate the importance of a solid fraction depen-
dent compressibility, the responses of Eq. (12) and Eq. (18)
during confined compression and extension are plotted in
Fig. 1.

2.1.4 Osmotic swelling

For the swelling behavior the biphasic swelling theory (Wil-
son et al. 2005a,b) was used. This theory is based on the
hypothesis that electrolyte flux can be neglected in mechani-
cal studies of charged materials (Lanir 1987). This means the
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Fig. 1 Stress–strain behavior of the neo-Hookean model during con-
fined compression and extension, with and without of solid fraction
dependent compressibility (ns,0 = 0.25, E = 1 MPa and ν = 0.01)

ion concentrations is assumed in equilibrium. The osmotic
pressure gradient is then given by

�π = φint RT

(√

c2
F + 4

(γ ±
ext)

2

(γ ±
int)

2
c2

ext

)
− 2φext RT cext,

(19)

with cext the external salt concentration and cF the FCD. The
osmotic (φα) and activity coefficients (γα) were implemented
as proposed by Huyghe et al. (2003). Note that the current
FCD is a function of the volumetric deformation (J) of the
tissue as

cF = cF,0
nf,0

nf,0 − 1 + J
. (20)

2.1.5 Inclusion of intra- and extra-fibrillar water

When the distinction between extra- and intra-fibrillar water
is taken into account, the effective FCD should be expressed
as mEq fixed charges per ml extra-fibrillar water. Hence, the
effective FCD becomes

cF,exf = nf cF

nexf
, (21)

where the volume fraction of extra-fibrillar water nexf is given
by

nexf = ρsnexf,m

1 − nexf,m + ρsnexf,m
, (22)

with nexf,m the extra-fibrillar water mass fraction, and ρs the
mass density of the solid matrix. According to Maroudas
and Bannon (1981), Maroudas et al. (1991) and Urban and
McMullin (1988) nexf,m is given by

nexf,m = nf,m − ninf,m = nf,m − ϕciρc,tot,m, (23)

where nf,m and ninf,m are the mass fraction of total and intra-
fibrillar water, respectivily, ϕci a parameter that defined the
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mass intra-fibrillar water per collagen mass, and ρc,tot,m is the
collagen mass fraction with respect to the total wet weight,
which is given by

ρc,tot,m = (1 − nf,m)

totf∑

i=1

ρi
c. (24)

Maroudas et al. (1991) determined the dependence of ϕci on
the osmotic pressure gradient �π . We fitted their data with
an exponential function as

ϕci = 0.448e−0.328�π + 0.822. (25)

The osmotic pressure gradient �π from Eq. (19) is then given
by

�π = φint RT

√√√√c2
F,exf + 4

γ ±2
ext

γ ±2
int

c2
ext − 2φext RT cext, (26)

The model was implemented in ABAQUS v6.3 (Hibbitt, Kar-
lsson & Sorensen, Inc., Pawtucket, RI, USA). For more de-
tails about this model see Wilson et al. (2004, 2005a,b).

2.2 Composition and structure

2.2.1 Fluid fraction

Based on literature (Lipshitz et al. 1975; Shapiro et al. 2001;
Rieppo et al. 2004) the fluid volume fraction was assumed to
be

nf = 0.9 − 0.2z∗, (27)

where z∗ is the normalized depth of the tissue (z∗ is 0 at the
articular surface and 1 at the bottom of the cartilage). The
fluid mass fraction per total solid is than given by (Fig. 2)

nf,m = nf

nf + (1 − nf)ρs
. (28)

The mass density of the solid matrix ρs was assumed to be
1.43 (Basser et al. 1998; Shapiro et al. 2001).

