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ABSTRACT: Osteochondral resurfacing implants are a promising treatment for focal cartilage defects. Several implant-factors may affect
the clinical outcome of this treatment, such as the implant material stiffness and the accuracy of implant placement, known to be
challenging. In general, softer implants are expected to be more accommodating for implant misalignment than stiffer implants, and motion
is expected to increase effects from implant misalignment and stiffness. 3D finite element models of cartilage/cartilage contact were
employed in which implantation angle (0˚, 5˚, 10˚) and implant material stiffness (E¼5MPa, 100MPa, 2GPa) were varied. A creep loading
(0.6MPa) was simulated, followed by a sliding motion. Creep loading resulted in low maximum collagen strains of 2.5% in the intact case
compared to 11.7% with an empty defect. Implants mostly positively affected collagen strains, deviatoric strains, and hydrostatic pressures
in the adjacent cartilage, but these effects were superior for correct alignment (0˚). The main effect of implant misalignment was bulging of
opposing cartilage tissue into the gap caused by the misalignment. This increased collagen strains and hydrostatic pressures. Deviatoric
strains were increased adjacent to the gap. Subsequent sliding initially increased strains for a stiff, misaligned implant, but generally sliding
decreased strains. In conclusion, implants can decrease the detrimental effect of defects, but correct implant alignment is crucial, more than
implant material stiffness. Implant misalignment causes a gap, causing potentially damaging cartilage deformation during prolonged
loading, for example, standing, even for soft implants. Mild motion may positively affect the cartilage. � 2018 The Authors. Journal of
Orthopaedic Research1 published by Wiley Periodicals, Inc. on behalf of Orthopaedic Research Society. J Orthop Res 36:2911–2922, 2018.
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Focal cartilage defects are a common type of joint
injury1,2 which can be very painful and cause severe
disability.3,4 Such focal defects usually progress into
osteoarthritis.5–8 Common treatments of such defects
include a marrow-stimulating therapy called micro-
fracturing or a cell-based regenerative therapy called
autologous chondrocyte implantation (ACI, Jeuken
et al.9). However, both treatment strategies depend on
the regenerative potential of the patient. For older
patients with reduced regenerative capability, tissue
adaptation will be limited to the spreading of tissue
damage. For these patients, non-resorbable resurfac-
ing implants may be a promising alternative treat-
ment. Osteochondral resurfacing implants have the
potential to allow the patient to maintain an active
lifestyle, and in addition, delay the need for a total
knee arthroplasty (TKA). Metal resurfacing implants,
such as HemiCap1 (Arthrosurface INC., Franklin,
MA) and Episealer1 Condyle Solo (Episurf Medical
AB, Stockholm, Sweden), are already commercially
available and/or are in the process of testing in human
trials.10,11 A polymeric/metal hybrid resurfacing im-
plant called BioPolyTM is also in clinical trial.12

The use of materials with different mechanical
properties for resurfacing implants, such as metals13,14

with a stiffness around 35 GPa,15 polymers of a wide
range of stiffnesses depending on the composition,
autologous cartilage, and bone in the case of mosaic-
plasty with a stiffness for cartilage of around
0.69MPa,15 and autologous chondrocyte implantation
with an even lower stiffness, will affect the biomechan-
ics in the surrounding and opposing cartilage, and
likely the clinical outcome of the treatment. Another
factor known to be vital for the clinical outcome of
treatments using osteochondral implants is the place-
ment of the implant. Precise positioning of the implant
has been shown to be challenging to achieve consis-
tently.16 It is generally accepted that a protruding
implant should be avoided and most studies advise
placement of the implant flush with, or just below, the
adjacent articular surface.15–19 Deep placement of the
implant can also be damaging.15,16,18 From a pilot
study performed in another project, it was shown that
misalignment of implantation up to 10˚ is quite
common. Koh et al.20 showed that if an osteochondral
autograft is placed at an angle, the protruding edge
should be placed flush with the adjacent surface, such
that the lower edge is sunk below the articular
surface. However, it is unclear whether there is a
certain angulation tolerance, and if such a tolerance is
dependent on the mechanical properties of the implant
material.

