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Summary 
Meniscus replacement is a surgical intervention carried out under evidence of 
meniscal damage to prevent deterioration of adjacent tibio-femoral articular 
cartilage (AC). Because of limitations on current replacements, a new synthetic 
chondroprotective meniscus implant is under development. To support the 
development, this study focused on the effect of such an implant on the 
biomechanical conditions inside the neighboring AC. It was hypothesized that 
AC would not develop damage if the mechanical conditions remained similar to 
those with a healthy meniscus. The general objective of the present thesis was 
to evaluate which implant designs would restore AC’s mechanical conditions to 
a healthy level. To reach this objective, the mechanical conditions within AC 
with and without implants were evaluated, using a fibril reinforced 
poroviscoelastic swelling model for AC. Several sub-aims were targeted in the 
various chapters of this thesis. 

First, reference conditions were required for the healthy native AC’s 
mechanical conditions in the knee with an intact meniscus. Because it 
previously was shown that depth dependent distribution of tissue components 
was important for AC’s mechanics, it was questioned whether the same should 
hold for the meniscus. Therefore, the importance of including the depth-
dependent matrix component constitution in the meniscus was determined by 
comparing simulations which incorporated either the depth-dependent matrix 
composition or homogenized matrix. AC’s behavior was monitored for both 
conditions. No significant differences were observed in terms of AC’s 
mechanical conditions from which it was concluded that the meniscus could be 
represented with a homogeneous description. 

Second, the model was used to evaluate the effects of stiffness and geometrical 
mismatches of a meniscus implant. This addressed a practical clinical question 
of selecting an implant size for a patient. The best geometry was selected based 
on the AC collagen fibril strains. Previously it was shown that such strains could 
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predict collagen damage and therefore the onset of osteoarthritis. Because of 
AC’s viscoelastic nature the strains both at tissue and at fibril level were 
monitored after different loading durations. The best results were observed for 
a perfect matching implant followed by an undersized implant. Oversized 
implants showed results close to meniscectomy, which is the worst scenario, 
with particularly high strains after extended loading. 

Given the porous nature of cartilage and the viscoelasticity of collagen fibers, it 
has long been known that cartilage mechanics is loading-rate dependent. 
Because collagen strain is thought to be critical to AC damage development, 
further fundamental evaluation of the interaction between loading rates and 
straining of collagen fibers was done. This third study provided insight in the 
load sharing between fluid, matrix and collagen as a function of time and 
loading rates. Results showed that after the initial load-bearing by hydrostatic 
pressure, the osmotic pressure is responsible for bearing most of the load. In 
addition, strains in collagen and collagen contribution to load sharing increased 
with loading rates. 

Finally, a cartilage damage model was extended and employed to study how 
cartilage would damage over time. Non local damage was computed for both 
the non-fibrillar matrix and collagen, based on the strains experienced by these 
components. Literature and parallel work in our own group showed that 
cartilage damage was loading-rate dependent. With the third study of this 
project in mind, the question rose whether the time-dependent behavior in the 
present model would result in realistic loading-rate dependent damage, even 
though such behavior was not directly prescribed and damage was 
implemented as a strain-dependent phenomenon. Indentation experiments 
were numerically simulated at different loading rates. In line with the 
experimental findings it was observed that the damaged area enlarged for 
higher loading rates. Also, it was observed that the location where damaged 
started was strain-rate dependent, starting in a subsuperficial region for high 
loading rates and moving towards the surface for lower loading rates. 
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In conclusion, the present simulations showed that the artificial implant can 
restore native AC’s mechanics in a satisfactory manner when the shape of the 
implant matched that of the native meniscus. If for practical reasons the latter 
becomes a difficulty, then an undersized implant showed a similar performance 
to the native. An AC damage model was successfully extended including a non-
local approach and captured loading-rate dependent damage effects observed 
in experiments.  

The thesis concludes with a discussion about further possibilities to expand the 
damage modeling, a description of experimental data required for validation of 
the modeling, including a presentation of goat data that are becoming available 
for this purpose within the research program that this study was part of. Also, 
the next steps towards a more realistic 3D representation of human joint to 
give further support in the design of implants are discussed. 
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Chapter 1  
General Introduction 
1.1. The Knee joint 
The knee joint is essential for many human movements involved in the daily 
life. Different components such as muscles, synovial fluid, ligaments, articular 
cartilage (AC) and menisci provide compliance and stability to this 
fundamental joint (Bendjaballah et al., 1995), Figure 1. The last three major 
connective tissues (ligaments, AC and menisci) bear and transfer the loads in 
the knee joint. In this thesis special focus will be on AC and meniscus. 

  
Figure 1.- Left: schematic representation of a simplified knee joint with the 
components of interest (coronal view). Black solid: ligaments, green: articular 
cartilage, blue: meniscus. Right: MRI of the knee joint, actual meniscus 
delimited in blue, figure adapted from Hash 2013. 
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1.1.1 Meniscus 

The menisci cover a large region, almost two thirds, of the tibial-AC surface 
and they are sometimes referred as functional extensions of the tibia (Lee 
and Fu, 2000). The medial meniscus is somewhat semicircular contrary to 
the lateral meniscus that is almost circular. The lateral meniscus covers a 
larger portion of the tibial articular surface than the medial meniscus. The 
width of the lateral meniscus is approximately the same from front to 
back.  
 
The anterior horn of the medial meniscus is attached to the tibial plateau 
in front of the anterior cruciate ligament. The posterior fibers of the 
anterior horn attachment merge with the transverse ligament, which 
connects the anterior horns of the medial and lateral menisci. Different 
than the lateral meniscus the medial meniscus at its periphery is attached 
to the medial collateral ligament and the knee capsule. The functionality of 
these attachments remains speculative as it was recently shown that this 
does not restrain its translations (Vrancken et al., 2014). On the inner edge 
the meniscus gets thinner ending in a layer that is not attached. The 
surface in contact with the tibia is in practice relatively flat whereas the 
surface in contact with the femoral condyles is concave giving congruency 
to the rounded edge of the condyles and the tibia plateau. 
  
These half-moon-shaped fibrocartilagenous tissues separate the 
articulating tibiofemoral surfaces (Messner and Gao, 1998). They 
contribute to load distribution, act as a lubricating surface and enhance the 
stability of the knee joint (Ahmed and Burke, 1983; Fithian et al., 1990; 
Shoemaker and Markolf, 1986).  
Meniscus tissue responds to mechanical loading by creating internal 
stresses and allowing compliance (also referred to as mechano responsive 
chemistry). Its deformability and wedge shape provide contact congruency 
with the periphery of the tibiofemoral articulation over a large range of 
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knee flexion. Therefore, they distribute loads very efficiently and they help 
to prevent articular cartilage (AC) degradation.  

 

1.1.1.1 Composition 

In terms of composition and similarly to AC three main components 
can be distinguished: H2O, accounting for 63-84 % of its wet weight, 
collagen and proteoglycans (PGs) that contribute with 60-90 % and 3-4 
% of its dry weight (Peters and Smillie, 1972; Adams et al., 1981; 
Proctor et al., 1989, Fithian et al, 1990; Parraga Quiroga, et al. 2014). 
Its fiber architecture is highly intricate with fibers packed in large 
bundles running from the anterior to the posterior horn across its 
transverse section, fibers without preferred orientation close to the 
surfaces of both the femoral and at the tibial side and fibers running 
radially (Aspden et al., 1985) (Figure 2). 
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Figure 2.- Top: Schematic of meniscus showing collagen fiber 
orientation: bundels of circumferential fibers running from anterior to 
posterior horn, radial fibers that wrapped the bundles and random 
fiber orientation close to the surface. Figure adapted from Fithian et al. 
1990. Bottom: Actual menisci laying over the tibia plateau, M= medial, 
L= lateral. Figure adapted from Mow et al. 1992.  
    

1.1.1.2 Mechanical properties  

Under tension in the circumferential direction, when its major 
contribution is expected, the mechanical properties of the anterior, 
central and posterior region of both lateral and medial meniscus varied 
significantly (Table 1). At first (Ghosh et al. 1983, Yasui 1978) it was 
believed that this could be explained by differences in collagen 
architecture between regions. However, this is yet to be proved.    
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Table 1. Spatial distribution of Young’s modulus of human meniscal tissue 

(Mow et al., 1992) 
                                                                                                                                                                                                                                                               

Region 
Young’s modulus 

[MPa] Lateral 
Young’s modulus 

[MPa] Medial 

Anterior 159.07 ± 47.4 (n=10) 159.58 ± 26.2 (n=7) 

Central 228.79 ± 51.4 (n=11) 93.18 ± 52.4 (n=8) 

Posterior 294.14 ± 90.4 (n=7) 110.23  40.7 (n=12) 

 
 

1.1.1.3 Loading conditions 

The menisci withstand the knee joint loads, which can rise up to five 
times the body weight (BW) (Bergman et al., 2014). Due to its wedge 
shape and nearly frictionless surface during weight bearing the body 
loads displace the meniscus away from the joint center creating 
extrusive forces (Fh, Figure 3). As the menisci are firmly attached to the 
bones and their fibers run continuously from the anterior to the 
posterior horn such extrusive deformation produces large 
circumferential hoop tensile stresses which are resisted by the strong 
collagen fibers (Mow et al., 1992; Fithian et al., 1990). Thus, to a great 
extent the body loads are transformed to hoop stresses, the other 
component of the body force (Fv, Figure 3) is responsible of the contact 
pressures that are distributed over a large surface of AC. Therefore, the 
more hoop stresses that can be carried by the collagen fibers the less 
Fv that will be generated thus decreasing the contact pressures.  
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Figure 3. Loads generated in the meniscus during weight bearing.  
Fh=Horizontal force, Fv=vertical force. Image adapted from Kawamura 
et al. 2003 
 

1.1.2 Articular Cartilage  

Meniscus’ neighbor, AC, covers the end of the bones (tibia, femur, patella). 
It provides a nearly frictionless surface for rotations and translations of the 
femoral condyles and meniscus, bringing a wear resistant bearing surface 
and distributing stresses to the underlying bone (Wilson et al., 2005). Such 
low friction capability is possible due to the synovial fluid and also the 
contribution of hydrophilic molecules like hyaluronan and lubricin, which 
cover the cartilage surface. Its sophisticated collagen architecture aided by 
the negatively charged PGs that attract water creating an internal osmotic 
pressure help the tissue withstanding the challenging loads developed 
during daily activities. Meniscus protects AC from mechanical damage 
during such activities. To understand how the latter is done (best) 
understanding on cartilage damage is required as well. This depends on 
structure, composition, material properties and loads which will be 
explained here. 
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1.1.2.1 Composition  

AC main tissue components are H2O, collagen and PGs. These 
components vary through the thickness. Briefly, from the surface to the 
bottom water decreases from almost 90 % to 70 %, the PGs increase its 
dry weight from 0.05 in the bottom to almost 20% in the surface and 
collagen concentration first decreases from 60% to 40% of the dry 
weight from surface to middle of the thickness to finally increase again 
to almost 90% in the bottom (Chen et al., 2001, Wang et al., 2002). The 
collagen fibers have also a depth dependent orientation, in a cross 
section they run in a perpendicular direction to the bottom surface 
during most of the thickness and bending to be parallel to the surface 
when reaching the top layers (Benninghoff, 1925).   
 

1.1.2.2 Mechanical properties 

Tensile stiffness of the AC depends on the stiffness of the collagen 
network, which in turns depend on the fibril density and orientation. 
Also the stiffness is very dependent on the amount and strength of 
collagen cross-links (Akizuki et al., 1986). Furthermore, the negatively 
charged PGs create a negative charge density known as fixed charge 
density (FCD). This FCD creates a higher cation concentration inside the 
tissue than in the surrounding synovial fluid. Thus, a pressure 
difference is generated that results in tissue swelling (Wilson et al. 
2005). Due to tissue swelling an extra component of pressure that pre-
stress the collagen fibrils is generated which also contributes 
significantly while bearing compressive loads (Maroudas et al., 1975). 
 