2.2.2 Fixed charge density

The FCD was assumed to be (Maroudas 1968; Maroudas and
Bannon 1981; Chen et al. 2001) (Fig. 3)

cF = −0.10(z∗)2 + 0.24z∗ + 0.035. (29)

2.2.3 Collagen content

When assuming that the total mass solid density and the col-
lagen mass density are equal (Basser et al. 1998; Shapiro
et al. 2001), the collagen mass fraction and volume fraction
are the same. This collagen fraction with respect to the total
solid volume was assumed to be (Rieppo et al. 2004) (Fig. 4)

ncoll = 1.4(z∗)2 − 1.1z∗ + 0.59. (30)
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2.2.4 Collagen structure

The 3D-collagen network was captured as a combination of
large primary collagen fibrils and smaller secondary fibrils
(Wilson et al. 2005b). As described in the arcade model
of Benninghoff (1925), bundles of primary fibrils extend
perpendicular from the subchondral bone, split up close to
the articular surface into fibrils, which curve to a horizontal
course, and flush with the articular surface. It was assumed
that the orientation of the secondary fibrils is random. At each
point it was assumed that there are two primary and seven
secondary fibril directions. For more information about the
implemented fibril structure the reader is referred to Wilson
et al. (2005b).

It was assumed that the density of the primary fibrils was
higher than that of the secondary fibrils. The fibril densities
were assumed to be

ρc = ρc,tot
C

2C+7 for the primary fibrils,
ρc = ρc,tot

1
2C+7 for the secondary fibrils,

(31)

with C a positive constant larger than 1, and ρc,tot the depth-
dependent total collagen volume fraction per total solid vol-
ume.

In the literature material properties, like fluid fraction,
fixed charge density, fibril orientation and cartilage thick-
ness are derived from measurements of cartilage in swollen
equilibrium with a physical salt solution of 0.15 M NaCl.

Hence, the material parameters were implemented such
that the all correspond with the situation at which the tissue
is in equilibrium with a salt concentration of 0.15 M NaCl
(Wilson et al. 2005b).

2.3 Determination of unknown material properties

The unknown material properties are Gm, E1, E2, C and k.
As we are only interested in the equilibrium properties the
value of the permeability k is not important, and was set a
constant value of 1 × 10−15 m4/Ns. C was taken from Wil-
son et al. 2005b, and set at 3.009. The remaining parameters
(Gm, E1 and E2) were determined by fitting them to exper-
imental data of 1D confined swelling and 1D free swelling
tests The fitting procedures were performed iteratively, us-
ing a multidimensional unconstrained nonlinear minimiza-
tion procedure available in Matlab Version 5.3 (The Math-
Works Inc., 1984–1999). From within this Matlab procedure
ABAQUS was called to simulate the experiments. The output
from ABAQUS was then transferred to Matlab, after which
the objective function was determined as:

f = 1

n

n∑

i=1

(
Fi

EXP − Fi
FEM

Fi
EXP

)2

+ 1

m

m∑

i=1

(
εi

EXP − εi
FEM

max(εEXP)

)2

, (32)

where Fα are the reaction forces during the 1D confined
swelling test, and εα the free swelling strains of the 1D free

h

Porous filter

Nonporous
indenter

Confining
ring

z

r

F,u

Cartilage
sample

Symmetry axis

Fig. 5 1D swelling mesh (h = 0.6 mm) (h is the height of the cartilage
sample, F the external force and u the displacement of the indenter)

swelling test. The subscripts EXP and FEM refer to the exper-
iments and model results, respectively.

2.3.1 1D confined swelling test

Eisenberg and Grodzinsky (1987) performed a 1D-swelling
experiment in which they measured the swelling pressures
in an axially compressed cartilage plug for different exter-
nal salt concentrations. This swelling test was limited to a
1-dimensional model, using an axisymmetric finite element
mesh, consisting of a single column of 25 axisymmetric pore
pressure elements (CAX4P) (Fig. 5).

Since Eisenberg and Grodzinsky (1987) removed the top
2.5% and bottom 37.5% of their full thickness cartilage sam-
ples, the normalized depth z∗ was set from 0.025 to 0.625.
The nodal displacements at the bottom plane were confined
in z-direction. The displacements of all nodes were confined
in radial direction. At the top of the model, zero pore pres-
sure was prescribed, i.e. fluid can flow in and out freely. All
other surfaces were assumed to be impermeable. The mesh
was axially compressed by 15%. After full relaxation, the
external salt concentration was decreased to 0.0001 M. After
equilibrium was reached the salt concentration was increased
with steps of 0.05 M until an external salt concentration of
2 M was reached. During this process the height of the sam-
ple was held constant, while the axial reaction forces were
computed.

