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Abstract Experimental findings indicate that in-situ chon-
drocytes die readily following impact loading, but remain
essentially unaffected at low (non-impact) strain rates. This
study was aimed at identifying possible causes for cell death
in impact loading by quantifying chondrocyte mechanics
when cartilage was subjected to a 5% nominal tissue strain at
different strain rates. Multi-scale modelling techniques were
used to simulate cartilage tissue and the corresponding chon-
drocytes residing in the tissue. Chondrocytes were modelled
by accounting for the cell membrane, pericellular matrix and
pericellular capsule. The results suggest that cell deforma-
tions, cell fluid pressures and fluid flow velocity through cells
are highest at the highest (impact) strain rate, but they do
not reach damaging levels. Tangential strain rates of the cell
membrane were highest at the highest strain rate and were
observed primarily in superficial tissue cells. Since cell death
following impact loading occurs primarily in superficial zone
cells, we speculate that cell death in impact loading is caused
by the high tangential strain rates in the membrane of super-
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ficial zone cells causing membrane rupture and loss of cell
content and integrity.
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1 Introduction

Osteoarthritis (OA) is a degenerative, chronic joint disease,
ultimately leading to complete erosion of the articular carti-
lage (Brandt et al. 1986). Onset of secondary OA has been
associated with joint trauma often involving impact loading
that causes chondrocyte (cartilage cell) death (Blanco et al.
1998; Simon et al. 1976) and thus a reduced capacity for
cartilage to adapt and repair (Mankin 1963).

There is an abundance of studies aimed at investigat-
ing the effects of joint impact loading on cartilage damage
and chondrocyte death (Ewers et al. 2001; Repo and Fin-
lay 1977; Milentijevic et al. 2003; Milentijevic and Torzilli
2005). Some of these have suggested that chondrocyte death
depends greatly on the rate and magnitude of strain (Ewers
et al. 2001; Repo and Finlay 1977; Kurz et al. 2001; Quinn
et al. 2001) and that cell death for impact loads occurs pri-
marily in the superficial zone of cartilage. However, it is not
clearly established why high strain rates cause chondrocyte
death, while equivalent magnitudes of strain applied slowly
do not. Furthermore, although cell deformations can be mea-
sured in the intact joint for slow load applications (Abusara
et al. 2011), such measurements will not be possible in the
near future for impact loading where a temporal resolution
of 10−4 s is required for proper analysis.

Therefore, the purpose of this study was to investigate the
effects of strain rates on in-situ chondrocyte mechanics using
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Fig. 1 Articular cartilage tissue (macro-scale) and chondrons (micro-
scale) axisymmetric mesh models; Macro-scale model: The bone layer
is assumed 2 mm thick and the cartilage is modelled as 1 mm thick. The
normalized cartilage tissue depth, ξ , runs vertically from the tidemark
(cartilage–bone interface) to the articular surface. The red arrows repre-
sent the direction of the applied nominal strain on the articular surface.
The time-varying responses at depth ξ = 0.1 (deep zone), ξ = 0.5

(middle zone), ξ = 0.9 (superficial zone) are applied as boundary
conditions for the cell model located in the deep, middle and super-
ficial zone, respectively; Micro-scale model: It consists of chondrons
embedded in an extracellular matrix (ECM). Chondrons are composed
of chondrocytes surrounded by a cell membrane, pericellular matrix
and a pericellular capsule. Superficial zone cells lack the pericellular
capsule (Poole et al. 1987)

a computational approach based on Finite Element analysis.
Changes in the cell mechanics were studied as a function of
strain rate. We propose that the differences in cell mechanics
at the different strain rates might point to the reason for cells
dying at high but not at low strain rates.

2 Methodology

In order to model the mechanical behaviour of chondrocytes,
we use a two-scale modelling approach for the cartilage tis-
sue and the embedded cells as described in the literature
(Guilak and Mow 1992; Mow and Guilak 1993; Wu and
Herzog 2000; Han et al. 2007). The two-scale model was
comprised of a macro-scale model to represent the cartilage
tissue and a micro-scale model to represent individual cells.
An axisymmetric model was used throughout the study to
save computational cost.