We hypothesize that effects of angulation are smaller
for an implant with a low stiffness than for an implant
with a high stiffness. This means that a soft implant is
expected to be more accommodating for larger devia-
tions from the correct implantation angle than stiffer
implants. During loading, cartilage will deform signifi-
cantly into defects or gaps, resulting in deformations
and pressures that are potentially damaging.21 When
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an implant is incorrectly positioned, the area that
remains unfilled by the implant is larger compared to
when the implant is correctly placed. When an implant
with a low stiffness is used, this gap will be compen-
sated for to some extent due to deformations of the
implant itself, resulting in a smaller gap. Stiff implants
deform less, and thus the gap will be larger. The larger
gap resulting from a stiff implant at an angle may
cause larger cartilage deformations and thus higher
tissue strains. During motion after compressive creep
loading, adverse effects from implant angulation and
material stiffness are expected to be amplified, because
sliding poses additional deformations on the cartilage
tissue. In the current study, we aimed to investigate
these hypotheses and identify vital design and implan-
tation criteria by employing 3D Finite Element models
of cartilage/cartilage contact with a composition-based
material model for articular cartilage. In addition to an
intact and defect geometry, implantation angle varia-
tions, and implant material stiffness variations were
investigated.

METHODS
Geometry and Mesh
3D Geometries of simplified cartilage/cartilage contact in the
knee joint were developed using Abaqus 2016 (Dassault
Syst�emes, V�elizy-Villacoublay, France) for in an intact case, a
defect case, and cases in which a defect was treated with an
osteochondral implant placed at angles of 0˚, 5˚, and 10˚
(Fig. 1). For simplification, menisci were neglected by assum-
ing two flat pieces of cartilage with congruent contact. Due to
symmetry, only half of a cylinder was considered. Two parts,
with a diameter of 50mm and thickness of 20mm, consisted
each of a layer of articular cartilage (2.6mm thick), a
subchondral bone plate underneath the cartilage (thickness
0.213mm), and the rest cancellous bone. The cartilage edges
were rounded, to prevent high deformations outside of the
area of interest. In the defect model, a circular full-thickness
cartilage defect with a diameter of 6mm was created at the
center of the cylinder. In the implant models of perfect implant
placement, this defect was extended into the bone to obtain a
defect with a total depth of 10mm, which was then and filled
with a cylindrical implant which fit the space perfectly
(diameter 6mm and height 10mm). The articular edges of the
implant were rounded with a radius of 0.5mm, which is
always done in practice to prevent any sharp edges on the
implants. In the implant models with implantation angles of 5˚
and 10˚, the defect was extended a bit more into the bone such
that the most prominent edge of the implant was placed flush
with the articulating surface with a 10mm height implant.

Frictionless contact was assumed between cartilage parts.
Between implant and cartilage, a coefficient of friction of 0.1
for various biomaterials at time scales around 1min was
assumed.22 The contacting surfaces of bone and implants were
tied to each other to represent contact without any relative
motion, that is, perfect fixation of the implant in the bone.

A total of eight elements covered the thickness of each of
the cartilage layers. At the superficial zone, the thickness of
elements was 0.176mm, three times thinner than at the
deep zone, to ensure a correct representation of the parallel
fibers in the thin superficial zone. Elements at the center of
the model were 0.25mm wide, while at the outer edges,
cartilage elements were up to 2mm wide. This ensured a

sufficient number elements in the regions of interest (Fig. 2).
The element type used for bone, both cancellous and
subchondral, and implant was a linear eight-node brick
reduced integration element (C3D8R). The element type used
for cartilage was a linear hexahedral reduced integration
pore pressure element (C3D8RP, with enhanced hourglass
control).

Materials
Cartilage
A previously developed and validated composition-based
material model for healthy articular cartilage was used to
simulate the behavior of cartilage (Fig. 2). This model
includes depth-dependent fiber-reinforcement, poroviscoelas-
ticity, and swelling behavior.23 In the model, the porous solid
matrix contains proteoglycans in a non-fibrillar matrix, and
collagen fibers in a fibrillar component of the solid. The
collagen fibers form a network, formed by two primary fiber
directions in the x-y plane per integration point which
together form the arcade-like organization proposed by
Benninghof24 (Fig. 1, blow up) and seven secondary visco-
elastic fiber directions per integration point, representing
crosslinks and fibers in random directions. Donan-Gibbs
osmotic swelling is included in the non-fibrillar matrix,
where negatively charged proteoglycans cause a swelling
pressure in the tissue which is restricted by the collagen
fiber network.23