2.3.2 1D free swelling test

In the second swelling test we measured the free swelling
strains of articular cartilage as a function of the external salt
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cartilage  

bone

paraffin

Indenter

glass cup

salt solution

Fig. 6 Schematic of the free swelling setup. The cartilage sample was
fixed in paraffin and indented with the ARES rheometer

concentration. 8 cartilage-bone samples of approximately
30 × 15 × 15 mm were sawed from fresh calf tibial pla-
teaus. The osseous parts of the samples were fixed in paraffin
in a glass cup, and the whole sample was bathed in deminer-
alized water for three hours. Each sample was placed in a rhe-
ometer (Rheometric scientific Advanced Rheometric expan-
sion system ARES-LS). Sample height was determined by
measuring the vertical position of a spherical indenter (radius
2 mm, located above the center the sample) when it indents
the sample with a contact-force of 10µN (Fig. 6). The posi-
tion of the indenter (height of the sample) was retrieved as
soon as contact was established after which the indenter was
immediately removed from the sample. The indentation was
performed near the center of the sample, far away from its
edges where the collagen network might be damaged due to
sawing. The salt concentration in the cup was increased in
a step-wise manner. After each increase the sample was left
to equilibrate, after which the sample height was measured
again. The concentrations, at which the sample height was
measured, were 0.00, 0.07, 0.15, 0.30, 0.67, 1 and 2 M NaCl.
The salt concentration was increased by adding a solution of
4 M NaCl.

After each test, when the samples are in equilibrium with
2 M NaCl, they were removed from the cup and the thick-
ness of the cartilage was optically determined using a Zeiss
Stemi 2000-c binocular. The thickness was measured at the
same location as the indentation took place. The free swelling
strains were calculated by

ε(α) = h(α) − h(2 M)

h(2 M)
, (33)

where h(2 M) is the cartilage thickness at 2 M, and h(α) is
the cartilage thickness at a salt concentration α.

Because the cartilage height was on the average ten times
smaller than its width, fluid flow and deformation in the cen-
ter of the tissue were assumed only to occur in axial direction.
The test was modeled with the same mesh as given in Fig. 6.
As full thickness cartilage samples were used, the normalized
depth z∗ ranged from 0.0 to 1.0. The nodal displacements at
the bottom plane were confined in z-direction. The displace-
ments of all nodes were confined in radial direction. At the
top of the model, zero pore pressure was prescribed, i.e. fluid
can flow in and out freely. All other surfaces were assumed to

be impermeable. After equilibration to 0.15 M, the external
salt concentration was decreased to zero. After equilibration
the salt concentration was increased to 2 M in a stepwise man-
ner. After each step the model was left to equilibrate. After
equilibration the height of the sample was recorded and the
free swelling strain was computed using Eq. (33).

2.4 Determination of depth-dependent compressive
equilibrium properties

The simulated depth-dependent compressive equilibrium
properties were determined in the same way as has exper-
imentally been done by Schinagl et al. (1997). They com-
pressed osteochondral samples and allowed them to
equilibrate, and measured intratissue displacement within
the cartilage with fluorescently labeled chondrocyte nuclei as
intrinsic, fiducial markers. Axial strain was then calculated in
nine sequential 125µm thick cartilage and in a 225µm thick
layer of cartilage adjacent to the cartilage-bone interface.

The simulation was limited to a 1-dimensional model,
using an axisymmetric finite element mesh, consisting of a
single column of 33 pore pressure elements (CAX4P) (Fig. 7).
The total height of the mesh was 1.38 mm. The element dis-
tribution was chosen so that the model could be divided in
nine layers of 0.125 mm and one layer of 0.225 mm. The dis-
placements of all nodes were confined in radial direction. At
the top of the model, zero pore pressure was prescribed, i.e.
fluid can flow in and out freely. All other surfaces were as-
sumed to be impermeable. After equilibration to 0.15 M, the
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Fig. 7 Confined compression mesh (h = 1.38 mm). The mesh was
divided into nine layers (1–9) of 0.125 mm and one deep layer (D) of
0.225 mm (h is the height of the cartilage sample, F the external force
and u the displacement of the indenter)
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Fig. 8 Axial external pressure measured from 1D confined swelling
tests (Eisenberg and Grodzinksy 1987) along with FEA-model curvefit

model was axially compressed in a stepwise manner. After
each step the model was left to equilibrate. After equilibra-
tion the applied pressure and the strains in the nine layers
was recorded.