2.1 Macro-scale model

An osteochondral sample was modelled as a layer of articular
cartilage “mounted” on a layer of subchondral bone (Fig. 1).
A normalized cartilage depth, ξ , was defined vertically from
the tidemark (cartilage–bone interface, ξ = 0) to the articu-
lar surface (ξ = 1). Cartilage was assumed to be a biphasic
material consisting of a solid phase and a fluid phase. The
solid phase was considered as hyperelastic, and the elastic

strain energy potential was assumed to be isotropic. Holmes
and Mow’s elastic potential (Holmes and Mow 1990) was
chosen to represent the extracellular matrix (ECM),

Wm = α0
exp[α1(I1 − 3) + α2(I2 − 3)]

(I3)β
, (1)

where I1(C), I2(C), I3(C) are the three principal invariants
of the right Cauchy–Green deformation tensor of the solid
phase, C = F T F (F is the deformation gradient tensor of
the solid phase); α0 is a constant with physical dimensions
of energy per unit volume; α1, α2, β = α1 +2α2 are dimen-
sionless material constants (Holmes and Mow 1990), related
to Lamé’s coefficients (λ, μ), Young’s modulus (E) and the
Poisson’s ratio (ν) of the linear elastic theory (Holmes and
Mow 1990; Wu and Herzog 2000) by

E ν

(1 + ν)(1 − 2ν)
= λ = 4α2 α0, (2)

E

2(1 + ν)
= μ = 2(α1 + α2)α0. (3)

For the biphasic mixture, the Cauchy stress is given by

σ = −p i + σ c, (4)

where p is the pore pressure, i is the identity tensor, and
σ c is the constitutive contribution of the solid phase to the
Cauchy stress. For the case of a hyperelastic solid phase, this
contribution is typically denoted σ E (elastic).
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The elastic Cauchy stress tensor, σ E , and the spatial elas-
ticity tensor, C, are related to the elastic strain energy potential
by the inverse Piola transformations

σ E
i j = 2J−1 Fi I

∂W

∂CI J
Fj J , (5)

Ci jkl = 4J−1 Fi I Fj J
∂2W

∂CI J ∂CK L
FkK Fl L , (6)

where J = det F is the volume ratio.
The fluid flow within the tissue was assumed to obey

Darcy’s law,

w = −k grad p, (7)

where w is the filtration velocity, k is the (isotropic) per-
meability, and p is the pore fluid pressure. The isotropic
permeability, k, was described as strain dependent, with the
expression of Holmes and Mow (1990) in the form given by
Wu and Herzog (2000), as a function of the void ratio, e,
which is the ratio of the fluid volumetric fraction φ f to the
solid volumetric fraction φs ,

k = k0

(
e

e0

)κ

exp

{
M

2

[(
1 + e

1 + e0

)2
− 1

]}
, (8)

where κ and M are non-dimensional material parameters that
need to be determined experimentally (Holmes and Mow
1990), k0 is the initial permeability, and e0 is the initial void
ratio.

All mechanical properties of articular cartilage were
assumed to be depth dependent and were described as a func-
tion of the normalized cartilage tissue depth, running from
the bone–cartilage interface, ξ = 0, to the articular surface,
ξ = 1 (Federico et al. 2005; Han et al. 2007). The sub-
chondral bone, modelled as biphasic and linearly elastic, was
assumed to be homogeneous.

The aggregate elastic modulus, HA, which is related to the
Young’s Modulus, E , and the Poisson’s ratio, ν, by

E = (1 − 2ν)(1 + ν)

(1 − ν)
HA. (9)

and the Poisson’s ratio, ν, were extrapolated from the depth-
dependent measurements made by Schinagl et al. (1997) and
Wang et al. (2003), respectively, and were represented as a
function of tissue depth, ξ (HA expressed in MPa):

HA = −89.0965 ξ9 + 1387.28 ξ8 − 4789.81 ξ7

+ 7334.81 ξ6 − 5791 ξ5 − 2348.86 ξ4

− 412.918 ξ3 + 13.0337 ξ2 − 3.58188 ξ

+ 2.49998, (10)

ν = −0.3517 ξ + 0.3972. (11)

Note that the experiments performed by Wang et al. (2003)
were aimed at evaluating the anisotropic properties of artic-
ular cartilage, which we averaged to obtain the Poisson’s