1.1.2.3 Loading conditions 

In comparison to ligaments, for instance, where the fibers are aligned 
in the loading direction the forces in the AC are multidirectional 
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because of the complex 3D joint shapes and because joint rotation 
changes the location where the tissues in the joint are being 
compressed. It has been thought that the sophisticated AC collagen 
structure is a result of adaptation of collagen fibers to the complex 
mechanical loading conditions (Wang and Grood 2000, Mudera et al. 
2000, Driessen et al. 2003, Wilson et al. 2006). Then the split line 
patterns (Mononen et al. 2012) is representative of the complex and 
variable loading in all directions. In plane the architecture of the split 
line patterns was originally characterized by Benninghoff in 1925. 

 

1.2. Contact mechanics and damage on the joint 
 

1.2.1 Damage to the meniscus. 

In early stages of modern research (1960s and 1970s) the biomechanical 
importance of the menisci for the knee joint was not established (DeHaven 
in Mow et al. 1992) and therefore in case of clinical symptom associated 
with meniscus, such as pain, inflammation or knee locking they were 
removed. 
However, removal of the meniscus or meniscectomy has detrimental 
effects on the mechanical condictions in the knee joint. This is known to 
induce OA. This statement was originally made by Fairbank in 1948 and 
later confirmed by several other researchers (Huckell, 1965; Cox et al. 
1975; Arnoczky et al., 1988; Caldwell et al., 1994; Jaureguito et al. 1995; 
Maletius and Messner 1996; Englund 2008; van Tienen et al. 2009) who 
showed that removal of the meniscus is associated with higher peak 
stresses and greater stress concentration subsequently leading to OA.  

1.2.2 Contact mechanics 

Adverse contact stresses are held responsible for AC degeneration. To a 
certain extent knee joint pressures can be monitored. For instance, by 
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means of pressure films which allow measurements between tibia and 
meniscus. However, sensors may alter the pressure peaks and distributions 
(Wu et al., 1998; Liau et al., 2001) and they cannot be used on the femoral 
AC where damage is most frequent. Thus, contact pressure measurements 
might not be the best indicative data for the clinical success of meniscus 
replacements. Therefore, it is difficult to relate tibia plateau pressures 
(Linder-Ganz et al., 2010; Dienst et al., 2007) to damage that can be seen 
with histological (von Lewinki et al., 2008) or gross inspection of the AC 
(Sommerlath et al., 1992).  

  

1.3. Treatments for meniscal injuries  
Malfunction of any of the knee joint´s components can compromise the 
integrity of this lower limb and eventually be the reason for surgery 
intervention.  

Currently, the basic clinical principle of treatment of meniscal tear is to 
preserve as much functional meniscus tissue as possible (DeHaven in Mow et 
al. 1992). Generally, four scenarios can describe the quality of meniscus under 
evaluation. How to act in the different scenarios cannot be described as a 
procedure and, even though the research from Newman (Newman et al. 1993) 
provides some directions, the final decision depends on surgeon´s experience.  
Nevertheless, some general guidelines can be described: 

 Meniscus tears that do not require treatment: provided there is no 
clinical symptom vertical or oblique tears which do not affect the inner 
portion of the meniscus have been left without treatment. Radial tears 
shorter than 5 mm might also be left alone. 

 Meniscus repair: When the tear has to be repaired the location is 
important: is the tear in the avascular or vascular region? Also the 
extent of damage should be considered (it is unlikely that repair of 
extensive damaged areas will provide biomechanical function even if 
the tears heal). The techniques for repair could be open (mainly for 
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posterior peripheral tears) or arthroscopic (when the tear is in a region 
of difficult access). 

 Partial meniscectomy (MX): Those tears that cannot be repaired should 
be treated by partial meniscectomy, removing the damaged area and 
leaving behind a stable meniscal rim. 

 Total meniscectomy and meniscus replacement: when the meniscus 
has suffered severe and extensive damage. Open meniscectomy is 
preffered instead of a poor arthroscopic surgery. 

The options for meniscus replacement include: 

 Allografts: show variability in the clinical results and have 
associated problems of availability, logistics, costs, risk of infection 
or shrinkage (van Tienen et al. 2009, Rijk 2004) 

 Collagen scaffolds: These scaffolds allow for tissue re-growth but 
can only be of help for cases when part of the meniscus was 
removed but not in a total meniscectomy. Currently there is one 
product (Orteq®- Actifit®) in clinical trials (Bouyarmane et al. 2014) 
. 

 Artificial full meniscus replacements: in this case no tissue re-
growth is expected and the meniscus is completely removed. 
There are no replacements commercially available yet but one 
implant (NUSURFACE®) is currently in clinical trials in US, Europe 
and Israel. Even though the geometry is revolutionary, because the 
semilunar meniscus geometry has been redesigned as a free 
floating discoid, it can provide priceless information for upcoming 
developments (Elsner et al., 2010; De Coninck et al. 2014)). 
However, the chrondroprotectiveness, biomechanical and 
mechanical conditions of such implant has not been reported yet. 
Learning the later from experimens is a difficult, time consuming 
and expensive task which can be accurately performed at less 
effort by numerical modelling.  
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1.4. Computational design of meniscus replacements.   
Experimentally evaluating mechanical conditions within the knee joint is 
challenging. In terms of contact mechanics, which is a common approach to 
study joint’s performance (Dienst et al. 2007; Linder-Ganz et al. 2010), 
relatively limited outcome like contact pressure in the tibial side and contact 
area can be obtained from experiments. Furthermore, these experiments are  
time intensive, expensive and give sometimes variable results that are difficult 
to interpret. For instance, in studies with comparable setups, knee joint peak 
contact pressures and pressure distributions varied significantly (Chen et al., 
1996; Huang et al., 2002; Brophy et al., 2010; Morimoto et al., 2009; Seitz et al, 
2012). FEA studies could help to understand the bio-mechanics inside the joint 
and in the tissues. The magnitude and distribution of various different 
mechanical parameters can be computed as a function of, for instance 
magnitude, rate and duration of loading. This could in turn be used along with 
damage mechanics theories to determine the chondroprotectiveness of the 
implant.  

1.4.1 State of the art of meniscus modeling 

Numerous researchers have significantly contributed with their numerical 
approaches to evaluate knee joint’s behavior. The outcome of their work 
helped understanding and setting confidence in the results obtained in terms 
of mechanical conditions in the knee joint, such as stresses and strains, 
location of peaks and more. Contributions range from modeling the meniscus 
as single phase and transversely isotropic (Meakin et al., 2003; Donahue et al., 
2004; Zielinska and Donahue, 2006; Peña et al., 2006; Vaziri et al., 2008; Yao et 
al., 2008; Erdemir and Sibole, 2011) to poroelastic (Wilson et al., 2003) and 
collagen or fiber reinforced to account for the circumferentially oriented 
collagen fibers (Guess et al., 2010; Linder-Ganz et al., 2010; Kazemi et al., 
2011).  
The knowledge that can be obtained from all the previous numerical models is 
that an accurate description of the material properties accounting for its non-
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linearities, anisotropy and complex biphasic behaviour, as well as its anatomy, 
biomechanical functioning and load fashion must be carefully considered to 
properly understand and reproduce the behaviour of connective tissues such 
as meniscus and AC. However, many of those numerical studies simplified AC 
and meniscus as linear elastic, which is acceptable depending on the research 
question and when only small deformations are analyzed. On the other hand, 
when physiological strains are analyzed, which exceed 20% in AC  (Hosseini et 
al., 2010), then the linear assumption does not hold and more sophisticated 
material descriptions should be considered.  
Including fiber reinforcement in the meniscus models is important, because in 
the meniscus the collagen fibers resist hoop stresses that occur under axial 
joint loading (Fithian et al. 1990). In addition to the collagen, the osmotic 
swelling pressure generated by the proteoglycans (PGs) in the meniscus may 
be essential. Swelling pressure is known to resist compressive loads in cartilage 
(Mow et al. 1984, Lai et al. 1991), as carefully described in numerical models 
(Wilson et al., 2005). However, osmotic swelling has not yet been accounted 
for in meniscus models.  
 
In the current research a fibril reinforced poroviscoelastic swelling model 
(FRPVS) for AC and meniscus that considers all its tissue components (H2O, 
collagen fibers, PGs) was proposed (Wilson et al. 2005, Parraga Quiroga et al. 
2014). With such a model it was possible to evaluate, among others, the 
strains in the collagen fibers of the AC and assess whether an artificial 
meniscus implant would significantly change AC strain-peaks and -distribution 
compared to a native situation. Special focus was given to the collagen fiber 
strains because they have shown before to correlate very well with collagen 
damage (Wilson et al. 2007). This complex material model came with the 
limitation that a simplified geometry was used. To study effects of 
anterior/posterior translation of the meniscus, rotations of the femoral 
condyle and effects of meniscus attachments, which is known to influence the 
success of meniscus transplantation (von Lewinski et al., 2008), require 
geometrically challenging 3D knee models. However, such studies face 
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limitations in complexity of the material model that can be used (Peña et al. 
2005, Guess et al., 2010; Erdemir 2013). An accurate representation of the 
joint along with more realistic material properties has been recently 
introduced yet without tissue swelling (Halonen et al. 2013). Therefore, studies 
using accurate material models and studies using geometrically accurate 
models provide complementary insight. 

 

1.5. Rationale of the thesis 
The goal of this thesis was to aid in the design of a chondroprotective 
meniscus replacement currently under development (TRaMMPolIn). In order 
to achieve that goal enhancing our understanding on meniscus biomechanics 
and the effect of adverse mechanical conditions on cartilage was of paramount 
importance. 
The contribution of this research to the aforementioned development was to 
evaluate whether such replacement would restore the mechanical conditions 
in the knee joint back to those observed in a healthy joint. The latter 
conditions were considered the reference scenario where no damage is 
present.  
Several steps were necessary towards designing an ultimate 
chondroprotective implant: 1) understand the biomechanical conditions in a 
healthy joint; 2) evaluate the effects of mismatches in material properties or 
geometry between the original meniscus and the implant; 3) implement and 
validate a cartilage damage model; 4) study joint mechanics and kinematics 
using an accurate 3D geometry of the knee joint. 
This thesis aims to address the previous points while expanding the 
understanding of AC and meniscus biomechanics.  
 

1.6. Outline of the thesis  
The thesis presented two parts, the first part (chapters II and III) focused on 
the meniscus to give support to the design of the implant and the second part 
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(chapters IV and V) focused on articular cartilage to further develop a model 
that can help evaluating the aforementioned chondroprotective capabilities.  

In the second chapter of the thesis a model for native meniscus was developed 
to have as a reference of how the strains in AC collagen fibers look like while 
the knee joint was still healthy. Because of similarities between tissue type (AC 
and meniscus) the AC model was used as a basis for the development of the 
meniscus model. Previously, it was shown that the depth dependent 
distribution of tissue components was relevant for its mechanical conditions 
(Wilson et al., 2007, Halonen et al., 2013). Thus, it was evaluated if the same 
concept held true for meniscus, which was, whether the mechanical conditions 
inside the AC would change based on the distribution of tissue components 
inside the meniscus. 

The third chapter made use of the developed meniscus model both to help 
understanding how mismatches between native meniscus and replacement 
could alter knee joint’s biomechanics. Understanding the latter can contribute 
to the replacement’s development. Moreover, evaluating the effects of 
mismatches addresses a recurrent question that the surgeons face in the 
operating theatre: in view of no perfect matching meniscus implant, would an 
oversized or an undersized implant be the best choice in terms of keeping the 
AC healthy? Results of the analysis performed in the third chapter suggested 
that the loading rates effects were important for cartilage mechanics and had 
significant effects on straining of the collagen fibers. Because collagen strain is 
thought to be critical to damage development, in the fourth chapter further 
fundamental evaluation of the contribution of the collagen to the mechanical 
performance of cartilage under various loading rates was done. Accordingly, 
load sharing between fluid, matrix and collagen as a function of time and 
loading rates was studied. 

