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ABSTRACT

A well-established cue for improving the properties of tissue-engineered cartilage is mechanical
stimulation. However, the explicit ranges of mechanical stimuli that correspond to favourable
metabolic outcomes are elusive. Usually, these outcomes have only been associated with the applied
strain and frequency, an oversimplification that can hide the fundamental relationship between the
intrinsic mechanical stimuli and the metabolic outcomes. This highlights two important key issues:
the firstly is related to the evaluation of the intrinsic mechanical stimuli of native cartilage; the second,
assuming that the intrinsic mechanical stimuli will be important, deals with the ability to replicate
them on the tissue-engineered constructs. This study quantifies and compares the volume of cartilage
and agarose subjected to a given magnitude range of each intrinsic mechanical stimulus, through a
numerical simulation of a patient-specific knee model coupled with experimental data of contact
during the stance phase of gait, and agarose constructs under direct-dynamic compression. The results
suggest that direct compression loading needs to be parameterized with time-dependence during the
initial culture period in order to better reproduce each one of the intrinsic mechanical stimuli
developed in the patient-specific cartilage. A loading regime which combines time periods of low
compressive strain (5%) and frequency (0.5Hz), in order to approach the maximal principal strain
and fluid velocity stimulus of the patient-specific cartilage, with time periods of high compressive
strain (20%) and frequency (3Hz), in order to approach the pore pressure values, may be advantageous

relatively to a single loading regime throughout the full culture period.
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1. INTRODUCTION

A general drawback of the regenerative concepts for degenerated and traumatic joints is that newly
formed tissue lacks the structural organization of articular cartilage (AC) and has inferior mechanical
properties [1-3]. A well-established cue for improving the mechanical properties of tissue-engineered
cartilage is mechanical stimulation [4-9]. Of all mechanical loading regimes, direct dynamic
compression is the most reported loading regime on chondrocyte seeded agarose constructs [10-15].
In spite of these efforts, it has been proven to be very difficult to achieve tissue-engineered cartilage
outcomes that match native cartilage properties [3, 16]. Moreover, these outcomes depend largely on
the loading parameters used [11, 17-18]. Usually these outcomes have only been related with true
strain and applied frequency [11-14], an oversimplification that can hide the fundamental relationship
between mechanical stimulation and the metabolic/mechanical outputs. Some authors [18-19] have
found relationships between the intrinsic mechanical stimuli developed in cartilage explants and
chondrocyte-seeded agarose constructs and the metabolic outcomes synthesis. From these studies,
two important key issues in tissue-engineered cartilage arise: the first is related to the evaluation of
the intrinsic mechanical stimuli of native cartilage in-vivo; the second, assuming that the intrinsic
mechanical stimuli will be important, deals with the ability to replicate these stimuli on the agarose
constructs. Therefore, our aim in this study was to quantify the volume fraction of cartilage and
agarose subjected to a given magnitude range of each intrinsic mechanical stimulus, through a
numerical simulation of a patient-specific knee model coupled with experimental data of contact knee
biomechanics during the stance phase of gait [20] and agarose constructs under direct-dynamic
compression, in order to identify the loading regime that better reproduces each one of the intrinsic

mechanical stimulus developed in the patient-specific cartilage model.