Table 1 Material properties used in the macro-scale model (Maroudas
and Bullough 1968; Wang et al. 2003; Schinagl et al. 1997)

Material properties—macroscale

E (MPa) ν k0 (10−15m4/Ns) e0

Cartilage (matrix) Eq. (9) Eq. (11) Eq. (12) 4.200
Subchondral bone 2.0 × 103 0.20 1.0 × 10−5 0.176

Note that the values for permeability and void ratio are for the unde-
formed cartilage; permeability and void ratio were assumed constant
for bone

ratio as 1
2 (ν31 + ν32), where the index 3 indicates the axial

direction.
The polynomial function that describes the dependence

of the initial permeability, k0, on cartilage tissue depth was
extrapolated from published experimental data (Maroudas
and Bullough 1968) and was expressed in units of
10−15m4/Ns

k0 = 8.241 ξ5 − 19.24 ξ4 + 13.95 ξ3

−3.351 ξ2 + 0.4880 ξ + 0.1390. (12)

The osteochondral sample was assumed to have a radius
of 3 mm and to be comprised of a 1-mm-thick cartilage tissue
layer “mounted” on a 2-mm-thick layer of bone.

The remaining mechanical properties of cartilage and
bone are reported in Table 1.

2.2 Micro-scale model

The micro-scale model consists of biphasic chondrons,
i.e., chondrocytes with their surrounding pericellular matrix
(PCM) and pericellular capsule (PC) (Poole et al. 1987),
embedded in the cylindrical extracellular matrix (ECM).
Cell, PCM, PC and ECM were assumed to be perfectly
bonded (Guilak and Mow 2000).

The material properties of the ECM were assumed to be
depth-dependent, non-linear, isotropic and homogeneous and
modelled with the Holmes–Mow elastic strain energy poten-
tial (Holmes and Mow 1990). The dimensions of the cylin-
drical ECM were designed to take into account the aspect
ratio and volumetric fraction of the embedded chondrocytes
at the different depths (Han et al. 2007). The aspect ratio of
the ECM cylinder was assumed to be the same as its corre-
sponding chondrocyte (Han et al. 2007), that is,

Y (ξ)

R(ξ)
= αc(ξ) = ac(ξ)

bc(ξ)
, (13)

where Y and R are the semi-height and radius of the cylin-
drical ECM, respectively; ac is the semi-axis in the direction
of the axis of symmetry, and bc is the semi-axis in the trans-
verse plane. The aspect ratio of a chondrocyte is defined as
αc = ac/bc.
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The ratio of the volumes of the cell and the embedding cylin-
der was assumed to be equal to the cell volumetric fraction,

Vcell(ξ)

VEC M (ξ)
= φc(ξ) (14)

where φc(ξ) is the cell volumetric fraction at the normalized
depth ξ .

The initial diameter of the chondrocytes in the mid-
dle/deep zone of cartilage tissue was assumed to be 10 µm
(Guilak et al. 1995). The aspect ratio, αc, and the volumetric
fraction, φc, of the cells were used to determine the dimen-
sions of chondrocytes in different layers of cartilage tissue.
Both the aspect ratio (Eq. 15) and volumetric fraction (Eq. 16)
of the chondrocytes were depth dependent and were based
on interpolated polynomials from Han et al. (2007) and the
experimental data from Guilak et al. (1995).

αc =
{

1 ; ξ ∈ [0.0, 0.7],
−7.407ξ2 + 10.37ξ − 2.629 ; ξ ∈ [0.7, 1.0]. (15)

φc =
⎧⎨
⎩

0.025 ; ξ ∈ [0.0, 0.3],
0.093ξ2 − 0.056ξ + 0.033 ; ξ ∈ [0.3, 0.7],
1.45ξ2 − 1.955ξ + 0.698 ; ξ ∈ [0.7, 1.0].

(16)

Chondrocytes were modelled as revolution ellipsoids
(spheroids) and were assumed to be biphasic continua (Han
et al. 2007; Guilak and Mow 2000). Chondrocytes at differ-
ent depths exhibit different mechanical properties: superfi-
cial zone cells are stiffer than middle/deep zone cells (Shieh
and Athanasiou 2006). The solid phase of chondrocytes was
assumed to be isotropic, homogenous and linear. The depth-
dependent geometry and permeability of chondrocytes were
obtained from previous studies (Trickey et al. 2000; Han et al.
2007).