Damage to AC was predicted based on the strains experienced by the tissue. 
On the one hand and with foundation on previous observations these strains 
could be loading rate dependent. On the other hand experimental evidence 
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suggests that AC fiber damage itself is rate dependent. The question arose 
whether the time-dependent behavior in the present model would result in 
loading rate dependent damage or a loading-rate dependent damage description 
should be implemented. The latter question was investigated in the fifth 
chapter. 

The thesis concludes with an outlook stating how this model of AC and 
meniscus will be of use in the development of artificial superior 
chondroprotective meniscus implants. In upcoming steps the AC and meniscus 
models will be implemented in a 3D model of a goat joint and results of the 
simulations compared with the outcome of animal experiments carried out by 
external partners. Ideally this model can be further updated including relevant 
ligaments and muscle forces to fully simulate physiologic kinematics. 
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Chapter 2 
Should a native depth-dependent 
distribution of human meniscus 
constitutive components be 
considered in FEA-models of the 
knee joint? 
 

 

 

 

 

 

 

 

The content of this chapter is based on: 

Párraga Quiroga JM, Emans P, Wilson W, Ito K, van Donkelaar CC. 2014. Should 
a native depth-dependent distribution of human meniscus constitutive 
components be considered in FEA-models of the knee joint? J Mech Behav 
Biomed Mater.;38:242-50. doi: 10.1016/j.jmbbm.2014.03.005. Epub 2014 Apr 
2.  
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2.1. Introduction 

The main function of the meniscus is to transfer and distribute loads in the 
knee joint. The distribution of loads by the meniscus has been studied 
experimentally (Morimoto et al. 2009; Elsner et al. 2010) and by 
computational modeling (Wilson et al. 2003; Mononen et al. 2013), showing 
that the total contact area involved in load transfer is reduced. This involves 
the combination of articular cartilage (AC)-meniscus and AC-AC contact areas. 
As a consequence the contact pressure increases. As Yao and Seedhom in 1993 
proposed, regions in the articular cartilage (AC) under high stresses generated 
by regular activities will adapt and develop higher compressive moduli. 
However, when the meniscus is compromised or removed, peak stresses arise 
in regions of the AC that were previously unloaded and therefore not adapted. 
These phenomena are known to be at least partially responsible for cartilage 
damage and subsequent osteoarthritis (Fukubayashi and Kurosawa 1980; 
Sturnieks et al. 2008), possibly as a result of large strains occurring in the 
cartilage collagen fiber network when the contact area decreases (Wilson et al. 
2006 a). The accuracy of the prediction of stresses and strains in the cartilage 
depends largely on the material models used for the meniscus. These range 
from single phase and transversely isotropic (Zielinska and Donahue 2006; 
Peña et al. 2006; Vaziri et al. 2008; Yao et al 2008; Erdemir and Sibole 2011) to 
poroelastic (Wilson et al. 2003) and collagen reinforced to account for the 
circumferentially oriented collagen fibers (Guess et al. 2010; Kazemi et al. 
2011). The latter is important, as collagen fibers resist hoop stresses that occur 
under axial joint loading (Fithian et al. 1990). In addition to the collagen, the 
osmotic swelling pressure generated by the glycosaminoglycans (GAGs) in the 
meniscus may be essential, as swelling pressure is known to resist compressive 
loads in cartilage (Mow et al. 1984). This has however not yet been accounted 
for in meniscus models. The distribution of collagen, GAGs and water in the 
transversal plane of the meniscus is not homogeneous, and this has been 
postulated to be related to differences in loading conditions (Mow et al. 1992; 
Adams and Hukins 1992). It has also been reported that the distribution of 
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matrix components is not homogeneous in a cross sectional plane, with GAG 
content in porcine meniscus being larger in the inner region than in the 
periphery (Nakano et al. 1985). Whether such depth-dependent distribution of 
matrix components is important for load distribution by the meniscus is 
unknown. It may be speculated that it is essential, because the meniscus and 
cartilage have similar function and constitution (Fithian et al. 1990), and the 
native depth-dependent matrix constitution in articular cartilage is known to 
be important for load transfer (Wilson et al. 2007; Halonen et al. 2013).  

Therefore, the present aim was to explore if it is important to include the 
native meniscus matrix component distribution in the cross sectional plane in 
order to simulate mechanical conditions in the knee, with particular focus on 
the effect of meniscus matrix distribution on the strains inside the cartilage. To 
address this objective, the native matrix distribution in the cross sectional 
plane of human meniscus samples was determined. These data were then 
used in an existing composition-based fiber-reinforced poroviscoelastic 
swelling model (Wilson et al. 2006b) to study the objective.  

2.2. Methods 

2.2.1 Samples 

Five human medial menisci were obtained from patients (age 55-77 yrs-old) 
who underwent total knee arthroplasty for reasons unrelated to meniscal 
damage. Healthy-looking menisci were selected based on intraoperative visual 
inspection by the surgeon. The use of these tissues was approved by the local 
medical ethical committee. Immediately after the surgery the tissue was kept 
in a container with phosphate buffered saline (PBS) to transfer them to the 
laboratory, where the PBS was discarded and the menisci were kept at -30 °C 
until further preparation.  
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2.2.2 Tensile test experiment 

According to Fithian et al. 1990 the circumferential fibers appear to be 
continuous with those of the anterior and posterior ligamentous horns. 
Therefore, tensile experiments to characterize the viscoelastic behavior of 
collagen fibers were performed in circumferential samples. While frozen, the 
five menisci were cut in the frontal plane to obtain an anterior and a posterior 
part (Figure 1b). These parts have distinct geometries, the posterior part being 
flatter and the anterior part being more triangular. Smaller samples were 
impossible to mount reliably in the tensile tester. Transversal slices were 
serially sectioned using a cryotome (in Figure 1c-d the procedure is shown for 
only one sample), resulting in a total number of 100 circumferential transverse 
samples for mechanical testing (Figure 1e-f). The distribution of samples per 
patient and region is shown in Table 1. The thickness, length and width of the 
samples ranged between 0.1 and 1 [mm], 5.6 and 14.0 [mm] and 3.2 and 9.3 
[mm], respectively. Samples were subsequently thawed in PBS at 4°C 
overnight before the mechanical testing.  

 

Figure 1. From coronal sections (a) transverse serial sections for tensile test 
were obtained (b-d). Matrix components were measured and implemented in 
the model for FEA tensile test simulations (e). 

 

Table 1 

Distribution of samples per region and patient. The first letter stands for the 
joint’s side: left (L) or right (R); the second letter for the meniscus side: medial 

a) b) 
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in all cases (M); the third letter for the gender: all female (F) and the last 
numbers stand for the patient’s age. 

 

The samples were clamped (Figure 1f), mounted in the tensile tester and 
immersed in PBS at room temperature. Polishing paper was used in the 
interface tissue-clamp to provide a better grip. Tensile tests were performed 
on a biaxial test system (BioTester 5000, CellScale, Waterloo Instruments Inc.) 
at 5% [strain/minute] up to 25% strain. In agreement with the experiments of 
Lechner et al. 2000, a 0.05 N pre-strain was applied. After stretching, the 
samples were allowed to recover for 1000 s. During the entire experiment, 
displacement and force were obtained at 5Hz, and in-plane images of the 
surface of the tissue were recorded at 0.2 frames per second during the strain 
test with a high resolution charge-coupled device (CCD) camera (Image rate 
15Hz; resolution=1280x960 pixels). After the tensile experiments, the samples 
were stored at 4°C until biochemical analysis. 

The stiffness of the samples in the stretched direction, characterized by the 
Young’s modulus, was defined by the slope of the stress-strain curve in the 
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linear region (Figure 2). The stress (σ) was the force recorded by the tensile 
system divided by the original cross sectional area. Tissue length at 0.05 N 

preload was considered the reference configuration. The strain () was derived 
directly from the tensile tester as the displacement of the clamps divided by 
the original distance between clamps. To evaluate whether the strain 
measurement with the tensile tester was representing the actual strain in the 
tissue, the strain was independently determined from the acquired images 
using a digital image correlation (DIC) method. Using BioTester software 
(Labjoy 9.05, CellScale, Waterloo Instruments Inc.), the in-plane motion of 
points in the specimen surface was determined. Cellscale software (Labjoy 
9.05, CellScale, Waterloo Instruments Inc.), was then used to calculate from 
these points the strains in the central half of the sample (Figure 3). Whether 
the strains obtained from the tensile tester and the average strains based on 
the image-correlation were different was then evaluated using a paired t-test. 
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Figure 2. Slope of the stress strain curve obtained from the tensile test 
representing the stiffness in Method 1. 
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Figure 3. In plane strains determined from digital image correlation   

2.2.3 Biochemical characterization 

After thawing in PBS at room temperature, all the 100 samples previously used 
for mechanical characterization were weighed to determine the wet weight 
and subsequently lyophilized overnight (Freezone 2.5; Labconco, Kansas City, 
MO, USA) and re-weighed to determine the dry weight and the H2O content as 
the difference between wet and dry weight. The samples were digested in a 
papain solution consisting of: 100mM phosphate buffer, 5 mM L-cystein, 5 mM 
EDTA and 125-140 µg/ml of papain (all chemicals from Sigma). By performing 
Chloramin-T assays using hydroxyproline (Hyp) standard solution as a 
reference (Huszar et al. 1980) and standard DiMethylMethyleneBlue assay 
(DMMB) using shark cartilage choindroitin sulfate as a reference (Farndale et 
al. 1982) collagen and GAG content were determined, respectively.  

2.2.4 FEA Model 

A previously developed FEA model for cartilage (Wilson et al. 2006 b), 
implemented in Abaqus 6.11-2 (Dassault Systèmes, 2011), was used as a basis 
for the meniscus model. The poro-viscoelastic model predicts tissue stresses, 

stot, Eq. (1), based on the stresses in the fibrillar collagen network (sf), the 

non-fibrillar ground substance (snf), swelling pressure by the GAG’s (), and 
the water chemical potential (µf).  
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where I stands for the unit tensor. 

The density of collagen fibers (c) is defined for each of the fibers directions (i) 
considered (totf). The initial solid volume (ns,0) depends on the collagen and 

GAG content. The osmotic pressure () is a function of the fixed charge 
density per total hydrated tissue volume (Narmoneva et al. 1999), and 
calculated as (Eq. 4): 

CS

CSCS

MW

cz
FCD          Eq. 2 

where zCS stands for the valency of chondroitin sulfate (2 [mEq/mmol]), MWCS 

for its molecular weight (513000 g/mmol), and cCS for its concentration in 

g/ml. All GAG content is assumed to be chondroitin sulfate. Therefore, ccs is 
the GAG concentration divided by the amount of H2O in the sample. 

The constitutive equation for the stresses in the nonfibrillar matrix (snf) of 
meniscus is assumed identical to that of cartilage (Wilson et al. 2006 b), and 
equals  
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where Gm is the shear modulus and J the determinant of the deformation 

tensor F. The time dependent fibril stress (sf) is given by   

ffff eeP
J
λ

σ


         Eq. 4 

where  is the elongation of the fibril, Pf is the first Piola-Kirchhoff fibril stress 
and 

fe
  the current fibril direction. The collagen viscoelastic behavior is 

represented by a spring S1, parallel to a spring S2 in series with a dashpot with 

a dashpot constant . The stresses in both S1 and S2 springs are described by a 
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two-parameter exponential stress-strain relationship (eq. 5):    
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     Eq. 5 

where E1, k1, E2, k2 and  are constants. Since the strains in the upper and 
lower part of the spring system are identical, the total fibril stress is given by  

21f PPP          Eq. 6 

The fibers are implemented as a 3D network with a primary or dominant 
direction, and a quasi-isotropic secondary fiber network. In cartilage, the 
primary fibers represent the arcade model proposed by Benninghoff et al. 
1925, where the fibers run perpendicularly to the bottom surface of the AC 
and gradually bend to be parallel as they approach the surface. In meniscus, 
these fibers represent the circumferential fibers in the peripheral zone, and 
the tangential fibers along the superior and inferior surfaces. In both tissues, 
the secondary fibers are oriented in the three dimensions at 45° of the 
principal axes. The density of primary and secondary fibers is given by:  

Primary fibers:   
72C

C
ρρ totc,c 

    Eq. 7 

Secondary fibers:  
72C

1
ρρ totc,c 

    Eq. 8 

where C is a constant larger than 1. 