As the model is composition based, each component
contributes to the total stress (stot) in the cartilage:

stot ¼ �mf Iþ ns;0 1�
Xtot f

i�1
ric

� �
snf þ

Xtot f

i�1
rics

i
f

� �
� DpI

where mf is the fluid pressure (hydrostatic pressure), ns,0 the
initial solid volume fraction, ric is the volume fraction of the
collagen fibers in the ith direction with respect to the total
volume of the solid matrix, snf is the stress in the non
fibrillar part, si

f the stress in the collagen fibers in the ith
direction, and Dp is the osmotic swelling pressure. The stress
in the non fibrillar network is calculated using a Neo–
Hookean model. The stress in the collagen network is given
by25:

sf ¼ sf ib~ef ~ef þ sf iso

where sf ib is modeled by a spring parallel to another spring
in series with a linear dashpot. The springs are modeled
using a two-parameter exponential stress–strain relation-
ship. sf iso is the isotropic stiffness of the fibers, and is
described by the same Neo–Hookean model used to describe
the stress in the non-fibrillar network. Both the shear
modulus of the matrix and the shear modulus of the collagen
fibers are set to 1MPa.25

The density of the primary and secondary fibers are given
by23:

Primary fibers rc ¼ rc;tot
C

2Cþ 7

Secondary fibers rc ¼ rc;tot
C

2Cþ 7

withC ¼ 3:0

For more details, all other parameter values and for
formulations of the osmotic pressure and strain dependent
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permeability, the reader is referred to the Appendix and
Wilson et al.23

The model is implemented through a UMAT subroutine in
a commercial FE solver (Abaqus 2016, Dassault Syst�emes,
V�elizy-Villacoublay, France).

Subchondral and Cancellous Bone
Both the subchondral plate and cancellous bone (Fig. 2) are
modeled as linear elastic materials with Young’s Moduli of
16.16GPa and 1GPa, respectively15,26 and a Poisson’s ration
of 0.3.

Implants
The implant (Fig. 1) is modeled using a linear elastic material.
Three different Young’s moduli are used; 5MPa, 100MPa,

and 2GPa, with a Poisson’s ratio of 0.4. This wide range of
Young’s moduli corresponds to a wide range of possible
materials for osteochondral resurfacing implants, from auto-
graphs to soft and harder polymers and even metals.

Boundary Conditions and Loading
Prior to any loading steps, the cartilage was allowed to
equilibrate during a swelling step of 100,000 s in which the
external salt concentration was lowered from 2M to 0.15M.
This was done to reach appropriate initial conditions that
mimic the swollen in vivo state of cartilage. The bone surface
of the lower part was fixed in all directions and the bone
surface of the top part was allowed to move in the vertical
direction. Symmetry boundary conditions were active on the
front plane. Free fluid flow at the free outer edges of the

Figure 1. Finite Element geometries for intact and defect (middle row) and implant angle variations (row below). Additional implant
stiffness variations are depicted at the bottom. The collagen fiber orientation is dependent on the depth in the articular cartilage (blow
up, top).
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cartilage was assumed throughout all steps by prescribing a
pore pressure of zero. During the loading step, a load of
0.6MPa was applied to the top bone surface of the upper
part in 10 s, followed by a creep step during which the load
was kept constant at 0.6MPa for 500 s. This corresponds
with a person of 60 kg bodyweight during one legged stance,
with an assumed contact area of 10 cm2 per knee.27 During a
subsequent sliding step of 1 s, the bottom part of the
geometry was moved to the right 5mm to the right. This
represents the motion during gait in vivo, displacements in
the knee during gait are around �1mm to þ1mm antero–
posterior and 0mm to �5mm medio-lateral, for a flexion
angle range of 0 and 70˚.28,29