Chondrocytes in the superficial zone lack the PC (Poole
et al. 1987) and were, therefore, modelled as being sur-
rounded by the pericellular matrix (PCM) only. The PCM
layer in the superficial zone was assumed to be 1.5 µm thick
and biphasic. The solid phase of the PCM layer (Alexopou-
los et al. 2005a) was assumed to be non-linear, isotropic and
homogeneous (Poole et al. 1987).

The thickness of the PCM surrounding the cells in the
middle and deep zones was assumed to be 2.0 µm. Middle
and deep zone cells are also surrounded by the PC, which
was modelled as a biphasic, homogeneous but linear trans-
versely isotropic composite with thickness of 1.0 µm (Han
et al. 2011; Federico et al. 2004, 2005).

The permeability of the cells, PCMs and PCs was assumed
to be strain dependent (Eq. 8) (Wu and Herzog 2000). The
initial permeability, k0, and initial void ratio, e0 of the PCM
and PC were taken from previous studies (Wu and Herzog
2000; Alexopoulos et al. 2005b).

Chondrocytes are also surrounded by a cell membrane.
The cell membrane was modelled as a biphasic 0.1 µm thick
layer with a permeability of about 6 orders of magnitude

Table 2 Material properties used in the micro-scale model (Shieh and
Athanasiou 2006; Alexopoulos et al. 2005a,b; Ateshian et al. 2007; Han
et al. 2007; Wu and Herzog 2000; Trickey et al. 2000)

Material properties—micro-scale

E (kPa) ν k0 (10−15m4/Ns) e0

Cell (superficial zone) 1.59 0.34 4.200 × 100 4.88
Cell (middle/deep zone) 0.69 0.34 4.200 × 100 4.88
PCM 40 0.04 4.000 × 10−2 4.00
PC 200 0.05 1.079 × 100 4.00
Cell membrane 40 0.34 3.000 × 10−6 3.00

smaller than the permeability of the cell (Ateshian et al.
2007).

The material properties used in the micro-scale model are
summarized in Table 2.

2.3 Numerical implementation procedures

The commercial Finite Element software ABAQUS v6.10
was used to implement the model. Quadratic pore pressure
elements were used to represent the biphasic nature of the
cartilage tissue and chondrocytes. Transient consolidation
theory was applied to compute the transient response of the
tissue and cell models. A user-defined material (UMAT) was
introduced to describe the Holmes–Mow elastic potential.
A confined compression test was performed on the tissue
model by constraining the lateral surface of the tissue from
radial displacement and fixing the subchondral bone at its
bottommost boundary. The articular surface of the tissue
(macro-scale) model was then subjected to a nominal strain of
5% using four strain rates (0.167%/s, 5%/s, 50%/s, 500%/s)
(Fig. 2). The pore pressure was imposed to be zero at the

Fig. 2 Load pattern applied to the tissue level model. A nominal strain
of 5% was applied to the articular surface at four different strain rates:
0.167%/s, 5%/s, 50%/s, 500%/s. In the graph, u(t) is the nominal strain
applied as a function of time, while uo is the peak nominal strain applied
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Fig. 3 Nominal stress–strain relationship of cartilage tissue at differ-
ent strain rates

Fig. 4 Peak compressive strain of local tissue subjected to loading at
four different strain rates

articular surface, to allow free fluid flow through the sur-
face. Cells were studied at three locations: the superficial
zone (ξ = 0.9), middle zone (ξ = 0.5) and the deep zone
(ξ = 0.1). The time-varying solid displacements and fluid
pressures at each node of the macro-scale model were used
as boundary conditions for the micro-scale model.

3 Results

Changes in nominal stress–strain curve for cartilage tissue
were compared for different strain rates (Fig. 3). The stress–
strain curves of the cartilage tissue were all non-linear and
showed increasing stiffness with increasing strain rates. The
peak local compressive strain of the tissue also increased
with increasing strain rates and was highest at the highest
strain rate (Fig. 4). The tissue strain was amplified in the
middle/deep zone cells, but attenuated in the superficial zone
cells (Fig. 5).