2.2.5 Meniscus collagen characterization 

 To determine the viscoelastic mechanical properties of the collagen in the 
meniscus, a tensile test was simulated with the aforementioned FEA model. 
The dimensions of the sample were the average of those used for the 
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experiments, i.e. thickness was 0.3 mm, length was 10 mm (including 1.5 mm 
clamping area at each side) and width was 7 mm. The averaged biochemical 
contents over the depth of the tissue were used as input. Primary collagen 
fibers were assumed to run in the direction of stretching. To simulate the 
clamping system, the displacement was applied to the nodes over an area 
similar to that covered by the clamps in the experiments. Fluid was allowed to 
flow freely in and out of the surface of the sample except in the region in-
between the clamps. Due to symmetry, only one eighth of the sample was 
simulated; 1872 elements (8-node brick, trilinear displacement, trilinear pore 
pressure, C3D8P) were used. 

The five unknown parameters that determine collagen viscoelastic behavior 

(E1, k1, E2, k2, ) (eq. 5) were defined by fitting the reaction force of the 
numerical tensile test to the average reaction force obtained from the 
experiments using an automated minimization algorithm in Matlab R2010a 
(The MathWorks Inc.) and the objective function: 





n

1i

2
iNUM,iEXP, )Fabs(Ff      Eq. 9 

where, FEXP and FNUM stand for the experimental and numerical reaction forces, 
respectively, and n was the number of data points. 

2.2.6 FEA Simulations 

An axisymmetric FEA model of the medial knee compartment, including the 
meniscus and the tibial and femoral AC was created based on that of Wilson et 
al. 2003. The material model for AC and meniscus previously described was 
implemented through the standard subroutine UMAT, included in Abaqus. For 
the AC the composition and properties were copied from a previous study 
(Wilson et al. 2006 b). For the meniscus, the measured constitutive component 
contents were implemented as shown in Figure 5, the collagen fibers were 
considered principally circumferential with parallel/radial fibers in the first 100 
µm beneath the surfaces in contact with the femoral condyles and the tibia 
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plateau (Adams and Hukins 1992). The viscoelastic properties of the collagen 
fibers were obtained from fittings to experiments. The “general contact” 
option was selected in Abaqus and fluid was allowed to flow freely in those 
regions where there was no AC-AC or AC-meniscus contact. 1666, 1130 and 
434 CAXP elements for femoral AC, tibia AC and meniscus, respectively, 
defined the mesh used for the simulations. Two different scenarios were 
considered for the meniscus. In one simulation, the measured biochemical 
contents were used to derive different amounts of water, collagen and GAGs 
in the superficial, mid-central and inferior area. In the second simulation, the 
meniscus was considered homogeneous, i.e. the measured contents were 
averaged and distributed equally over the height of the meniscus. In the 
simulations, AC and meniscus were equilibrated by allowing them to freely 
swell during 1200 s. Subsequently, an axial compressive load of 800 N was 
applied in 1 s by a ramp function. Considering that the loads are equally 
divided in the medial and lateral compartment (Guo et al. 2013) of the joint, 
this load would represent a 1600 N load in the whole joint which is 
approximately two times the body weight of an 80 kg person. For a single 
compartment this is equivalent to the average load in the stance phase of a 
walking cycle. The mechanical conditions in the cartilage, in particular strain in 
the collagen fibers, were evaluated at the end of the loading step, immediately 
after the maximum load was reached.  

2.2.7 Statistical analysis 

The differences in biochemical contents between anterior and posterior 
regions were evaluated by comparing their mean values by means of a t test; P 
values lower than 0.05 were considered statistically significant. The statistical 
analysis was performed in GraphPad Prism (v 5.04 for Windows 2010). 

2.3. Results 
For all 100 samples, H2O content and GAG content did not show large 
variations, in contrast to what was observed for collagen content. The 
biochemical contents as a function of height in the meniscus showed no 
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significant differences between regions in terms of H2O content. GAG and 
collagen contents showed a trend over meniscus height, GAG being larger in 
the central core and lower in the surfaces and the opposite for collagen. 
Although the differences in biochemical content were not statistically 
significant between different regions, qualitatively a clear pattern of GAG and 
collagen distribution was apparent from histological stainings (Figure 4). The 
averages of the constituents per zone for all patients were used as depth-
dependent input for the numerical model (Figure 5). When comparing anterior 
and posterior regions, H2O content showed no significant difference whereas 
for collagen and GAG the contents were significantly different, collagen 
content being lower and GAG content higher in the posterior region (p=0.0377 
and p<0.0001, respectively) (Figure 6).  

 

Figure 4. Picrosirius red staining, for collagen visualization (Left) and Safranin-O 
Fast green staining for GAG visualization (Right). 
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Figure 5. Left: depth dependent implementation of constitutive components, 
shown for collagen. Right: three region values for all components. 

 

 

Figure 6. Average biochemical contents together with standard deviation. No 
statistical difference between regions for H2O. The posterior region showed 
lower amounts of collagen and larger GAG content, with p=0.0377 and p ≤ 
0.0001, respectively. 

In 6 out of the 100 samples, strains could not be computed with the DIC 
method. The strain as determined in the remaining 94 samples was not 
statistically different between the tensile tester and the DIC method 
(p=0.0833). Therefore, sample stiffness as calculated using the strains from the 
tensile tester was considered valid and this method was selected for further 
analyses. The stiffness of menisci tissue specimens was significantly larger in 
the anterior region (E=27.60 ± 1.260 MPa vs 18.38 ± 1.042 MPa (p<0.0001). 
Because collagen content did not correlate with the sample stiffness, it was 
decided that material properties for meniscus collagen can be fitted on 
averaged experimental data.   
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The reaction forces of the numerical tensile test vs time fitted well to the 
average experimental stress-strain curve (Figure 7), with a minor deviation in 
the toe region (n=100). The five resulting parameters, representing the time 
dependent behavior in the collagen fibers that minimized the objective 

function (Eq. (5)), were E1=8.0 MPa, K1=11.9, E2=2.6 MPa, k2=20.7, =5404.0 
MPa*s. 

There was no difference in tissue strain, stress, collagen fiber strain or osmotic 
pressure inside the meniscus between simulations with a depth dependent or 
a homogeneous distribution of matrix contents in the meniscus (exemplified 
by the distribution of Von Mises strains in Figure 8 a-b). Stresses and strains in 
the cartilage, including the strain in the cartilage's collagen fibers, were slightly 
higher close to the tip of the meniscus in the case with homogeneous matrix 
distribution in the meniscus than with the natural depth-dependent 
distribution of matrix contents (Figure 8 c-d).  

 

Figure 7. Experimental reaction force and standard deviation along with FEA 
model curve fit. 
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Figure 8. Von Mises stresses (a,b) and collagen fiber strains (c,d) for a knee 
joint under 800 N load applied in 1s. Meniscus constituents: a),c) depth 
dependent; b),d)  homogenized. In c) and d) the meniscus was made invisible 
to focus on the AC collagen fibers strains. 

2.4. Discussion 
The aim of the present research was to evaluate the effect of the distribution 
of matrix constituents in the coronal plane of human meniscus on the load 
distribution in articular cartilage. Measurements of water, collagen, GAGs 
contents showed similar depth-dependent tendencies as those observed in 
histology (Figure 4). Although these zonal differences were not statistically 
significant in quantitative biochemical assays, they may still have mechanically 
significant effects. Similarly, the depth dependent biochemical contents for 
articular cartilage were not statistically different (Wang et al. 2002, Chen et al. 
2001), but the existence is well accepted and it was shown to be of significant 
mechanical importance (eg. Wilson et al. 2007).Therefore, the strong 
indications that zonal variations do exist legitimate to question whether these 
variations would produce different stresses and strains inside the AC. As such 
data is difficult to examine experimentally, a numerical approach was adopted. 
Simulations with a previously validated FEA model of the AC (Wilson et al. 
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2006 b), adapted and fitted for meniscus tissue, were performed. In the 
simulations the meniscus matrix was either depth-dependent or homogenized. 
Input in the model included measured depth-dependent distributions of 
water, collagen and GAGs, and fitted parameters for collagen fiber viscoelastic 
behavior against tensile test data. The strains in the AC collagen fibers were 
locally slightly higher with the homogenized meniscus tissue than in the case 
where depth dependence was considered (Figure 8 c-d). This may be 
important, because the strain in the AC collagen fibers has been proposed to 
be essential in the initiation of collagen fiber damage (Wilson et al. 2006 a) and 
therefore the onset of osteoarthritis. However, these differences are modest, 
suggesting that with the particular biochemical distribution reported, the 
depth dependency of meniscal constituents did not make substantial 
differences for cartilage mechanics. This supports the conclusion that in this 
case the depth dependency for meniscus tissue could be neglected in 
evaluations of the mechanical conditions inside the AC.  

The average of the measured constitutive components is within the standard 
deviation of previously reported data (Table 2). In contrast to Bursac et al. 
2009, our measurements showed that GAG content was statistically higher in 
the posterior than in the anterior region (Figure 6). However, a higher GAG 
content in the posterior region seems more logical, because the posterior 
region bears the higher compressive loads (Morimoto et al. 2009), and more 
intensely compressed regions in bovine meniscus and cartilage have been 
associated with higher GAG contents (Eyre et al. 1983 cited in Proctor et al. 
1989, Caterson and Lowther 1978).  
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Table 2 

Viscoelastic parameters for different cartilaginous tissues (left). Human 
meniscus main constituents (right). *Average of three regions shown in 
original research (Anterior-Central-Posterior) 

 

Depth-dependent constitutive components in the human meniscus have not 
yet been reported. Differences in constituents between regions at different 
heights were found, although the differences were not statistically significant, 
which could be explained by variability between patients.  The accuracy of the 
fitted curves (Figure 7) is high. To the best of the authors’ knowledge the 
parameters governing the meniscus collagen viscoelastic behavior have not 
been reported before. Therefore no comparison against published data could 
be reported. Unfortunately, the effect that differences in GAG content 
between the posterior and the anterior area would have in the joint cannot be 
assessed in the present axisymmetric model. This requires a 3D model of the 
joint, which has the additional advantage that it can incorporate a more 
realistic geometry (Peña et al. 2005, Guess et al. 2010). However, 3D models of 
the knee are very challenging, as they require including other structures such 
as ligaments and a knee cap. Consequently, these models use simplified 
material models for the meniscus and the cartilage that do not account for 
osmotic swelling by GAGs and fiber reinforcement by collagen.  

A limitation of the present study is that the menisci were obtained after total 
knee replacement surgery, and may therefore not have been completely 
healthy. Nevertheless, the surgeon considered that they were not 
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degenerated, patient age was moderate, and the average results of bio-
mechanical characterization were in the range of what others have found for 
healthy tissue (Mow et al. 1992) (Table 2 right column). Also, studying knee 
mechanics is probably most essential for mid-aged people, for which the 
present menisci are likely to be good representatives. Another limitation is 
that for the fitting procedure, an average geometry of experimental samples 
and a constant density of primary and secondary fibers was used in the 
simulations. Because no correlation was found between collagen content and 
stiffness, the numerical model was fitted to an average (n=100) load-relaxation 
curve. 