Collagen fiber strain, deviatoric strain in the cartilage
matrix, and hydrostatic pressure were evaluated as output
parameters. Collagen fiber strains are assumed to be indica-
tive of damage to the fibers.30 At each integration point two
primary collagen fiber components were present in the x-y
plane, necessary to accurately represent the arcade architec-
ture of the fiber network. The maximum strain value of these
two components, in the direction of the fibers, at each
integration point was collected and used for further data
analysis. Deviatoric strains are a measure for the shape
change of the proteoglycan matrix, which is believed to be
predictive of damage to the non-fibrillar matrix.30 Different
levels of hydrostatic pressures are associated with chondro-
cyte activation, de-activation, or even apoptosis.31,32 Hydro-
static pressures were calculated by adding the pore pressure,
which is hydrostatic pressure in the fluid, at each element to
the trace of the stress in the solid fraction divided by 3,
which is the hydrostatic pressure in the solid, for each
element.

RESULTS
Static Creep Loading
Collagen fiber strains (maximum 2.7% at the articular
surface) and deviatoric strains (maximum 5.3% at the
outer edge of the model), were low in the intact model
(Fig. 3). Hydrostatic pressures were high in the center
and low toward the outer edges of the cartilage where
fluid is expelled from the tissue. A defect caused
bulging of adjacent and opposing tissue into the defect.
This resulted in increased collagen fiber strains in the

surface adjacent to the defect (maximum 11.8%) and
in the opposing cartilage (maximum 5.4%). At the
defect edges, deviatoric strains increased (maximum
10.9%), and hydrostatic pressure decreased. A per-
fectly placed implant at a 0˚ angle reduced all above
effects, though the extent depended on the stiffness of
the implant and the maximum strains remained
elevated compared to intact cartilage. Higher implant
stiffness resulted in higher collagen fiber strain and
hydrostatic pressure maxima, 9.1% and 1.50MPa for
5MPa implant compared to 9.4% and 1.56MPa for the
100MPa implant and 9.6% and 1.59MPa for the 2GPa
implant, respectively. Similarly, deviatoric strain max-
ima decreased with implant stiffness from 10.9.%
around an untreated defect, to 10.2% for the 5MPa
implant and 9.1% and 9.0% for 100MPa and 2GPa
implants, respectively.

When the implant was placed at an angle with one
side flush with the surface, the adjacent and opposing
tissue bulged into the depressed side when loaded.
Collagen fiber strains increased opposing to the gap,
deviatoric strains increased adjacent to the gap, and
hydrostatic pressures increased opposing to the gap
and adjacent to the implant. These effects were more
pronounced with increasing angle, and to a lesser
extent with increasing implant stiffness.

The volume of adjacent cartilage tissue at which
collagen fiber strain thresholds are exceeded was
always larger for the defect scenario than for any
other scenario (Fig. 4). In opposing cartilage, how-
ever, the volume exceeding collagen fiber thresholds
was larger for implants at an angle than for the
defect scenario. Among implants placed under the
same angle, the two stiffer implant variations
(100MPa and 2GPa) were generally associated with
larger volumes of high strain than the softest im-
plant. The volume exceeding a particular threshold
of deviatoric strain decreased in both opposing and
adjacent cartilage after inserting an implant in a
defect (Fig. 4). For hydrostatic pressure, implants are
associated with larger volumes at which thresholds
were exceeded when compared to the defect and
intact scenarios.

Sliding
After equilibration, the opposing cartilage bulged into
the defect area, which caused high collagen strains in
the superficial zone. Due to the angle that was chosen
for the implant, moving the lower cartilage to the left
has less impact in terms of friction between implant
and cartilage than moving the lower cartilage to the
right. Therefore the latter condition was presented in
Figure 5. At the onset of sliding, this opposing bulge
was pushed against the tissue adjacent to the defect
(Fig. 5). Consequently, the bulge decreased in size, and
the collagen fiber strains ameliorated. Strains adjacent
to the defect remained similar (Figs. 5 and 6). The
distribution of deviatoric strains changed, but the
tissue volume exceeding thresholds remained relatively

Figure 2. Mesh of the 3D FE geometry for the implant scenario
with an implant placed at 0˚ angulation, with the cancellous
bone in yellow, the subchondral bone plate in red, cartilage
layers in light blue, and the implant in dark blue.
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constant throughout the sliding step. Collagen strains
adjacent to a stiff implant (E¼2GPa) with a 10˚
angulation also remained similar during sliding, while
the collagen fiber strains in the opposing tissue
decreased significantly as the local tissue bulge was
pushed down. Tissue volume in the adjacent cartilage
exceeding a deviatoric strain of 5% increased during
the sliding step, but the volume exceeding 6% remained
unchanged (Fig. 5). In the opposing cartilage, the
volume exceeding strain thresholds remained constant
during the sliding step.