Changes in fluid velocities through cells, cell height,
hydrostatic pressure, cell membrane tangential strain and

Fig. 5 Differences of peak cell strain from peak local tissue strain in
the superficial, middle and deep zones subjected to four different strain
rates

Fig. 6 Example of minimum principal strain distribution in superficial
zone cell model under 5% nominal tissue strain at 500%/s

strain rates were compared for the different strain rates for
the cells located in the superficial, middle and deep zone
(Figs. 8, 9, 10, 11, 12). The transient responses of the cells
to the mechanical loading were measured from the moment
the tissue model was strained until the peak of the applied
strain.

An example of strain distribution in the cells during tis-
sue compression is shown in Fig. 6. The location of the peak
tangential tensile membrane strain in the cell membrane is
also given in Fig. 7.

At the highest tested strain rate (500%/s), the fluid veloc-
ity through cell was fastest, but was only 68% faster than
fluid velocity at physiological strain rate (5%/s) (Fig. 8).

The cell compressive strain (Fig. 9) was also maximal at
the highest strain rate (500%/s) and was smallest when loaded
at the lowest loading rate (0.167%/s). However, the max-
imum strain at impact loading (500%/s) was only approxi-
mately 20% higher than that observed at a more physiological
loading rate (5%/s).
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Fig. 7 Example of tangential tensile membrane strain of superficial
zone cell. It was found that maximum tangential tensile strains occur at
the top of the cell membrane

Fig. 8 Peak fluid velocities through the cell membrane for cells in the
superficial, middle and deep zones of the cartilage tissue exposed to
four different strain rates

Fig. 9 Peak compressive cell strain for cells located in the superfi-
cial, middle and deep zones subjected to loading at four different strain
rates

Fig. 10 Changes in peak cell pressure for cells located in the superfi-
cial, middle and deep zones subjected to loading at four different strain
rates

Fig. 11 Peak tangential tensile membrane strains for cells located in
the superficial, middle and deep zones subjected to loading at four dif-
ferent strain rates

Generally, cell strains in the superficial zone were higher
than those obtained in the middle/deep zone. The cell pres-
sure (Fig. 10) increased about 50 times when loading rates
increased from 0.167 to 500%/s.

The tangential tensile membrane strains in superficial
zone cells (19–28%) were generally much higher than those
observed in the middle/deep zone (Fig. 11). Cell membrane
strains were similar across strain rates. The rate of change in
tangential tensile membrane strains (Fig. 12) was highest at
the highest strain rate and for the superficial zone cells.

4 Discussion

A 5% nominal strain, confined compression test was used to
study why articular cartilage may die when exposed to impact
loading but survive when exposed to slow loading rates of
similar magnitude. Previous studies suggest that low-impact
energies are sufficient to cause significant cell death with-
out compromising the structural integrity of the extracellular
matrix (Duda et al. 2001). Therefore, the strain magnitude in
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Fig. 12 Peak tangential tensile membrane strain rates for cells in the
superficial, middle and deep zones of the cartilage tissue exposed to
loading at four different strain rates

this study was chosen to be small so that the matrix would
likely remain intact (Milentijevic et al. 2003).

Milentijevic and Torzilli (2005) quantified the effects of
stress rate on in-situ chondrocyte viability. They found that
when a 30 MPa stress was applied over 30 ms (stress rate of
1,000 MPa/s), a maximum nominal strain of 13.8% was mea-
sured giving an average strain rate of about 460%/s, and this
led to observable cell death in the superficial zone. The car-
tilage tissue in our Finite Element (FE) model was subjected
to a strain rate of 500 %/s. From the stress–strain relationship
of the cartilage tissue (Fig. 3), this results in a stress of about
58 MPa (at a rate of 5,800 MPa/s) onto the tissue. However,
there are no reports of impact loading of cartilage for a 5%
strain, and thus direct comparison of our results with exactly
equivalent results is not possible. Isaac et al. (2008) impacted
patellae of rabbits with a load of about 45 MPa and found
that the highest cell death occurred in the superficial zone.
The high stress applied to the cartilage tissue could also be a
factor in chondrocyte death. In our model, the stress applied
at impact was 58 MPa. Therefore, it is reasonable to assume
that 500%/s would lead to cell death in the superficial zone.