In conclusion, using native human meniscus constitutive components and 
fitted viscoelastic collagen behavior as input data in FEA simulations, this study 
suggests that the depth-dependent distribution of meniscus matrix 
components can be neglected in axisymmetric FEA models of the knee joint. 
With swelling biphasic behavior and visco-elastic collagen fibers, the present 
model may improve our insights into the (patho)physiological mechanical 
conditions in the knee joint at various time-scales, ranging from impact to 
sustained loading conditions, and the transients. 

Acknowledgements  

This publication forms part of the Project P2.03 TRAMMPOLIN of the research 
program of the BioMedical Materials Institute, co-funded by the Dutch 
Ministry of Economic Affairs, Agriculture and Innovation 

 

 

 

 

 



47 

 

References 

1. Morimoto, Y. Fioretti, M. Ekdahl, M. Smolinski, P. and Fu, F. H.,2009. 
Tiobiofemoral joint contact area and pressure after single- and double- 
bundle anterior cruciate ligament reconstruction. Arthroscopy. 25 62-
69. 

2. Elsner, J.J. Portnoy, S. Guilak, F. Shterling, A. Linder-Ganz, E., 2010. 
Design of a free-floating polycarbonate-urethane meniscal implant 
using finite element modeling and experimental validation. J Biomech 
Eng. 9 095001-095001-8 

3. Wilson, W. van Rietbergen,  B. van Donkelaar, C.C. and Huiskes, R., 
2003. Pathways of load-induced cartilage damage causing cartilage 
degeneration in the knee after meniscectomy. J Biomech. 36 845-851. 

4. Mononen, M.E. Jurvelin, J.S. Korhonen, R. K., 2013 Implementation of a 
gait cycle loading into healthy and meniscectomized knee joint models 
with fibril-reinforced articular cartilage. Comput Methods Biomech 
Biomed Eng. http://dx.doi.org/10.1080/10255842.2013.783575 

5. Yao, J.Q. and Seedhom, B.B., 1993. Mechanical conditioning of articular 
cartilage to prevalent stresses.Br J Rheumatol. 11 956-965 

6. Fukubayashi, T. and Kurosawa, H., 1980. The contact area and pressure 
distribution pattern of the knee. A study of normal and osteoarthrotic 
knee joints. Acta Orthop Scand. 51 871-879. 

7. Sturnieks, D.L. Besier, T.F. Mills, P.M. Ackland, T.R. Maguire, K.F. 
Stachowiak, G.W. Podsiadlo, P. and Lloyd, D.G., 2008. Knee joint 
biomechanics following arthroscopic partial meniscectomy. J Orthop 
Res. 26 1075-1080 

8. Wilson, W. van Burken, C. van Donkelaar, C.C. Buma, P. van Rietbergen, 
B. and Huiskes, R., 2006 a. Causes of mechanically induced collagen 
damage in articular cartilage. J Orthop Res. 24 220-8. 

9. Zielinska, B. and Haut Donahue, T.L., 2006. 3D Finite Element Model of 
Meniscectomy: Changes in Joint Contact Behavior. J Biomech Eng. 128 
115-123. 



48 

 

10. Peña, E. Calvo, B. Martínez, M.A. and Doblaré, M.,2005. A three-
dimensional finite element analysis of the combined behavior of 
ligaments and menisci in the healthy human knee joint. J Biomech. 39 
1686-1701. 

11. Vaziri, A. Nayeb-Hashemi, H. Singh, A. and Tafti, B.A.,2008. Influence of 
meniscectomy and meniscus replacement on the stress distribution in 
human knee joint. Ann Biomed Eng. 36 1335-1344. 

12. Yao, J. Salo, A.D. Lee, J. and Lerner, A.L., 2008. Sensitivity of tibio-
menisco-femoral joint contact behavior to variations in knee 
kinematics. J Biomech. 41 390-398. 

13. Erdemir, A. and Sibole, S., 2011. Open knee: capacity to reproduce 
passive joint kinematics, 23rd Congress of the International Society of 
Biomechanics, July 3-7, 2011, Brussels, Belgium. 

14. Guess, T.M. Thiagarajan, G.  Kia, M. Mishra, M., 2010. A subject specific 
multibody model of the knee with menisci. Med Eng Phys. 32 505-515. 

15. Kazemi, M. Li, L.P. Savard, P. Buschmann, M.D., 2011. Creep behavior 
of the intact and meniscectomy knee joints. J Mech Behav Biomed 
Mater. 4 1351-1358. 

16. Fithian, D.C. Kelly, M.A. and Mow, V.C., 1990. Material properties and 
structure-function relationships in the menisci. Clin. Orthop. Relat. Res. 
252 19-31. 

17. Mow, V.C. Holmes, M.H. Lai, W.M., 1984. Fluid transport and 
mechanical properties of articular cartilage: a review. J Biomech. 17 
377-394. 

18. Mow, V.C. Ratcliffe, A. Chern, K.Y and Kelly, M.A., 1992. Structure and 
function relationships of the menisci of the knee. In: Mow, V.C. 
Arnoczky, S.P. Jackson, D.W. Knee meniscus: basic and clinical 
foundations. Raven Press. United States of America. p.40.  

19. Adams, M.E. and Hukins, D.W.L., 1992. The extracellular matrix of the 
meniscus. In: Mow, V.C. Arnoczky, S.P. Jackson, D.W. Knee meniscus: 
basic and clinical foundations. Raven Press. United States of America. 
p.18 



49 

 

20. Guo, H. Maher, S.A. and Spilker, R.L., 2013. Biphasic finite element 
contact analysis of the knee joint using an augmented Lagrangian 
method. Med Eng Phys. 35 1313-1320. 

21. Nakano, T. Thompson, J.R. and Aherne, F.X., 1985. Distribution of 
Glycosaminoglycans and the Nonreducible Collagen Crosslink, 
Pyridinoline in Porcine Menisci. Can J Vet Res. 50 532-536. 

22. Wilson, W. Huyghe, J.M. van Donkelaar C.C., 2007. Depth-dependent 
compressive equilibrium properties of articular cartilage explained by 
its composition. Biomechan Model Mechanobiol. 6 43-53. 

23. Halonen, K.S. Mononen, M.E. Jurvelin, J.S. Töyräs, J. Korhonen, R.K., 
2013. Importance of depth-wise distribution of collagen and 
proteoglycans in articular cartilage--a 3D finite element study of 
stresses and strains in human knee joint. J Biomech. 46 1184-92. 

24. Wilson, W. Huyghe, J. van Donkelaar, C.C., 2006 b. A composition-
based cartilage model for the assessment of compositional changes 
during cartilage damage and adaptation. Osteoarthr. Cartil. 14 554-560. 

25. Narmoneva, D.A. Wang, J.Y. and Setton, L.A. Nonuniform swelling-
induced residual strains in articular cartilage., 1999. J Biomech. 32 401-
408. 

26. Lechner, K. Hull, M.L. and Howell, S.M., 2000. Is the circumferential 
tensile modulus within a human medial meniscus affected by the test 
sample location and cross-sectional area? J Orthop Res. 18 945-951. 

27. Huszar, G. Maiocco, J. and Naftolin, F., 1980. Monitoring of collagen 
and collagen fragments in chromatography of protein mixtures. Anal 
Biochem. 105 424-429. 

28. Farndale, R.W. Sayers, C.A. and Barrett, A.J., 1982. A direct 
spectrophotometric microassay for sulfated glycosaminoglycans in 
cartilage cultures. Connect Tissue Res. 9 247-248. 

29. Benninghoff, A., 1925. Formund Bau der Gelenkknorpel in ihren 
Beziehungen zur Funktion. Z Zellforsch. 2 783-862. 

30. Wang, C-B. Guo, X.E. Sun D-N. Mow V.C. and Ateshian, G.A. 2002. The 
functional environment of chondrcytes within cartilage subjected to 



50 

 

compressive loading: a theoretical and experimental approach. 
Biorheology 39 11-25. 

31. Chen, S.S. Falcovitz, Y.H. Schneiderman, R. Maroudas, A. and Sah, L. 
2001. Depth-dependent compressive properties of nornmal aged 
human femoral head articular cartilage: relationship to fixed charge 
density. Osteoarthr. Cartil. 9 561-569. 

32. Bursac, P. Arnoczky, S. and York, A., 2009. Dynamic compressive 
behavior of human meniscus correlates with its extra-cellular matrix 
composition. Biorheology. 46 227-237. 

33. Eyre, D.R. Koob, T.J. and Chun, L.E., 1983. Biochemistry of the 
meniscus: unique profile of collagen types and site-dependent 
variations in composition. Trans Orthop Res Soc. 8 56.  

34. Caterson, B. and Lowther, D., 1978. Changes in the metabolism of the 
proteoglycans from sheep articular cartilage in response to mechanical 
stress. Biochim Biophys Acta. 540 412-422. 

 

 

 

 

 

 

 

 

 



51 

 

Chapter 3 
Meniscus replacement: influence of 
geometrical mismatches on 
chondroprotective capabilities. 
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3.1. Introduction  

 

Severe meniscus injury may be treated by total meniscal replacement. By 
restoring the mechanical conditions closer to that of a normal knee, this is 
thought to slow down the progression of articular cartilage (AC) degeneration. 
Animal, numerical and cadaver experiments have shown that implant 
geometry (Huang et al., 2002; Donahue et al., 2004; Meakin et al., 2003; Allen 
et al., 1984; Yong Bae et al., 2012; McDermott et al., 2004), material properties 
(Sommertlath et al., 1992; Linder-Ganz et al., 2010; Dienst et al., 2007) and 
fixation and positioning of the implant into the tibia plateau (Sekaran et al., 
2002; von Lewinski et al., 2008) affect contact conditions. Consequently, peak 
loads in the AC may occur or loads may be transferred to regions that were 
previously unloaded and are not well-suited to support these loads (Yao and 
Seedhom, 1993; Thambyah et al., 2006). Animal and clinical studies have 
shown that such adverse conditions may result in cartilage damage and 
osteoarthritis (OA) in the mid- to long-term (Sommerlath et al., 1992; Allen et 
al., 1984). Under controlled management of joint loading, however, new 
loaded areas return faster to normal gait (Kelln et al., 2009). The question then 
raises which meniscus implant geometry and properties would provide such 
beneficial mechanical conditions.  
Given that a perfectly matching implant will be difficult to find, a slightly 
under- or over-sized implant is often clinically used. Dienst et al. (2007) 
showed that provided there is proper fixation, an undersized meniscal 
transplant may outperform a larger implant. However, the reason for this 
observation is not understood and such insight may benefit the development 
of superior implants. Adverse contact stresses are held responsible for AC 
degeneration, but it is difficult to relate tibia plateau pressures (Linder-Ganz et 
al., 2010; Dienst et al., 2007) to damage that can be seen with histological (von 
Lewinki et al., 2008) or gross inspection of the AC (Sommerlath et al., 1992). 
Although pressure films allow measurements between the tibia and the 
meniscus, sensors may alter the pressure peaks and distributions (Wu et al., 
1998; Liau et al., 2001) and they cannot be used on the femoral AC where 
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damage is most frequent. Thus, contact pressure measurements might not be 
the best indicative data for the clinical success of meniscus replacements.  
The present study postulates that straining of the AC collagen network may be 
a better predictor for OA development, because excessive strain may damage 
the collagen network (Wilson et al., 2006a), and such damage is considered 
irreversible due to the long turnover time of collagen (Bank et al., 2000). The 
objective of the present study was therefore to explore the hypothesis that 
with undersized implants, AC collagen fiber strains remain within a 
physiological range, whereas collagen strains are higher with an oversized 
implant.  
Because of the previously established relationship between AC collagen fiber 
strains and AC damage (Wilson et al., 2006a) the strain in the fibers were 
considered as a measure of the success of the replacement. Collagen strain in 
AC is difficult to measure experimentally, but can be computed using fiber-
reinforced numerical models for AC mechanics. The present study employed a 
composition-based finite element analysis (FEA) model for studying AC 
mechanics in the meniscus and the ACs of the tibia plateau and the femoral 
condyle. Because loading rate and duration are known to change the 
mechanical conditions in the knee (Gu and Li, 2010; Kazemi et al., 2011), the 
viscoelastic behavior of collagen and the swelling, biphasic nature of cartilage 
were incorporated in this model (Wilson et al., 2006a; Wilson et al., 2006b).  
 