2. MATERIALS AND METHODS

2.1 Numerical model of specific-patient knee associated with experimental gait data



One healthy subject aged 52 years with a body mass index of 24.5 Kg/m? without history of knee
joint pathologies was used for the development of a specimen-specific knee finite element model.
This model was developed with the aid of computed tomography (CT) and magnetic resonance (MR)
scans of the patient’s knee. Femoral and tibial bone models were generated from CT with scanning
parameters as follows: 120 kVP, 330mAs, matrix size of 512x512 and pixel size of 0.488mm x
0.488mm. The slice thickness values were 0,5 mm. The mean total slices of the CT scan images were
1857 slices. During CT scanning, a calibration phantom was placed under the leg in order to enable
future calculation of the bone mineral density. This CT scans were used to reconstruct the bone
elements using ScanlP software (ScanlP, Simpleware Ltd., Exeter, UK). To get the bone elements
mask, was utilized the thresholding method for CT bone elements. The Hounsfield (HU) scale range
of the default CT bone thresholding was between 226 and 3071. The bone structures were meshed
semi-automatically using four-noded tetrahedral elements (ScanFE, Simpleware Ltd., Exeter, UK),
with the mapped specimen-specific bone material properties from CT (0.5mm slices thickness) data.
The average number of elements were 64825 and 52687 in the femur and tibia, respectively (Figure
1). The linear relationship between apparent density (p) and HU was taken from the literature [21].
The power law for Young’s Modulus (E), E=1.990p%6, proposed by Keller [22] was applied in this
analysis. The cartilage was modelled using biphasic theory, as a solid phase with permeability, with
a Newtonian fluid whose flow is governed by Darcy’s law. The cartilage layers were reconstructed
from the MR using a fast spoiled gradient echo sequence with the following imaging parameters:
TR=26.7ms, TE=6.7ms, flip angle=20°, slice thickness=1.5 mm, matrix size=512x512, in-plane
resolution=0.27 mm. Afterwards, the MR-imaging cartilage was segmented using ScanlP. Then the
3D geometry of the knee joint was constructed. Surface geometry of the knee cartilage was further
imported into CATIA (Catia, Dassault-Systéms, France) where was transformed into a solid
geometry. This was then imported into the FE modelling package Abaqus v. 6.10 (Simulia,

Providence, RI) in which the FE mesh was created from 59514 8-node brick elements (C3D8RP).



Four layers of elements between the articulating and bony sides at the contact region were considered
in order to take into account the variation of the elastic modulus of the solid matrix along the cartilage
depth [23]. The equivalent Young’s modulus for the Neo-Hookean solid matrix was set to 0.26 MPa,
0.38MPa, 0.5MPa and 0.5Mpa at the first, second, third and fourth layers respectively, with a
Poisson’s ratio of 0.15 in the first layer and 0.26 for the three others [23]. It is well known that
hydraulic permeability of AC is deformation dependent [24]. Empirical exponential equations for the
deformation-dependent permeability of cartilage have been shown to be accurate over a wide range
of permeabilities [24-25]. van der Voet [26] proposed a formulation of an exponential law for
deformation-dependent permeability that can be implemented in Abaqus:
k=kO0 (e—e0)/(1+e0)"M
1)

in which ko is the initial permeability, M is a positive constant, and e and eo are the current and initial
void ratios, respectively. We used the values proposed by Wilson et al. [27] for the constants: M = 5,
Ko = 1.5 x 10®m4/Ns and eo = 3. The mass continuity of the fluid was satisfied using the pore fluid
volumetric flux of each element. The fluid viscosity is constant and assumed to be equal to the
viscosity of water at 37°C, that is, 0.62 g.m™s™%. Frictionless contact was considered between femoral
and tibial cartilages. The nonlinear surface to surface contact discretization based on the hard contact
constraint was chosen and a linear penalty method was used for the contact constraint enforcement.
The loading patterns applied to the specimen-specific tibiofemoral model were taken from in-vivo
experimental data during the stance phase of gait [20], which were measured in 10% intervals of
stance phase, evaluating contact location, contact area, thickness at contact area and resultant
magnitude of cartilage contact deformation. Peak femur displacement was determined by multiplying
peak tibiofemoral contact deformation data at 0%, 30%, 60% and 90% of stance phase by the
specimen-specific cartilage thickness at the contact region, in order to achieve the nearest cartilage

deformation value of the experimental data at the medial and lateral compartments (Table 1). The



cyclic displacement was imposed on the femur relatively to the fixed tibia at 1Hz, during 60 seconds.
Each load cycle was computed with 100 time increments.

2.2 Numerical model of chondrocyte-seeded agarose constructs

Agarose constructs were modelled as cylinders with 8 mm diameter and 6 mm thickness. The
numerical model was constituted by the upper compression plate, the agarose construct and the lower
compression plate. The compression plates were considered impermeable, deformable and in
frictionless contact with the agarose construct. The compression plates were made of polyethylene
with a Young’s modulus of 2.1 GPa and a Poisson ratio of 0.3, and meshed with 1536 linear elastic
brick elements. The agarose constructs also had a biphasic mechanical formulation. The construct
was meshed with 12580 8-node brick elements, trilinear displacement, trilinear pore pressure and
reduced integration (C3D8RP) using Abaqus v. 6.10 (Simulia, Providence, RI). The mechanical
properties for the linear elastic solid phase were based on data for agarose 3% (w/v) hydrogels [28-
32]. A Young’s modulus of 133 kPa and a Poisson’s ratio of 0.3 were considered [19]. The properties
defined for the fluid phase and porous behavior were the initial permeability (ko), specific weight of
the wetting fluid (y) and the initial void ratio (€o). Permeability was defined as deformation-dependent

using the following exponential law [33].