In the current study, the intrinsic viscoelasticity of the
tissue and the cells was neglected. Therefore, the only visco-
elastic effect that was taken into account is due to the biphasic
nature of both tissue and cells. This choice was dictated by the
fact that the viscoelasticity due to the drag force exchanged
between solid and fluid phases is thought to dominate the
intrinsic viscoelasticity of the solid phase (Mow et al. 1980).
The stress–strain curves of the tissue model (Fig. 3) used
here were shown to become steeper when the strain rates
increase, which is the effect of tissue’s viscoelasticity due to
its biphasic nature.

The cartilage tissue (macro-scale model) was modelled
assuming a homogeneous mixture of proteoglycan matrix
and collagen fibres. It is known that collagen fibre ori-
entation varies with tissue depth (Hedlund et al. 1993).

Generally, collagen fibres are parallel to the articular surface
in the superficial zone, randomly arranged in the middle zone
and perpendicular to the tidemark in the deep zone (Hedlund
et al. 1993). Since collagen fibres function predominantly
in tension, and the radial stretch of the cartilage tissue in
confined compression is close to zero (Li et al. 2005), and
mathematically zero for a model that is homogeneous in the
radial direction, it is reasonable to assume that the homoge-
nization of proteoglycan and collagen fibres does not affect
the mechanical response of the cartilage tissue significantly.

Also, the cylindrical ECM used in the micro-scale model
was built according to the aspect ratio and volumetric fraction
of the embedded chondrocytes at the varying tissue depths.
This is a crucial step to ensure that each micro-scale model
consists of only one chondron.

From the simulations’ results, we found that the tissue
strains were amplified at the cell level (positive values in
difference) in the middle/deep zone of the tissue. Since the
cells are about three orders of magnitude softer than the tis-
sue (in the middle zone, the Young’s modulus of the tissue is
700 times larger than that of the cell, whereas in deep zone,
it is 1,800 times larger), cells could reasonably be treated
as voids in the tissue and they would be compressed more
than the local tissue. According to Chahine et al. (2007), who
loaded the cartilage at a slow loading rate (0.14%/s), local
tissue strains in the middle/deep zones are greatly amplified,
which agrees with our findings.

In contrast, cell strains in the superficial zone were
about 27% smaller than tissue strains. The difference in
material strength between cells and tissue in this region is
much smaller than in the middle/deep zone (in the superfi-
cial zone, the Young’s modulus of the tissue is 140 times
larger than that of the cell). Also, in contrast to cells in
the middle/deep zone, cells in the superficial zone are flat
and stiffer (refer to Table 2) (Shieh and Athanasiou 2006),
which is arguably a way to protect them from large com-
pressive deformations. All these factors contribute to the
smaller cell strain compared to tissue strain in the superficial
zone.

However, our simulation results suggest that superficial
cells are more susceptible to changes in strain rates than cells
in the middle and deep zones. The maximum compressive
cell strain and the tangential membrane strain reached values
of up to approximately 23% in superficial zone chondrocytes,
while the applied nominal strain was merely 5%. These dis-
parities in the magnitude of applied tissue strain with result-
ing cell strains were expected considering that the local tissue
strains were not controlled and varied substantially because
of the variable, depth-dependent material properties. The fac-
tor affecting cell mechanics the most is the local tissue strain,
and a local tissue strain of 30% is reasonable for a 5% nominal
tissue strain given the depth-dependent material properties of
the tissue.
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Compressive cell strains were highest for the highest
(impact) strain rate (Fig. 9). This is to be expected, con-
sidering that the cell is three orders of magnitude softer than
the surrounding ECM. For increasing rates of tissue loading,
the drag forces applied increase too, as they are proportional
to the filtration velocity of the fluid with respect to the solid,
that is, (Hassanizadeh 1986; Grillo et al. 2009),

divσ s = −φ f k−1w + p gradφ f (17)

where σ s is the Cauchy stress in the solid, φ f is the fluid volu-
metric fraction, k is the permeability, w = φ f (v f −vs) is the
filtration velocity (given by the velocity of the fluid relative
to the solid and rescaled by the fluid volumetric fraction),
and p is the pore pressure. Therefore, the increasing drag
forces lead to increasing stresses and thus to the increasing
strain found in the local tissue. Since the cellular responses
(cells are also biphasic) depend greatly on the cells’ micro-
environment, cell strains also increase with increasing strain
rates.