3.2. Methods  
One femoral compartment of the knee joint was represented by an 
axisymmetric geometry of the tibio-femoral AC and meniscus (implant), 
adopted from a previous study (Wilson et al., 2003) (Figure 1, left). The 
simplified geometry does not distinguish between the medial and the lateral 
compartment.  The natural meniscus (Figure 1B, right) aligned perfectly with 
the AC surfaces, and was built with native meniscus properties (Párraga 
Quiroga et al., 2013). A perfectly matching meniscus implant was scaled ± 10% 
(Figure 1 A and C, right) about a fixed point in the inner tip; the location of the 
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innermost point of the meniscus was identical in all simulations. As a negative 
control, the meniscus was removed to simulate the effects of a total 
meniscectomy (MX). Simulations with implant geometries A-C were performed 
with two different material properties (M1 and M2) to evaluate effects of 
various commercially available materials. When the meniscus implant was 
undersized, initially penetration occurred in the femoral AC. To solve this 
problem, at the onset of the simulation the knee was first distracted and 
subsequently compressed again until the maximum force (450 N) was 
obtained. 
 

 
 
Figure 1. Left: dimensions in mm, boundary conditions and mesh of the FEA 
model. Right: schematic showing the scaling process performed to evaluate 
geometrical mismatches, 10% undersized (A), perfect matching (B) and 10% 
oversized (C). 
 
 

AC was simulated using a composition-based porous-solid matrix. The model 
included strain-dependent permeability and depth-dependent biochemical 
contents: water, charged proteoglycans that induce tissue swelling, and a 
viscoelastic collagen fiber network (Wilson et al., 2006b). The properties of a 
native healthy meniscus used for the positive control (Figure 1B, right) were 
considered composition-based, similar to AC, reinforced with viscoelastic 
collagen fibers and including swelling that was determined by the amount of 
GAG and water (Wilson et al., 2006; Párraga Quiroga et al., 2013). Because of 
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similarities between meniscus and AC tissue, ground substance stiffness (Gm), 
osmotic (ϕα) and activity (γα) coefficients, ratio of primary to secondary fibers 
(C) and permeability were chosen equal. The parameters necessary to 
characterize AC and meniscus (Wilson et al. 2006b; Párraga Quiroga et al. 
2013) are given in Table 1.  
 
Table 1. Material properties of AC and meniscus 
 
Material Parameter 

E1[MPa] K1 E2[MPa] K2 [MPa*s] Gm[MPa] 

AC 4.3 16.9 20.0 41.5 142400.0 0.903 

Meniscus 8.0 11.9 2.6 20.7 5404.0 

 
The material properties of both tibiofemoral AC and meniscus were 
implemented through the standard user subroutine UMAT in Abaqus 6.11. For 
each integration point in the material the stress is given by: 
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where f represents the water chemical potential, I the unit tensor. The stress 
tensor in the non-fibrillar matrix is given by: 
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and the stress tensor in each fiber equals: 
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The stress in a single fiber is calculated from a standard lineal solid model 
(Figure 2), where the total stress is: 
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21f PPP           Eq. 4, 

 
With P1, P2 being two-parameter exponential stress-strain relationships that 
determine the stress in each part of the system: 
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See Wilson et al. (2006b) for an extended description of the derivation of P2 as 
a function of the fibril strain εf.  
 

 
 
Figure 2. Schematic standard linear model to represent the viscoelastic 

behavior of the collagen fibers (f is the total fiber strain, V the strain in the 

dashpot and e the strain in the spring S2). 
 
 
The osmotic pressure gradient  (eq.1) is given by: 
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exf

Ff
exfF, n

cnc          Eq. 7, 

where nf represents the local fluid fraction, nexf the extra-fibrillar fluid fraction 
and cF the normal fixed charge density. See Huyghe et al. (2003) for more 

details about the osmotic () and activity () coefficients. 
 
The primary collagen fibers were considered parallel to the top and 
perpendicular to the bottom surfaces in the AC, after which they bended and 
form an arcade-like structure (Figure 3 left). The secondary fibers were 
oriented as previously described for AC; i.e. at 45 degrees of each other. This 
represents an isotropic orientation (Figure 3 right). In each integration point 
the density of primary and secondary fibers is: 

Primary fibers:  
72, 


C
C

totCC      Eq. 8, 

 
 

Secondary fibers: 
72

1
, 


CtotCC        

where C is the ratio between primary and secondary fibers. 
 

 
 
Figure 3. Direction of primary (left) and secondary (right) collagen fibers. 
 

 
For the native meniscus the primary fibers were oriented parallel to the 

surfaces in contact with femur and tibia AC over the first 100m and 
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circumferentially oriented elsewhere. The secondary network was 
implemented as for the AC. Simulations were performed using pore pressure 
elements CAX4P for ACs and native meniscus, whereas axisymmetric stress 
elements CAX4R were used to mesh the different implants.  
 
For simulations with the artificial meniscus implant, the meniscus was replaced 
by either one of the different biomaterials M1 and M2, Table 2. M2 is stiffer 
than M1, and both properties were in the range of what it has been used 
before to simulate meniscus behavior in knee models (Peña et al., 2005). The 
behavior of these materials was described by a Neo Hookean formulation, 
with a strain energy function U: 
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where J el represents the elastic volume ratio, λi the principal stretches, µ0 the 

initial shear modulus and K0 the bulk modulus. 
 
Table 2. Material properties of meniscus implants 

Material 
Young’s 

Modulus [MPa] 
Poisson’s 
ratio [-] 

0 [MPa] K0 [MPa] C10 [MPa] D1[MPa-1] 
Yield Stress 

(@ 50% strain) 
[MPa] 

M1 11.0000 0.4990 3.6691 1833.3333 1.8346 0.0011 4.3700 

M2 45.0000 0.4990 15.0100 7500.0000 7.5050 0.0003 12.2200 

 
 

In all simulations, 450 N axial load was prescribed to the joint either in 1s (fast 
loading) or 600 s (slow loading), to evaluate time-dependent effects. Assuming 
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that the loads were equally divided between the medial and lateral joint 
compartments, this represented the body weight of a 90 kg person standing 
on one leg. Fluid was allowed to freely flow in and out of the cartilage and 
meniscus in those regions where initially there was no contact with bone, 
meniscus or opposite AC. The top surface of the femoral AC was constrained 
to move horizontally and the bottom surface of the tibia plateau AC was 
constrained in all directions. To overcome convergence problems where 
contact occurs between three deformable tissues, a thin flexible membrane (t 

= 0.03 mm; E = 0.01 MPa;  = 0.45) was included between AC and meniscus in 
agreement with former publications (Wilson et al., 2003; Vaziri et al., 2008). 
Strains in the collagen fibers, compressive strains in the non-fibrillar matrix 
and contact pressures were evaluated. 
  

3.3. Results  
 
The variables evaluated showed similar results for implant properties M1 and 
M2. Therefore, in Figures 4-7 when referring to “implant” only the results from 
M1 are shown. 
 

3.3.1 Collagen fiber strains 

The perfectly matching and undersized implants showed maximum collagen 
fiber strain after 1s and 600 s in the same range as those with a native 
meniscus (Figure 4). As expected, the collagen fiber strains after MX were 
elevated. Largest collagen strains occurred in the sub-superficial region of the 
AC where the contact between ACs is lost due to the convex shape of the 
femur. As expected, the collagen fiber strains after MX were elevated with 
areas of large collagen strains in the sub-superficial region of the AC. These 
were located where the cartilage surfaces approached each other directly. The 
oversized implant showed strains in the same order as those after MX. However, 
large strains occurred over a larger region, also in areas where the femoral AC 
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had lost contact with its counterpart, i.e. with the meniscus. Interestingly, 
these strains further increased at 600 s, reaching ~8% in the primary fibers 
whereas the collagen strain in other conditions stabilized or decreased.  

 
Figure 4. Strains in the collagen fibers evaluated at different times considering: 
a native meniscus (a), MX (b), a perfectly matching implant (c), a 10% 
undersized implant (d) and a 10% oversized implant (e). 
 

 
 
Figure 5. Minimum principal strains in the non fibrillar matrix at different times 
for a native meniscus (a), MX (b), a perfectly matching implant (c), a 10% 
undersized implant (d) and a 10% oversized implant (e). 
 

 
 
Figure 6. Transverse view of the contact pressures in the AC tibia plateau for 
the five different scenarios evaluated: native meniscus (a), MX (b), perfectly 
matching implant (c), 10% undersized implant (d) and 10% oversized implant 
(e). 
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Figure 7. Transverse view of the contact pressures in the AC femoral condyle 
for the five different scenarios evaluated: native meniscus (a), MX (b), 
perfectly matching implant (c), 10% undersized implant (d) and 10% oversized 
implant (e). 
 

3.3.2 Minimum in-plane principal strains 

The perfectly matching implant kept the tissue compressive strains at the 
same level as those obtained with a native meniscus. These strains increased 
with both oversized and undersized implants, more for the latter and 
especially at the surface (Figure 5). The effects were enhanced with longer 
loading durations, reaching peak values of 20% compression at the surface 
with the undersized meniscus. The greatest compressive strains occurred after 
MX and also with an undersized implant under long duration loading, where 
the tissue reached 20% compression which in the MX case was evident 
throughout most of the AC thickness.  
 

3.3.3 Contact Pressures 

In the tibia plateau the contact pressures after MX were much higher than for 
any of the other cases, which showed similar pressures (Figure 6). Although 
the pressure spatial profile for the oversized meniscus after 1s loading was 
different from other cases, the pressures reached similar magnitudes. All tibia 
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plateau pressures increased with longer loading times. Pressures on the 
femoral condyle AC were similar for a native meniscus, perfectly matching and 
undersized implant (Figure 7). However, MX and oversized implants developed 
much higher central pressures, with the pressure for the oversized implant 
extending over a larger area. 
 

3.4. Discussion  
 

The results showed that strains in the AC collagen network after 1s of loading 
with an undersized or perfectly matching implant were comparable with those 
found for the native meniscus, with the best results for the perfectly matching 
implant. Fiber strains, compressive tissue strains and contact pressures were 
relatively homogeneously distributed throughout the AC, likely because a large 
part of the tissue surfaces were in contact with each other, leaving only little 
surface for fluid to flow out of the cartilage. The slow fluid loss resulted in 
modest volumetric changes in the cartilage, limited stress and pressure 
gradients, and overall small changes over time. The strain and pressure 
profiles after MX and with an oversized implant however, were less 
homogeneous with higher magnitudes. This is explained by the smaller area of 
the AC in contact with opposing AC or meniscus, thus easier fluid extrusion 
and higher pressure gradients. This induced a greater change in conditions 
after 600 s of loading, albeit MX and oversized implant changed differently. 
Collagen strains increased over time to ~8% strain with an oversized implant, 
but decreased in the MX case due to fluid loss and tissue compaction in the 
area of high fiber strains. In contrast, minimal compressive strains were lowest 
in the MX case after 600 s.  
 