k= kO0=exp(M=+(e—e 0)/(1+e_0))

)
We used the following values M = 4.1 [30], ko =5 x 102m4/N.s, eo = 4 [19] and y = 9731N.m3[34].
The top and bottom surfaces of the agarose construct were free to move during upper plate
compression movement. Briefly, fluid inflow and outflow from the lateral surface of construct were
free, which was modelled with a zero pore pressure boundary condition. Nine direct dynamic
compression cyclically loading regimes at the physiological level were simulated. These nine load
regimes applied were the result of a combination of three true strain magnitudes of 5%, 10% and 20%

with three applied frequencies of 0.5Hz, 1Hz and 3Hz. To achieve a steady state regime with a



reasonable computation time the nine loading regimes were applied for 60s, and each load cycle was
computed with 100 time increments.

The intrinsic mechanical stimuli analysed in the specimen-specific tibiofemoral model and agarose
constructs model were: pore fluid pressure, maximum principal strain and relative fluid velocity. The
pore-pressure presumably stimulates cells to synthesise proteoglycans (PGs), the function of which
is to resist pressure [33], while maximum principal strain/stress presumably is a stimulus for cells to
generate collagen fibers [35], whose function is to resist tension. Finally, the relative fluid velocity
can be related with glycosaminoglycan (GAG) synthesis [18]. For consistency of the comparison
between the tibiofemoral cartilage and agarose construct models, the mechanical outcomes were
compared when the mechanical response reached stability (steady state) during the last loading cycle.
Each intrinsic mechanical stimulus was averaged at the integration point of each element at each time
increment during the last load cycle. To quantify and compare the volume of cartilage and agarose
subjected to a given magnitude range of each intrinsic mechanical stimulus during the last full load
cycle, the volume fraction (in percentage) of cartilage and agarose was calculated according to the

following equations:

I"'{ t:l = {Fei{-t t}}- X€E [xml'n- xJ:l:a.r]

- (f f{Z @3)

where ¢ refers to the volume fraction, ti and tr the initial and the end times of the last compression

Vi(t) B 1

A ) dt) +100, t;=t;—T. T—}—F
cycle, V, the indeformable volume of cartilage or agarose construct, m the number of elements of
cartilage or agarose construct in volume V, and V;(t) the element volume for the intrinsic mechanical
parameter X in the magnitude range between Xmin and Xmax. In the case of tibiofemoral cartilage the
volume V, was defined by the volume of cartilage delimited by the maximum contact area at each

period (0%, 30%, 60% and 90%) of stance phase. This procedure was repeated for all loading regimes

with a script written in MATLAB v. 7.0 (The Mathworks Inc., MA, USA).



3. RESULTS

The peak contact pressures on the articular surfaces of the patient-specific model were 0.2 MPa, 1.9
MPa, 0.5MPa, and 0.9Mpa at 0%, 30%, 60%, and 90% of stance phase respectively, which are in
agreement with previously reported data [35-36]. It is noteworthy that arbitrary variations of the
cartilage model parameters by + 10% of the quoted values did not significantly alter the characteristics
profiles of the three intrinsic mechanical stimuli analysed.

Figure 2 presents the volume fractions of agarose and cartilage in a given maximal principal strain
range. For a compressive strain until 120% combined with all applied frequencies most of the agarose
volume presented a maximal principal strain value below 0.03 m/m. At the cartilage model, most of
the volume delimited by the contact area is below a maximal principal strain of 0.03m/m, with
cartilage fraction volumes between 84.6% and 94.1%.