One of the simulations, with implant stiffness
2GPa and implantation angle of 10˚, was also done
with zero friction between implant and cartilage. The
largest difference in maximum collagen fiber strain
during the sliding step occurred at the end of sliding
with 9.1% strain for the original case compared to
9.4% strain for the frictionless case.

DISCUSSION
This study focused on the effects of the mechanical
stiffness of osteochondral implants combined with the

Figure 3. Collagen fiber strains (top of each set), deviatoric strains (middle of each set), and hydrostatic pressures (bottom of each
set) resulting from creep loading of 0.6MPa during 500 s. Strains in cartilage surrounding an implant with a stiffness of 5MPa are
shown in the left column, surrounding an implant with a stiffness of 100MPa in the middle column and surrounding an implant with a
stiffness of 2GPa are shown in the right column. Top row: Implants at an angle of 0˚; middle row: Implants at an angle of 5˚; bottom
row: Implants at an angle of 10˚. Right: Legend with strains for the intact and defect models. The number in the top right corner of
each images displays the maximum value in the cartilage for each scenario. To enhance the view for the deviatoric strain and
hydrostatic pressure images, the implant was removed from the view.
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effects of inaccurate implantation angles using 3D
Finite Element models of idealized cartilage/cartilage
contact in the knee joint. The FEA results demon-
strated that focal cartilage lesions caused adjacent
cartilage to bulge sideways into the defect, increasing
deviatoric strains at the defect edge and tangential
fiber strains in the adjacent superficial zone. Low
hydrostatic pressures at the defect edges were the
result of free fluid flow in this region. Interestingly,
the effect of an implant was different for the adjacent
and the opposing cartilage. In the adjacent tissue, the
mechanical situation was restored toward the healthy
state because an implant prevented bulging of sur-
rounding cartilage. This effect was nearly regardless
of implant stiffness or angle. In the opposing tissue,
however, the mechanical situation depended on im-
plant stiffness and angle. At a perfect implantation
angle, stiffer implants (2GPa) prevented more bulging
than softer ones (5MPa), thus they performed slightly
better. However, in neither case, potentially damaging

strains were reached. Placement of an implant at an
angle with the most prominent edge flush to the
surface, resulted in a gap at the depressed side
(Fig. 3). During a constant load over 500 s, the porous
cartilage tissue released fluid and stretched viscoelas-
tic collagen fibers, which caused the cartilage to
deform into the gap, similar to the original defect case.
Deviatoric strains surrounding the gap, collagen fiber
strains in the surface of the opposing cartilage and
hydrostatic pressures opposing the gap increased
significantly. Locally, the collagen fiber strains even
exceeded those in the case of the untreated defect.
Only in the extreme cases, softer material was slightly
more forgiving than stiffer material. However, the
effect of implantation angle always outweighed the
effect of implant stiffness. During sliding motion, after
a period of sustained static loading, the bulging tissue
was pressed back down, resulting in lower collagen
fiber strains in opposing tissue, whereas collagen
strains in adjacent tissue and deviatoric strains

Figure 4. The cartilage volume at which the collagen fiber and deviatoric strains exceed thresholds of 5–10% with intervals of 1%
and at which the hydrostatic pressure exceeds thresholds of 1–1.5MPa, with intervals of 0.1MPa. Blue lines represent implants at 0˚,
orange 5˚, and purple 10˚. Solid lines represent implants of 5MPa stiffness, dashed 100MPa and dotted 2GPa. The green solid line
represents the intact scenario and the red line represents the defect scenario. Left: Volume exceeding thresholds in adjacent cartilage,
right: Volume exceeding thresholds in the opposing cartilage.
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adjacent and opposing, remained constant throughout
the sliding step.