3 Results

3.1 Determination of unknown material properties

To determine the unknown material parameters (Gm, E1 and
E2), equilibrium reaction forces during confined 1D swelling
and equilibrium free swelling strains during free swelling
as computed with the model were fitted to the experimen-
tal data. The resulting model parameters characterizing nor-
mal bovine articular cartilage were determined at Gm =
0.723 MPa, E1 = 4.63 MPa and E2 = 3, 670 MPa.

The model response during 1D confined and free swell-
ing corresponds well with the experimental data (Figs. 8, 9).
For both tests the coefficient of determination (R2) was 0.98.

3.2 Determination of depth-dependent compressive
equilibrium properties

The finite element results for layer 1 and 9 correspond well
with the experimental results of Schinagl et al. (1997)
(Fig. 10). However, for layer 5, the stresses are overesti-
mated for low strains (Fig. 10). From the stress–strain curves
the effective aggregate modulus of the tissue was determined
(HA = ∂σ/∂ε) (Fig. 11). For all layers the effective aggre-
gate modulus decreases with increasing strain for low strains
then reaches a deflection point after which the effective aggre-
gate modulus start to increase with increasing strain. For all
layers this deflection point lies around 4% strain.
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Fig. 9 Axial strain measured from 1D free swelling tests along with
FEA-model curvefit
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Fig. 10 Depth-dependent stress–strain behavior of articular cartilage
measuring during confined compression (Schinagl et al. 1997) along
with FEA-model results

To be able to explain the strain-dependent behavior over
the height of the tissue, the osmotic pressure gradient, the
stress in z-direction in the non-fibrillar matrix, the fibrillar
matrix and the total tissue were plotted as a function of tissue
strain for layer 1 and 9 (Fig. 12). In layer 9 the osmotic
pressure is very high (around 0.15 MPa). The high osmotic
pressure in layer 9 is counter balanced by the fibril stresses
and external load. Initially this is collagen fibrils carry most
of the load but as the external load increases, the amount
load carried by the fibrils decreases. At an external load of
0.15 MPa the fibrillar stress is reduced to zero. The non-fibril-
lar matrix stress is unaffected by these changes and shows the
same behavior as seen in Fig. 1. For layer 1 the same trends
can be seen, although they are less pronounced.
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Fig. 11 Strain-dependent effective aggregate modulus (HA) for differ-
ent layers of articular cartilage as computed with the FEA-model

4 Discussion

For this study we hypothesized that the depth-dependent
compressive equilibrium properties of articular cartilage are
the inherent consequence of the composition of the tissue,
which changes with depth. To test this hypothesis our re-
cently developed fibril-reinforced poroviscoelastic swelling
model (Wilson et al. 2005b) was expanded to include the
influence of intra- and extra-fibrillar water content, and the
influence of the solid fraction on the compressive properties
of the tissue. In the model the composition and collagen ori-
entation were depth-dependent, while the material constants
for the individual components were constant over the height
of the tissue. It was shown that with this model the typical
depth-dependent behavior of articular cartilage can be de-
scribed.

One of the most important changes to the model of Wilson
et al. (2005b) was the inclusion of the influence of intra-
and extra-fibrillar water. The difference between the total
fluid content and extra-fibrillar content (100% × (extra-fibril-
lar water–total water)/(total water)), increased from –12% at
the articular surface to–55% in the deep zone. This depth-
dependent difference in fluid content had a great effect on
the depth-dependency of the effective FCD. The difference
between the measured and effective FCD increased from 13%
at the articular surface to 122% in the deep zone. Maroudas
and Bannon (1981) found similar differences experimentally.
However, our deep zone effect exceeds their values. This is
due the high collagen content in the deep zone used in the
model. The collagen content used in this study was from
Rieppo et al. (2004). They measured the collagen content in
young bovine patellae, while Maroudas and Bannon (1981)
and Maroudas et al. (1991) measured the collagen content in
human tibial or femoral head cartilage. As the experiments
of Schinagl et al. (1997) were performed on young bovine
femoral-groove cartilage, using the data from Rieppo et al.
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Fig. 12 Stress–strain behavior of the different components of articular
cartilage, for layer 1 (a) and layer 9 (b) as computed with the FEA-
model

(2004) is more appropriate in this study. As the swelling pres-
sures are directly related to the effective FCD, it can be con-
cluded that the effect of intra- and extra-fibrillar fluid on the
swelling pressures in articular cartilage is very high. It was
shown that the resulting depth-dependent swelling pressures
can for a large part account for the strain-dependent effective
equilibrium stiffness of articular cartilage.