The finding that size importantly affects the mechanical conditions inside AC is 
in line with previous studies (Huang et al., 2002; Meakin et al., 2003; Donahue 
et al., 2004; Linder-Ganz et al., 2010). Also, contact pressures concur with 
numerical (Wilson et al., 2003) and experimental contact pressures previously 
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reported (Yong Bae et al., 2012). It could be expected that smaller menisci 
would have smaller contact areas than larger ones. However, the opposite 
emerges from cadaver studies. With undersized allografts, the level of contact 
pressures over the tibio-femoral AC and the contact area are found to be 
similar to the ones obtained with the native meniscus (Dienst et al., 2007; 
McDermot et al., 2004), while the contact area decreases when using 
oversized implants (Linder-Ganz et al., 2010). Also, the conclusion that the 
effect of meniscal material properties is less apparent than the effect of 
geometry corroborates with the literature (Meakin et al., 2003; Sommerlath et 
al., 1991). Given the limited effect of meniscus properties on AC fiber strain in 
the native- and in the perfectly matching implant-scenario, it could be argued 
that using a simpler material description (Wilson et al., 2003, Spilker et al., 
1992) would have been sufficient. However, the present study includes effects 
of sustained loading, which depend on time dependent effects in both 
cartilage and meniscus. To exclude possible effects in the results, it was chosen 
to use a previously validated time-dependent material model for the meniscus 
with poroelastic matrix and viscoelastic fiber reinforcement (Parraga Quiroga 
et al., 2013).     
 
The effect of the duration of loading on the relationship between fiber strain, 
tissue compaction and meniscus shape has not been shown before. This study 
was able to make them apparent because it used time-dependent mechanical 
properties for both the meniscus and the AC. This complex material model 
came with the limitation that a simplified geometry was used. To study effects 
of anterior/posterior translation of the meniscus, rotations of the femoral 
condyle and effects of meniscus attachments, which is known to influence the 
success of meniscus transplantation (von Lewinski et al., 2008), require 
geometrically challenging 3D knee models. However, such studies face 
limitations in complexity of the material model that can be used (Guess et al., 
2010). Therefore, studies using accurate material models and studies using 
geometrically accurate models provide complementary insight. A constitutive 
model for AC similar to the one used in the present research, yet without 
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swelling, was used by Moroni et al. ( 2007 ) in a 2D simulation of joint 
mechanics, and by Mononen et al. (2013) in a 3D study to evaluate the effects 
of meniscal tears. Both studies evaluated AC collagen fiber strains. However, 
by omitting tissue swelling, collagen was not pre-strained and this may be 
speculated to affect collagen strains. Further, they focused on contact 
mechanics and strain parameters initially during loading. The present study 
not only includes effects of swelling by proteoglycans, but also illustrates the 
essential changes in mechanical conditions that occur during sustained 
loading. The emerging tissue strain levels reach values that may be important 
for AC degeneration.  
Interpretation of collagen strain profiles may be difficult because of the 
variability in fiber orientation in the collagen network. The strain was 
determined in the direction of the fibers, which might be oriented oblique to 
the dominant strain direction in the tissue. Therefore, the local maximum fiber 
strain may be less than the local maximum tissue strain.  
The force used in this study represents the load of 90 Kg person standing, and 
was similar or higher than loads used before (Peña et al., 2006; Donahue et al. 
2002, Hosseini et al., 2010). Although loads developed in the joint may reach 
three times the body weight (Bergman 2014), it is not likely that the locations 
of tissue at risk of damage or the main conclusions change when higher loads 
would have been used. The compressive strains reached in AC after sustained 
loading are comparable to those obtained by Hosseini et al. (2010) for a similar 
sustained loading condition (one time body weight). Another study (Halonen 
et al., 2014) evaluated the effects of sustained loading of 50% body weight 
both numerically and in vivo over time. Their AC strains after 0, 1, 15 and 30 
minutes were similar or slightly higher than the strains in the present study. 
With the undersized and perfectly matching meniscus, the collagen strains 
were kept within a physiological range. However, the 8% strain in collagen 
fibers after MX and with an oversized implant approached the range at which 
collagen may become damaged. Damage in the AC may also occur in the non-
fibrillar matrix upon excessive matrix deformation or compression. According 
to the present simulations, the cartilage after MX was most at risk for such 
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damage, in particular after extended loading (Figure 5b), and the undersized 
implant showed the second most compression in the superficial zone (Figure 
5d). Whether these conditions would actually induce cartilage damage and 
promote OA development could not be determined based on the present 
simulations. This would have required a model in which collagen damage and 
progression thereof with ongoing loading was truly implemented, such as the 
one by Hosseini et al. (2014).  
Further, possible creep of the artificial implants over much longer durations of 
(dynamic) loading might cause the menisci to be pushed outward from the 
center of the joint. Consequently, the perfect matching meniscus could be 
expressed and become dysfunctional similar to the oversized implant. If such 
creep would occur, the undersized implant might develop a better fit, and the 
load transfer with the oversized meniscus would even become worse. Thus, 
although we did not include possible creep of the implant, it is likely that creep 
would result in the same conclusion, i.e. that an undersized implant 
outperforms an oversized one in the long-term. 
 
The undersized implant performed at safe levels of contact pressures (Figure 
6), where the pressures in the tibia matched those observed experimentally 
for healthy joints. The pressures in femoral condyles have not been monitored 
experimentally because these sites cannot be approached with pressure 
sensor films. It should be noted though, that the contact pressures at the 
femoral side (Figure 7) exceed those found for the tibia (Figure 6), with 
particularly large differences for the oversized meniscus. Thus, selectively 
evaluating the contact pressures at the tibia plateau could result in erroneous 
conclusions. Note that OA develops most frequently at the femoral site, in 
agreement with the computed elevated pressures.  
 
In conclusion, this study confirms that strains in the AC collagen network 
depend on both the geometry and the material properties of the meniscus. In 
agreement with suggestions from the literature, undersized implants were 
predicted to develop lower contact pressures than oversized implants. 
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Additional insights from this study include that undersized implants also kept 
AC collagen strains lower, and reduced compressive strain compared to 
oversized implants. Further, it was predicted that these differences increased 
significantly under slow or sustained loading conditions. Thus, it is essential to 
take time-dependent poroviscoelastic tissue behavior into account for 
studying the mechanics of meniscus pathologies or designing new implants. 
The low congruency with the AC surface made oversized implants 
dysfunctional during sustained loading, whereas undersized implants 
remained functional in distributing load in the highest loaded AC areas. Based 
on these results it is advised to select slightly undersized, but not oversized 
implants for replacing menisci.  
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Chapter 4 
Relative contribution of articular 
cartilage’s constitutive components to 
load support depending on loading 
rate. 
 

 

 

 

 

 

 

 

 

 

The content of this chapter is based on: 

Párraga Quiroga JM, Wilson W, Ito K, van Donkelaar CC. 2016. Relative 
contribution of articular cartilage’s constitutive components to load support 
depending on loading rate. Biomech Model Mechanobiol.; Submitted. 
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4.1. Introduction 
Articular cartilage (AC) is a biphasic tissue covering the ends of bones in 
diarthrodial joints. Approximately 80% of its content is fluid and the remaining 
20% solid is comprised of collagen (60-70% of the dry weight) and 
proteoglycans (PGs, 20-30% of the dry weight). AC experiences cyclic loads, 
which can reach up to five times body weight (Bergman et al. 2014). Normally, 
the tissue can successfully carry those loads.  

Common understanding is that the applied load is initially supported by the 
pressurized interstitial fluid (Ateshian 2009, Ateshian and Wang 1995, Oloyede 
and Broom 1993). This can be explained because of AC’s low permeability, 
which traps the fluid in the collagen-PG network becoming pressurized when 
the tissue is loaded. This fluid pressure is believed to shield the solid matrix 
from overloading (Bonnevie et al. 2012). During fast loading it has been shown 
that the fluid load support exceeds 79% (Li et al. 2014, Bonnevie et al. 2012, 
Park et al. 2013) leaving the remaining portion of the load to the solid. Some 
studies may consider the solid phase as a homogeneous isotropic elastic 
material (Li et al. 2014), but it is generally accepted that the true 
biomechanical function results from the combination of reinforcing collagen 
fibers and swelling of the proteoglycan-rich ground substance. The collagen 
network contributes to the time-dependent behavior because collagen fibers 
have flow independent viscoelastic properties (Li et al. 1983, Woo et al. 1980, 
Hosseini et al. 2014). The exact relative contribution of the viscoelastic 
collagen compared to the hydraulic fluid pressure under various loading rates 
has not yet been elucidated. Also, because of their negative charges, 
proteoglycans create an osmotic pressure that participates in load sharing 
(Maroudas and Thomas 1970). Although osmotic swelling has been 
incorporated by several groups in computational models of cartilage (Lai et al. 
1991, Huyghe and Janssen 1997, Sun et al. 1999, van Loon et al. 2003), 
understanding the nonlinear and time-dependent contribution of osmotic 
pressure to the mechanical behavior of cartilage is challenging (Olsen et al. 
2006).  
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In our composition based cartilage model, the individual contribution of 
osmotic swelling pressure by proteoglycans and the effect of collagen 
viscoelasticity are included (Wilson et al. 2006). This allows monitoring the 
relative contributions of fluid pressure, osmotic pressure, collagen stress and 
non-fibrillar matrix stress as a function of loading magnitude, rate and 
duration. The aim of the present study is to demonstrate this relative load 
sharing under unconfined compression and indentation loading as a function 
of distance from the cartilage surface.  

4.2. Methods 

4.2.1 FEA Model 

In our fibril reinforced swelling poroviscoelastic model of AC (Wilson et al. 
2006), two changes were implemented: the isotropic stiffness of the collagen 
fibres was taken into account (σf iso) and the stress in the solid phase was 
divided by the volumetric deformation J; being the total tissue stress in each 
integration point calculated according to Eq. 1. These adjustments allow the 
collagen fibers to have stiffness in compression, though very low in 
comparison with the stiffness in tension (Romgens et al. 2013). Because of 
these adjustments, material properties could not be derived from previous 
work, but were fitted to experimental data of unconfined compression, 
indentation and swelling (DiSilvestro and Suh 2001)(Appendix A).  In the 
updated implementation, the total stress is given as (eq 1): 
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Where, f is the fluid pressure,  is the osmotic swelling pressure, sf iso is the 

stress in the collagen fiber network, snf is the stress in the non fibrilar part 

(PGs), c is the volume fraction of the collagen fibers in the ith direction with 
respect to the total volume of the solid matrix and ns,0 is initial solid volume 
fraction.  
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The stress in the non fibrillar network (Eq. 2),  including the shear modulus of 
the non fibrillar matrix (Gmnf) is: 
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The equation for calculating stress in the collagen network is now given by: 
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       Eq. 3 

Where sf is described by Eqs. 4-6 and siso representing the isotropic stiffness 
of the fibers. This was described with the same Neo-Hookean model used to 

describe the stress in the non-fibrillar network (snf, Eq.2), yet with Gmnf 
replaced by Gmf, the shear modulus of the collagen fibers:  
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    Eq. 6 

Two groups of collagen fibers were included (Wilson et al. 2005). One group 
represented the dominant or primary fibers with archade-like orientations 
(Benninghof 1925), the second group with fibers oriented in seven angular 
directions in 3D space (x, y, z, x=y, y=z, x=z, x=y=z) to represent a secondary 
non-aligned fiber network (Wilson et al. 2005).  
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The distributions of fluid, fixed charged density (FCD, derived from fluid 
volume and PG content) and collagen contents was implemented depth 
dependently as previously described (Wilson et al. 2006). 

The material model was implemented in Abaqus 6.11-2 (Dassault Systèmes, 
2011). 

4.2.2 FEA Simulations 

Unconfined compression was simulated on a 3D representation of an AC plug 

( = 5.6 mm, thickness = 1 mm), using both load (1 and 2 MPa) and 
displacement control (5, 10 and 15 %). The plug was compressed at various 
loading rates (ramp loading at 0.018, 0.5, 5.85, 80 and 360 [mm/min]) by an 
impermeable platen assuming frictionless contact. The bottom of the plug was 
restricted from displacements in all directions, as if the AC would be anchored 
to the subchondral bone. The fluid was allowed to flow freely out of the free 

cartilage edges. Additionally, an indentation experiment (indenter  =1 mm) 
with similar loading conditions was performed to reduce possible effects of 
adverse boundary conditions at the cut circumference of the cartilage plugs. 
Fluid flow was allowed on the free cartilage surface not in contact with the 
indentor. To evaluate time-dependency, load sharing was evaluated under 
loading at various rates, and during stress relaxation. Equilibrium was 
considered complete when fluid pressure dropped to zero and internal 
stresses reached constant values.  