At the rim of the defect, superficial collagen fiber
strains increased significantly compared to the intact
situation, similar to previous numerical models.21,33

This is also where rim stress concentrations were
reported experimentally.34,35 Deeper in the tissue
deviatoric strains increased, in agreement with previ-
ous studies.21,33,36 Kock et al.37 reported that contact
pressures surrounding defects can be 190% of the
contact pressures in the healthy state, dependent on
gait phase,19 and on defect and implant size,15 which
could be ameliorated by mosaicplasty37 or a metal
osteochondral resurfacing implant.15 These effects
were also evident from the current predictions for
collagen fiber strain, deviatoric strain, and hydrostatic
pressure. Positioning errors such as proud or recessed
placement have been studied in the past using animal
studies, cadaveric knees, and finite element simula-
tions,15,16,18,19 but much less research has been done
on the angulation errors during osteochondral resur-
facing. Koh et al.20 studied the effect of angle and
depth of osteochondral autograft placement on the
resulting contact pressure maps. Although the general
magnitudes of their pressures agree with the present
findings (data not shown), it is not possible to compare
the present data with their work in more detail, due to
substantial differences in geometry, loading, and out-
put parameters.

There are several studies which consider damage to
the articular cartilage.38–40 In line with these studies,
we consider three damage metrics in this study, each
focusing on a separate component of cartilage; collagen
fiber strain as a metric for damage to the collagen
network, deviatoric strain as a metric for nonfibrillar

matrix disruption and hydrostatic pressure as a dam-
age metric for chondrocytes. No experimental data are
available on collagen type II fiber strain thresholds for
damage, but for collagen type I, the fiber strain at
which damage initiates is around 7–10%.41,42 These
are in the same order of magnitude as the strains
found in the superficial zone adjacent to a damaged
area. For the nonfibrillar matrix, also no true damage
threshold is known. However, a damage initiation
strain has been estimated round 30% based on fits
between computational evaluations and experimental
data.43 This deviatoric strain damage threshold is
never exceeded in the current simulations. Deviatoric
strains may also affect chondrocyte death, as there is
evidence that chondrocyte death is dependent on cell
aspect ratio.44 In addition, chondrocytes are known to
be affected by hydrostatic pressures. In vitro culturing
studies showed stimulatory effects of hydrostatic pres-
sures of 1–5MPa, while hydrostatic pressures of
10MPa and higher decreased activity and induced
chondrocyte apoptosis.31,32 Hydrostatic pressures at
the end of the loading step in the present study are
within the stimulatory range. In the beginning of the
creep step, hydrostatic pressures were up to roughly
0.7MPa higher, thus never exceeding the stimulatory
range. As the true damage thresholds are unknown,
we chose to present the data considering a range of
thresholds (Fig. 4). Furthermore, it can be assumed
that damage thresholds are affected by aging and
disease, because these affect articular cartilage biome-
chanics. With normal aging, AGEs (advanced glycation
endproducts) cause an increased cross-linking of colla-
gen molecules, which leads to a higher stiffness of the
cartilage. In addition, increased proteolytic activity
due to age and disease cause an increase in collagen

Figure 5. Collagen fiber and deviatoric strain distributions during a 1 s (0.5mm) sliding step following a 0.6MPa creep loading for
500 s for the defect scenario (left) and the 2GPa implant at 10˚ (right). The small black and white circle indicates the movement of the
bottom part to the right, with the top images the start of the sliding step and the bottom images the end of the sliding step. The
implant is removed from the view for improved interpretation.
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degradation.45 Because the exact strain thresholds for
cartilage damage are unknown and are likely affected
by aging and disease, we chose to present ranges of
strain thresholds in our data, rather than identifying
or selecting one particular threshold for damage.

A defect caused increased collagen fiber strains and
decreased hydrostatic pressures in cartilage opposing
and adjacent to the defect. Deviatoric strains were
increased in adjacent cartilage. A perfectly placed im-
plant generally benefitted the surrounding tissue com-
pared to an untreated defect, though peak collagen fiber
strains still reached potentially damaging values at the
implant edges. An implant at an angle, however, did not

benefit the surrounding tissue in all aspects; it resulted
in increased collagen fiber strains and a larger volume of
high collagen fiber strains in the opposing cartilage. On
the other hand, elevated deviatoric strains at the defect
edges were resolved to some extent by any implant at
any angle. These findings confirm that correct placement
of an osteochondral resurfacing implant is vital, but they
also suggest that over all, implants may have mostly
positive effects, regardless of stiffness and angle. Inter-
estingly and contra-intuitively, rather than causing
additional damage, this study reveals how joint motion
eliminates high strains which developed in opposing
cartilage during prolonged loading. The direction of