Nevertheless, cell compressive strains did not reach levels
where chondrocytes would be expected to die. Guilak et al.
(1995) reported that in-situ cells remained alive under com-
pressive strain as high as 30%. Also, Nguyen et al. (2009)
found that mean normal cell strains of 78% were required to
kill chondrocytes. Such values were not even close to those
found in our computational loading protocols (the largest
compressive cell strains were approximately 23% at a load-
ing rate of 500%/s). However, previous studies have shown
that compressive strains of 5% at impact rate can cause chon-
drocyte death in the superficial zone (Milentijevic et al. 2003;
Milentijevic and Torzilli 2005). Therefore, it seems unlikely
that compressive strains can kill chondrocytes during impact
loading involving small tissue deformations.

Furthermore, we found that the deep zone cells strain more
than middle zone cells. Similar observations were also made
for local tissue strains (Fig. 4). The reason for these results
might be associated with the tissue fluid flow. Although the
middle zone is the most permeable to fluid flow, it expe-
riences very small fluid flow during tissue compression, as
flow is severely restricted by the superficial and deep zones.
Since fluid is assumed to be incompressible, it resists com-
pression of the cartilage. In contrast, the deep zone tissue
allows a small amount of fluid to escape through the tide-
mark (the permeability of cartilage at the tidemark interface
is 1.39 × 10−16m4/Ns, while the permeability of the bone
is constant at 1.00 × 10−20m4/Ns). Even though the fluid
flow through the tidemark is negligible compared to fluid
flow through the articular surface, the slight difference in
fluid flow between deep zone and middle zone could eventu-
ally cause the fluid resistance to compression to be smaller
in the deep than the middle zone cartilage. This would lead
to higher local tissue strains in the deep compared to the
middle zone, which in turn leads to greater compressive and

tangential strains in the deep compared to the middle zone
cells.

Isolated chondrocytes have been shown to die by apop-
tosis when exposed to hydrostatic pressures as low as
5–10 MPa (Islam et al. 2002; Nakamura et al. 2006).
However, chondrocytes protected by the PCM can resist
pressures as high as 50 MPa without any apparent side effect
(Nakamura et al. 2006). The highest hydrostatic pressures
produced in our study occurred at the fastest (impact) strain
rate and reached approximately 47 MPa (Fig. 10). This result
suggests that chondrocytes would likely not have been killed
in our impact loading scenario by excessive hydrostatic pres-
sures.

We also looked into the role played by fluid velocities.
Regarding the possible cause of cell necrosis, we think that
the fluid velocity into/out of the cells through the cell mem-
branes is a more important factor than fluid velocities through
ECM and cell. Fluid flow would be expected to exert drag
forces on the solid phase and intracellular structures, and
increasing velocities would lead to greater drag forces (see
Eq. (17)), which may eventually lead to damage of intracel-
lular components. This series of events would be expected
to cause cell death by apoptosis. Here, we were interested in
cell necrosis associated with damage to the cell membranes
and thus investigated fluid flow across the cell membranes.
We found that fluid velocity across cell membranes is higher
for cells in the superficial zone (Fig. 8) compared to cells
in the middle/deep zones, but fluid velocity only increased
by 68% for an increase in strain rates of 10,000%. There-
fore, we believe that fluid velocity across cell membranes is
not a significant factor in chondrocyte death during impact
loading.

The greatest membrane tangential strain rates were
observed at the highest strain rates and for the superficial
zone cells (Fig. 12). This observation is of interest as exper-
imental studies show that cell death due to impact loading
occurs primarily in superficial zone cells (Milentijevic et al.
2003; Milentijevic and Torzilli 2005). Therefore, we sug-
gest that the tangential membrane strain rate may play an
important role in chondrocyte death associated with impact
loading.

It should be mentioned that the focus of this study was
to investigate the factors that cause cell necrosis, rather than
apoptosis, under impact loading conditions. In most stud-
ies (Milentijevic et al. 2003; Milentijevic and Torzilli 2005;
Ewers et al. 2001), cell death after impact loading occurs
“instantaneously” suggesting it is a primarily necrotic event.
Live cell membranes are impermeable to the probes (e.g.
propidium iodide, ethidium homodimer) used to study cell
death, which could only give off fluorescence when reach-
ing the cell nucleus. Therefore, experimentally observed cell
death is associated with membrane failure (Bevensee et al.
1995).