In Figure 3 the volume fraction of agarose and cartilage in a given pore-pressure range is depicted.
For compressive strains until 10%, combined with all applied frequencies, most of the agarose volume
(58.8% to 89.5%) has a pore pressure below 0.0035MPa. In the cartilage, most of the volume
delimited by the contact area is above 0.0035Mpa, with a maximum of 80.9% of volume at 30% of
the stance phase. All periods of stance phase analysed presented values of pore pressure greater than
0.021MPa (the maximum found at the agarose construct) with 4.2%, 47.9%, 26.7% and 25.5% of
cartilage volume at 0%, 30%, 60%, and 90% of stance phase respectively.

Figure 4 presents the volume fraction of agarose and cartilage in a given fluid velocity range. For the
compressive strains up to 10% and for all applied frequencies, most of the agarose volume 54.1% to
60.9% was between 1x10°m/s and 13x10°m/s. In the cartilage, most of the volume delimited by the
contact area is below a fluid velocity of 0.165x10°m/s, with a maximum of 94.2% and a minimum

of 83.3% of volume at 0% and 30% of stance phase respectively.



4. DISCUSSION

Previous in-vivo studies have demonstrated the alignment of collagen fibers along the tensile principal
strain direction [31]. Accordingly, maximum principal strain may be an intrinsic mechanical stimulus
for cells to generate collagen fibres in the direction of these strains [38]. In our study, most of the
cartilage volume during the stance phase was exposed to maximal principal strains lower than
0.03m/m. In a general way, the agarose construct model presented tensile principal strain values in
the range of the cartilage model for the nine applied regimes. However, the agarose volume fraction
on a given maximal principal strain range was very different among the applied loading regimes. For
the 10% strain at 1Hz, one of the most common applied loading regimes in tissue-engineering
constructs [10-14], the volume of agarose exposed to tensile principal strain greater than 0.03m/m
was 45.8%, while the maximum for the cartilage model was of 15.4%. Of all loading regimes applied
on the agarose model, the one that resembles the most the volume fraction of the given strain range
on the cartilage was the loading regime of 5% of compression for all applied frequencies. Moreover,
the agarose construct models showed more homogeneous tensile principal strain fields than the
cartilage, where highly inhomogeneous strain fields were observed.

Previous theoretical [39-42] and experimental [43] analyses have demonstrated that fluid
pressurization contributes to supporting upwards of 90% of the applied stress during contact of
cartilage layers. This suggests that fluid pressure could act to shield the solid matrix of cartilage [44].
The pressure presumably stimulates cells to synthesise proteoglycans (PG), the function of which is
to resist pressure [33]. In this study the pore pressure results at the cartilage model during the stance
phase showed that most of the cartilage volume delimited by the contact area was subject to pore
pressure values lower than 0.035MPa, while the remaining cartilage volume can reach maximum pore
pressure values of 0.21MPa. This pressure values are in line with the study of Kazemi et al. [45],
where the fluid pressurization was analysed in knee joints. In a general way, the agarose construct

models presented pore pressure values lower than the ones found in the cartilage model. Most of the



agarose volume presented pore pressure values four times less than the observed at the cartilage
model. The increase of compressive strain, as well as of applied frequency has a tendency to increase
the volume of the agarose construct subjected to the highest pore pressure values. This pore pressure
behaviour is in agreement with the experimental study of Soltz and Ateshian [46], where
pressurization takes place with increasing loading frequency. Of the nine loading regimes applied on
the agarose models, the loading regime with 20% of compression strain at 3Hz was the one that best
approximates the volume fraction by pore pressure range of the cartilage model.

A previous experimental study in cartilage explants showed stimulation of PG synthesis in areas of
the tissue with high interstitial fluid velocities [18]. Fluid velocity results in the cartilage model
showed that more than 83.3% of cartilage volume during a load cycle had values lower than
0.165um/s. In the agarose construct model, for all loading regimes analysed only 1-3% of the agarose
volume had fluid velocities lower than 0.165um/s, and more than 65% of the agarose volume
presented fluid velocities greater than 1um/s. The observed fluid velocity differences show the
incapacity of direct dynamic compression at physiologic loading regimes to produce a fluid velocity
stimulus comparable to native cartilage levels. Due to high fluid velocities developed at the agarose
construct, and the fact that these high fluid velocities are associated with high proteoglycan synthesis
[17] this may explain the large content of proteoglycan found in agarose constructs subjected to
physiologic loading regimes [47-48].