Figure 6. Cartilage volume at which collagen fiber (blue) and deviatoric (orange) strain thresholds are exceeded during a 1 s (0.5mm)
sliding step following a 0.6MPa creep loading for 500 s. Top four graphs: Defect scenario, bottom four images: 2GPa implant at 10˚
angle. Images on the left: Tissue volume adjacent to defect or implant, images on the right: Tissue volume opposing defect or implant.
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sliding was chosen to maximize any effect of friction in
the contact between implant and opposing cartilage
during sliding. In adjacent tissue, collagen fiber strains
and deviatoric strains were not affected significantly,
neither negatively or positively. Thus, the risk of
progression of existing cartilage damage appears to be
reduced by regular motion of the joint. Effects of loading
magnitude or rotation velocity during this first move-
ment were outside the scope of this study. However,
based on the present results, it may be postulated that
unloaded or mildly loaded knee flexion after a prolonged
period of static loading may be beneficial to cartilage.
This also suggests that damage resulting from dynamic
loading may result from a different mechanism. Such
mechanism could be related to friction-induced wear and
abrasion between implant and cartilage, which can be a
focus for future studies.

The Finite Element geometry and meshes were fully
3D, but they were simplified in terms of geometry
compared to the human knee joint. The designed geome-
try omitted ligaments and was completely congruent,
representing a perfect fit of the tibia to the femur, which
in a real knee joint is the function of the menisci. An
interesting next step would be to include incongruence,
larger defect sizes, and other knee components. Al-
though the effects of including these features will likely
not significantly change the findings of this study, it
may amplify them, as the contact area and loading
magnitude may be changed and thus local stresses and
strains may reach threshold values faster. The implants
considered in this study were cylindrical with uniform
linear elastic material behavior throughout the whole
implant. More advanced designs of the implant, such as
using layers with different material properties,13 might
alter the biomechanical effects on surrounding tissue.
However, given that stresses and strains in the cartilage
are similar between implants with stiffness ranging
from 5MPa to 2GPa, it may be expected that the success
of such multi-layered implants also depends more on
angulation than on layered material properties. In the
current study, a perfect fixation of the implant in the
bone was assumed by using a tie constraint. The use of a
tighter constraint, resembling a press fit of the implant
into the bone, may have an effect on the surrounding
bone, but likely not on the cartilage because the
misalignment gap will not be changed. However, if the
constraint is relaxed, resembling a loose implant, the
misalignment gap may become larger, which will in-
crease the effects found in this paper.

CONCLUSIONS
Based on FEA results from the current study it can be
concluded that implants, regardless of correct align-
ment and material stiffness, have a mostly positive
effect on the mechanical conditions in the cartilage
adjacent to the implant. Such mechanical conditions
include collagen fiber strains, deviatoric strains, and
hydrostatic pressure. These effects are superior if the
implant is aligned correctly. Opposing cartilage also

benefits from an implant, but only when placed at a
correct angle. Placement of an osteochondral resurfac-
ing implant at an angle leaves a gap, which causes the
opposing cartilage to bulge into the void area at the
depressed side of the implant under sustained loading
conditions. Consequently, high collagen fiber strains
develop in the surface of the opposing cartilage. There-
fore, it is concluded that correct placement of implants
is crucial for the clinical success of the treatment.
Finally, simulations predict that joint motion has
beneficial effects on the strain levels in the cartilage
surrounding and opposing a full defect or an implant.
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Appendix A

Complete Model and Parameters

Model
Articular cartilage is assumed as biphasic, consist-

ing of a porous solid matrix saturated with water. The
porous solid matrix consists of a swelling nonfibrillar
part which contains mainly proteoglycans, and a
fibrillary part representing the collagen network. The
total tissue stress is given by

stot ¼ �mf Iþ ns;0 1�
Xtotf
i¼1

ric

 !
snf þ

Xtotf
i¼1

rics
i
f

 !
� DpI

where mf is the water chemical potential, I the unit
tensor, Dp the osmotic pressure gradient, ns,0 the
initial solid volume (in the loaded and nonswollen
state), snf the stress in the nonfibrillar matrix, si

f the
fibril stress in the ith fibril with respect to the global
coordinate system, totf the total number of fibril
compartments included, and ric the volume fraction of
the collagen fibrils in the ith direction with respect to
the total solid volume.