123



Mechanical behaviour of in-situ chondrocytes subjected to different loading rates 991

The plasma membrane is composed of a phospholipid
bilayer that contains various protein subunits and glyco-
proteins. Various forces (van der Waal, electrostatic, hydro-
gen bonds and non-covalent interactions) contribute to the
formation of the phospholipid bilayers. Jay and Canham
(1977) studied cell membranes and found them to be vis-
coelastic, and failure strains have been shown to be around
2–3% (equivalent to a critical tension of about 0.5 Pa Raucher
and Sheetz 1999; Sheetz and Dai 1996). A live cell, how-
ever, can buffer membrane strains with its invaginations
as well as projections (Raucher and Sheetz 1999; Esco-
lar et al. 1989; Nielsen et al. 1993). Therefore, live cell
membranes can accommodate much greater strains than
the failure strains obtained using isolated membrane fail-
ure experiments (Evans and Skalak 1979; Waugh 1983). Our
simulation results showed large membrane tensile strains
(about 30%) for all loading rates. However, since chondro-
cytes are known to survive 5% nominal tissue strains when
these are applied slowly, these membrane strains are likely
not the cause of cell death observed in impact situations with
small tissue deformations.

Previous experimental results indicate that cell membrane
damage is sensitive to the applied strain rate (Geddes et al.
2003; Shi and Whitebone 2006). Shi and Whitebone (2006)
found that cell membrane damage was much more severe
when strains were applied rapidly (355–519 s−1) rather than
slowly (0.006–0.008 s−1). They also demonstrated that strain
rate is much more important than strain magnitude by show-
ing that a strain of 100% applied slowly caused less struc-
tural and functional damage to cell membranes than a strain
of 25% applied at impact rate (Shi and Whitebone 2006).

Cells are able to repair membrane lesions through tension-
reduction and patching mechanisms (McNeil and Steinhardt
2003). Therefore, cells may survive membrane damage if
lesions are not big enough (Stroetz et al. 2001). However, Shi
and Whitebone (2006) pointed out that the repair of mem-
brane lesions caused by impact was incomplete, implying
that the damage imparted to cell membranes during impact
loading was permanent and typically led to cell necrosis.

Based on our theoretical considerations and previously
published experimental results, we propose that chondrocyte
death during impact loading occurs when the plasma mem-
brane tangential strain rate exceeds a certain threshold value.
Though cells can attenuate membrane strains through unfold-
ing mechanisms, rapidly applied strains may not allow for
these unfolding events to occur, causing high tensile mem-
brane stresses and membrane failure (Nguyen et al. 2009).
Using the same argument, the viability of cells in the mid-
dle/deep zones following impact loading could be explained
by the fact that the cells’ tangential tensile membrane strain
rate is relatively smaller.

We made a series of assumptions in this study, and they
must be considered when interpreting our results. First, the

maximum tangential membrane strains were assumed to
occur at the top, or lateral, or bottom surfaces, and were only
quantified at these locations. Second, the cell and matrix were
assumed to be perfectly bonded, whereas, in reality, cells are
anchored to the extracellular matrix through focal adhesions
(Hynes 1992). Third, cell membranes were assumed to be
continuous with smooth surfaces, while in reality, they are
made of phospholipid bilayers with variable surface topol-
ogy. Finally, the thickness of the cell membranes was taken
as 0.1 μm for numerical stability (Ateshian et al. 2007).

Despite these limitations, the current model provides
insight into the chondrocyte mechanics during the transient
phase of impact loading, which cannot be measured exper-
imentally at this time. Future improvements of this model
may include focal contacts between chondrocyte and extra-
cellular matrix (Ward and Hammer 1993), a more realis-
tic representation of cell membranes and incorporation of a
cytoskeletal micro-structure (Ward and Hammer 1993). Most
importantly, however, we are working to develop the experi-
mental techniques to observe chondrocyte mechanics during
impact loading in the intact joint, so that experimental valida-
tion of these findings will be possible. Good progress towards
this goal has been made recently with a first ever description
of chondrocyte mechanics in the intact joint loaded by mus-
cular contractions (Abusara et al. 2011).
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