The effective aggregate modulus showed a highly strain-
dependent behavior. The effective aggregate modulus
decreases with increasing strain for low strains, reaching a
deflection point after which the effective aggregate modulus
starts to increase with increasing strain. This effect becomes
more pronounced with increasing distance from the articu-
lar surface. The deflection point marks the point at which
the external load exceeds the local osmotic pressure gradi-
ent. Due to the high FCD in the deep zone, the deflection
point in the effective stiffness occurs at higher external pres-
sures in the deep zone than at the surface. Due to the ini-
tial swelling pressures the cartilage is initially under tension.
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Only when the deflection point is reached the tissue becomes
compressed. Hence, the stress–strain relation at strains be-
low the deflection point represents the tensile stiffness of
the tissue, and the stress–strain relation after the deflection
point represents the compressive stiffness. This confirms the
hypothesis of Chahine et al. (2004) that the stain-softening in
articular cartilage is the consequence of compression–tension
nonlinearity in the presence of osmotic swelling.

In the unloaded state, the swelling pressures are counter
balanced by the collagen fibrils. Hence, the swelling pressure
inside articular cartilage is high. Is was shown that due to
the intra-fibrillar fluid, which is trapped between the colla-
gen fibrils, the effective FCD and thereby the swelling pres-
sures are increased (Urban and McMullin 1988; Maroudas
and Bannon 1981; Katz et al. 1986; Maroudas et al. 1991.
Through this mechanism the collagen fibrils also directly con-
tribute to the swelling pressures. The current study shows
how important this mechanism is for stress distributions over
the height of articular cartilage.

Other depth-dependencies that were added to the model
of Wilson et al. (2005b) were the solid fraction dependency of
the stiffness and compressibility of the non-fibrillar matrix.
This solid fraction dependency mainly influenced the strain-
dependent behavior of the tissue above the aforementioned
deflection point in the stress–strain curve.

Unfortunately, limited availability of literature data forced
us to base the depth-dependent composition on data for carti-
lage from different species which were determined in distinct
studies (Maroudas 1968; Lipshitz et al. 1975; Maroudas and
Bannon 1981; Chen et al. 2001; Shapiro et al. 2001; Rieppo
et al. 2004). A mismatch in composition between the samples
used in these studies may account for differences between the
experimental and numerical results in the present study, or
might have resulted in an error in the obtained material con-
stants. Note that the depth-dependent properties as found by
Schinagl et al. (1997) are the result of a completely different
study than the studies from which we used data to deter-
mine the material properties for the model. Even though the
data from Schinagl et al. (1997) was not used in any way
as input for the current model, the correspondence between
their depth-dependent data and our model properties are very
accurate. This indicated the validity of the present approach.

During cartilage degeneration and tissue engineering the
mechanical properties of the tissue changes as its compo-
sition changes. Since in the present model the mechanical
properties of the tissue are the direct consequence of the com-
position of the tissue, these changes in composition can be
directly accounted for.

In conclusion using a fibril-reinforced poroviscoelastic
swelling model, including the influence of intra- and extra-
fibrillar water content and the influence of the solid fraction
on the compressive properties of the tissue, it was shown
that the depth-dependent compressive equilibrium properties
during confined compression of articular cartilage can be ex-
plained by its composition. The main insight from this study
is that the depth-dependent compressive properties during
confined compression of articular cartilage can be obtained

from its depth-dependent composition, only. This eliminates
the need for the assumption that the material properties of the
different constituents themselves vary with depth. Such in-
sights are important for understanding cartilage mechanical
behavior, cartilage damage mechanisms and tissue engineer-
ing studies.
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