The relationships between the intrinsic mechanical stimuli analysed and some metabolic outcomes
described previously highlights the importance of the evaluation of the intrinsic mechanical stimuli
of native cartilage, as well as the ability to replicate these on the chondrocyte-seeded constructs, two
important key issues in tissue-engineered cartilage. For the maximum principal strain stimulus, the
loading regime which better reproduces the cartilage model was the lowest compression strain and
frequency regime tested, while for the pore pressure stimulus, the loading regime that best reproduces

the volume fraction by pore-pressure range of the cartilage model was the highest compression strain
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and frequency regime. Nevertheless, for the fluid velocity stimulus, none of the nine physiological
regimes applied to the agarose construct was capable to approximate the volume fraction by fluid
velocity range of the cartilage model, suggesting the need of a lower compressive strain and frequency
loading regime (<5% and <0.5Hz). These results suggest that the initial direct dynamic compression
loading regime needs to be designed differently throughout the culture period in order to better
reproduce the mechanical outputs of the native cartilage. Based on our results, an initial loading
regime which combines periods of low compressive strain and frequency (5%Hz at 0.5Hz), in order
to approach closer maximum principal strain stimulus to the native cartilage, with time periods of
high compressive strain and frequency (20% at 3Hz), in order to approach the pore pressure values
of the native cartilage model, may be advantageous relatively to a single physiologic loading regime
during all the culture period.

As in all numerical studies, our study has some shortcomings, just like the experimental studies and
like studies published by others that should be kept in mind while interpreting the results of the present
study. The patient-specific knee model was simplified in terms of the applied loads and the structural
links. However, the cyclic loading patterns applied to the specimen-specific tibiofemoral cartilage
were taken from in vivo tibiofemoral cartilage deformation data during the stance phase of gait [20],
which ensures a more valid simulated load condition in specimen-specific cartilage. Another
simplification is that the agarose models have not taken in account the ECM production during culture
time. Being this study a comparative one, the variations caused by the ECM elaboration are expected
to induce similar effects with time for all the different loading regimes analysed. Other limitation of
this study is related with the dimensions of the agarose construct, which can influence the magnitude
and distribution of the intrinsic mechanical stimuli. We have used construct dimensions in the range
presented on several experimental studies [5, 8, 11, 49] and compatible with a transplant in human

tibiofemoral joint.
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5. CONCLUSION

Efficacy assessment on intrinsic mechanical stimulus developed in the articular cartilage and cell-
seeded constructs is crucial to increase the competence of tissue-engineering strategies. In this study,
intrinsic mechanical stimuli for a physiological spectrum of loading patterns applied on agarose
constructs demonstrated a limited capacity to replicate each one of the intrinsic mechanical stimuli
developed on specific-patient cartilage. This suggests that direct dynamic compression loading
regime, needs to be differently parameterized in terms of applied strain and frequency during the
culture period. An initial loading regime which combines time periods of low compressive strain and
frequency, in order to approach the maximal principal strain and fluid velocity stimulus of the patient-
specific cartilage, with time periods of high compressive strain and frequency, in order to approach
the pore pressure values, may be advantageous relatively to a single loading regime throughout the

full culture period.
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TABLES

Table 1 - Peak cartilage deformation of experimental data (Liu et al. 2010) and tibiofemoral

deformation applied at the specimen-specific model at 0%, 30%, 60% and 90% of stance phase.

Experimenatl data Specimen-specific tibiofemoral
Stance Phase (%) ( Lu,.| etal., 2010) . . model .
Peak cartilage deformation Maximal deformation
Medial Lateral Medial Lateral
0% 8,0% 7,0% 8,9% 8,1%
30% 23,0% 16,0% 23,5% 14,9%
60% 15,5% 10,0% 14,0% 11,5%
90% 20,0% 12,0% 21,5% 12,3%
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LIST OF FIGURES

Figure 1 — MR knee image, pictures of the specimen-specific knee finite element model and agarose

construct finite element model with the compression plates.

Figure 2 - Volume fraction (%) of agarose and cartilage in a given maximal principal strain range,

during the last full loading cycle.

Figure 3 - Volume fraction (%) of agarose and cartilage in a given pore pressure range, during the

last full loading cycle.

Figure 4 - Volume fraction (%) of agarose and cartilage in a given fluid velocity range, during the

last full loading cycle.
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