Fibrillar Part
The fibril stress tensor is given by

sf ¼ l

J
P1~e1~e1

where J is the determinant of the deformation tensor
F, l the elongation of the fibril, P1 the first Piola-
Kirchhoff fibril stress, and e1~ the current fibril direc-
tion. The viscoelastic behavior of the collagen fibrils
was represented by spring S1, parallel to spring S2 in
series with a linear dashpot with dashpot constant h

(Fig. 7).

The mechanical behaviors of springs S1 and S2 was
determined by two-parameter exponential stress–
strain relationships

Pi ¼ Ei ekiei � 1
� �

For ei > 0

P i ¼ 0 For ei � 0

Pf ¼ P1 þ P2

For i¼1,2, and with e1¼ ef and e2¼ ee
E1, E2, k1, and k2 are positive material constants, ef

is the total fibril strain, and ee is the strain in spring
S2. The total fibril stress is the sum of P1 and P2.

The stresses in the dashpot and the spring S2 in
Figure 1 must be the same. Hence, P2 can also be
given by

P2 ¼ h_ev ¼ h _ef � _ee
� �

where ev is the dashpot strain, and h the dashpot
constant.

The fibril structure was implemented as two pri-
mary and seven secondary fibril directions. The den-
sity of each fibril with respect to the total collagen
density is given by

rc ¼ rc;tot
C

2Cþ 7
for the primary fibrils

rc ¼ rc;tot
1

2Cþ 7
for the secondary fibrils

With C a positive constant greater than 1 and rc,tot
the total collagen fiber density. The primary fibers
follow the arcade organization as discussed in the
methods section, and the seven secondary fibers are
dispersed uniformly in space.

The stress in the nonfibrillar solid matrix is given
by the following modified Neo–Hookean law:

snf ¼ �1

6

log Jð Þ
J

GmI �1þ 3 J þ ns;0
� �
�J þ ns;0
� �þ 3log Jð ÞJns;0

�J þ ns;0
� �2

" #

þGm

J
F � FT � J

2
3I

� �

where Gm is the shear modulus.
The osmotic pressure Dp gradient is given by

Dp ¼ fintRT

ffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffi
c2F;ext þ 4

g�
extð Þ2

g�
int

� �2 c2ext
vuut � 2fextRTcext

cF;ext ¼ nf cF
next

With nf the total fluid fraction, next the extra-
fibrillar fluid fraction, CF the normal fixed charge

Figure 7. Schematic model for a viscoelastic collagen fibril (ef
is the total fibril strain, ev the dashpot strain, and ee the strain in
spring S2).
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density in mEq per ml total fluid, fa the osmotic
coefficient, ga the activity coefficients. The external
salt concentration (cext) was 0.15M, the temperature
(T) 293K, and the gas constant (R) 8.3145� 10�3Nm/
mmolK.

The permeability is assumed to be strain-depen-
dent, and given by

k ¼ k0
1þ cref
1þ next

� �M

¼ a 1� nextð Þ�M

where k0 is the initial permeability, cref a reference
value that is constant over the depth of the tissue, nexf

the current extra-fibrillar fluid fraction, a a positive
material constant and M another positive constant.

The fluid fraction, collagen fraction and fixed charge
density distributions were defined as a function of the
normalized depth z�.

The model was implemented in ABAQUS 2016.

Parameter Value

Gmpg, shear modulus of the PG matrix 1MPa
Gmcoll, shear modulus of the collagen
matrix

1MPa

E1, material constant (elastic
fibrilpart)

4.3MPa

k1, Material constant (elastic
fibrilpart)

17 [�]

E2, Material constant (visoelastic
fibrilpart)

20MPa

k2, Material constant (viscoelastic
fibrilpart)

41 [�]

h, Dashpot of viscoelastic fibrilpart 142400MPa s
A, Permeability constant 0.00018mm4/(N s)
M, nonlinearity term of permeability 1.3 [�]
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