Each of the four components contributing to the total stress (Eq. 1) were 
normalized to the total stress to evaluate its individual relevance in load-
sharing. Because of the depth dependency present in AC for its main 
constitutive components (Wilson et al. 2007, Halonen et al. 2013), each 
component was evaluated in the superficial, middle and deep cartilage zones 
for each loading condition.  
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4.3. Results 

4.3.1 FEA Models 

4.3.1.1 Unconfined compression (strain control) 

The maximum fluid pressure, osmotic pressure, collagen stress and PGs stress 
were plotted against the loading rate for the three locations for 10% strain 
(Figure 1). In all locations hydraulic pressure carried most of the applied load. 
In the surface zone the collagen bore up to 20% of the load and its 
contribution increased with loading rate. In  
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the middle and deep zones and for the low loading rates, the osmotic swelling 
carried almost 40% of the load. In these zones the contribution of collagen was 
negligible.  

4.3.1.2 Unconfined compression (load control) 

Under load controlled compression, similar effects were observed, with a 
higher contribution for osmotic pressure in the deep zone. Because the plots 
would not add new insight to the study the results were not shown. 

4.3.1.3 Indentation (strain control) 

Similar trends in load sharing were observed for unconfined compression and 
indentation (Figure 1). However, under the indenter the osmotic pressure in 
the middle and deep zones was higher than during unconfined compression.  

4.3.1.4 Effect of superficial collagen  

In unconfined compression, the tissue expanded radially and the superficial 
collagen fibers were strained. This deformation was dependent on the applied 
compressive strain, but was largely independent of the strain rate (Figure 2).  
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Figure 2. Strain in the primary collagen fibers vs. loading rate for different 
compressive magnitudes. 

Because of straining, the superficial collagen fibers developed more stress than 
fibers in the middle and deep zones, which shortened during tissue 
compression. To evaluate the relevance of the 20% load carried by the 
superficial collagen fibers (Figs 1 and 2), the radial fibers where replaced by 
perpendicular fibers which align with those in the deep zone. This significantly 
reduced the reaction force for the same applied strain, i.e. cartilage behaved 
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weaker as a consequence of the change in collagen orientation. This change 
was loading-rate dependent. The effect of collagen orientation during 
indentation was less pronounced (Figure 3).  

4.3.1.5 Stress relaxation in unconfined compression (strain 
control) 

During stress relaxation, the load support was shifted from hydraulic to 
osmotic pressure, which dominated the compressive properties in the middle 
and deep zones (Figure 4). The solid (GAG and collagen) carried considerable 
load during equilibrium in the superficial zone. 

 

Figure 3. Reaction force recorded in the platen during unconfined compression 
(left) and in the indenter during indentation (right) for two strain magnitudes 
(10 & 15 %). 
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Figure 4. Contribution of the four main components to load sharing during 
stress relaxation under 10% strain. Data are similar for 15% strain. 
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4.4. Discussion 
In agreement with common understanding of biphasic mechanics, fluid 
pressure initially takes most of the load applied on cartilage. This is regardless 
of the loading type (unconfined compression vs indentation), rate or 
magnitude. This study shows that the second most important constituent for 
initial load bearing is the collagen network in the superficial zone. During 
unconfined compression, this may take 20% of the total load in this zone. To 
illustrate its importance, and by only changing the collagen orientation in this 
zone the overall stiffness of cartilage is reduced by up to 50%, depending on 
loading rate and magnitude (Fig 4). These effects are less pronounced during 
indentation. After few minutes of sustained loading, the contribution of 
hydraulic pressure ameliorates and osmotic pressure starts to dominate load 
carriage in cartilage, taking approximately 95% of the total load throughout 
the middle and deep zones in equilibrium. This is in contrast with common 
thought that during stress relaxation, load is slowly transferred from the fluid 
to the solid phase. This is true for load transfer in biphasic tissues that do not 
have osmotic swelling capacity. However, in cartilage with strong osmotic 
swelling potential, the solid is hardly loaded even in equilibrium. Rather, the 
load is transferred from hydraulic to osmotic pressure in the fluid.  

The relevance of an intact superficial collagen network for AC mechanics has 
been shown previously under equilibrium conditions (Hosseini et al. 2014, 
Bevill et al. 2010, Thambyah et al. 2009). The present study demonstrated that 
in addition, the superficial collagen contributed significantly to transient 
cartilage behavior (Fig 2 and 5). Interestingly, despite this strain-rate 
dependent effect, the superficial collagen strain only increased for very low 
loading rates. At modest strain rates the fiber strains reached a limit (Fig 3), 
and their contribution to load bearing did not increase further (Figs 1-2). The 
explanation may be that at low loading rates, fluid may internally flow or even 
leave the cartilage. At loading rates above a particular strain rate, fluid will not 
have time to redistribute within the tissue and the cartilage deforms as an 
incompressible material. Under such conditions, the strain distribution within 
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the tissue may have become less dependent of the loading rate (Fig 2). 
However, this doesn’t mean that the maximum collagen strain has been 
reached; when more strain is applied on the tissue, the tissue deforms more 
and the strain in the superficial collagen fibers follows tissue deformation, 
reaching a higher strain level (Fig 3). This is different under indentation 
loading, where total tissue deformation is less significant, collagen strain does 
not reach a limit and therefore its effect on load bearing continues to change 
with strain-rate (Fig 4). Based on the above evaluation, we may speculate that 
the chance for superficial collagen to become damaged or fibrillated would 
merely depend on strain- or loading-magnitude, and less on loading rate above 
a certain loading rate. This rate is in the order of 80 mm/min which is a rather 
large value for a physiological loading (Hosseini et al. 2010) but could be 
present during demanding sport conditions or in an unfortunate event. 
Whether such speculation holds true remains to be determined in future work. 
Interestingly, at 10% tissue compression the superficial collagen strains 9%, 
while it reaches 13% when the tissue is compressed 15%. Although the 
damaging strain limit for collagen type II is unknown, based on experimental 
work with other collagen types, it has been previously assumed that fibers may 
start degenerating at strains in the order of about 8% (Hosseini et al. 2014). 
Thus, this would indicate that 10% unconfined compression would not result in 
significant tissue fibrillation, whereas 15% compression would. Indeed, it was 
recently determined that cartilage compressive strain reaches 15% after 
meniscectomy, and this condition is known to induce cartilage damage 
(Párraga Quiroga et al. 2015).  

With regard to damage development, it has been speculated that the initial 
hydraulic pressure in the fluid may protect the matrix from becoming 
damaged. However, under sustained loading, it was expected that fluid 
pressure would cease and load was transferred to the solid matrix, which 
would then become susceptible for damage. Interestingly, the present study 
shows that load is not transferred to the solid matrix, but rather to osmotic 
fluid pressure, which even carries 95% of the load. Thus, cartilage properties 
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during unconfined compression seems to be dominated by a fluid pressure 
both initially and during sustained loading, yet of a different nature. This 
finding may shed a different light on the interpretation of past studies to 
cartilage mechanics both numerical and experimental. Interpretations related 
to load transfer from fluid to solid under sustained loading of cartilage are to 
be reconsidered; i.e., if no osmotic swelling was considered before the entire 
load initially carried by the fluid will necessarily be transferred to the solid 
during transient behavior. However, this study shows that the solid does not 
take most of the load but the osmotic pressure generated due to the 
proteoglycan content does. This study also emphasizes the need for the use of 
models that include both osmotic swelling and fiber reinforcement to capture 
the intrinsic mechanical behavior of cartilage.   

Furthermore, the current finding about the importance of including osmotic 
swelling suggests that the behavior of the material when loaded at low loading 
rates depends largely on the osmotic swelling, which in turns depends on the 
PG content. As loading rates increase, this shifts such that behavior depends 
mainly on the water content. Although, the amount of collagen does not seem 
to have a large influence on AC mechanical behavior in Figure 4 of this study, 
this is not true. It is only because of the presence of the collagen fibers that 
the tissue is able to develop a large osmotic pressure. Without collagen, the 
tissue would swell dramatically, which would then result in a strong reduction 
of the osmotic pressure.  

Using advanced material models that account for osmotic pressure and fluid, 
however, also comes with limitations. The present study uses a 3D model, yet 
with an idealized shape. Using a more realistic joint shape is challenging and 
computationally expensive. Yet, unconfined compression experiments are a 
commonly used alternative to testing the AC in the full knee joint and are 
considered to be closer to physiologic conditions than confined compression 
(Park et al. 2003). Thus, using this for our study to fundamental cartilage 
mechanics in combination with effects of indentation is appropriate.  
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It should be noted, the above discussion on conditions that might result in 
collagen damage are speculative. A true cartilage damage model could assist in 
answering the question whether damage would indeed develop under these 
conditions, and predictions would have to be corroborated against 
experimental data. Such study is part of ongoing developments.  

In conclusion, it was observed that the non-fibrillar proteoglycan-rich matrix 
does not contribute much directly to load bearing; however, it generates an 
osmotic pressure that contributes to 95% of the load bearing under slow 
loading rates or in equilibrium. Furthermore, this study also reported that fluid 
pressure dominates load bearing upon cartilage loading, with a significant 
contribution for superficial collagen fibers at faster loading rates.  
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Appendix A 

The updated AC numerical model was fitted to experimental data from 
DiSilvestro and Suh 2001, Figure A1. For more details about the fitting 
procedures and the parameters fitted the reader is referred to Wilson et al. 
2005. The final fits and associated parameters were: 

Gmnf= 0.7722; Gmf=0.01144; E1=4.362; S1= 14.39; E2=20.25; S2=43.96; 

=153200.  

 

Figure A1.-a, c & d) Reaction force normalized to experimental data. b) Lateral 
displacement during unconfined compression. Line= numerical fit; stars= 
experimental data (DiSilvestro and Suh 2001). 
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Chapter 5 
The effect of loading rate on the 
development of early damage in 
articular cartilage. 

 
 
 
 
 
 
 
 
 
 
 
 
 
 
 
 
 
 
 

The content of this chapter is based on: 

Párraga Quiroga JM, Wilson W, Ito K, van Donkelaar CC. 2016. The effect of 
loading rate on the development of early damage in articular cartilage. 
Biomech Model Mechanobiol.; Submitted. 
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5.1. Introduction 
Articular cartilage is a thin porous biphasic tissue that covers the ends of the 
bones in diarthrodial joints, allowing for a nearly frictionless relative motion. 
Its fluid phase accounts for 65-75% of its wet weight. The solid phase consists 
mainly of viscoelastic collagen fibers that reinforce the proteoglycan-rich 
matrix (Fithian et al., 1990). Among its main features, cartilage is responsible 
for carrying and distributing a great part of the loads developed in the joints, 
which can reach more than five times body weight in the knee (Bergman et al., 
2014). Cartilage successfully performs this load-bearing task partially by 
creating an internal fluid pressure and an osmotic swelling pressure due to the 
negatively charged proteoglycans (Fithian et al. 1990, Ateshian 2009, Parraga 
Quiroga et al. 2016). These internal pressures as well as the majority of the 
internal stresses are resisted by a strong collagen fibril network reinforcement 
that prevents the tissue from swelling and from undergoing large 
deformations. Hence a healthy and functional collagen fibril network is a key 
factor for its mechanical behavior. 

Despite its strong load-bearing properties, cartilage may become damaged 
when exposed to excessive loading. Self-repair is very limited and reduced cell 
viability, as a consequence of adverse loading most frequently observed in the 
superficial tangential zone (Chen et al., 2003), will further reduce the repair 
capacity of cartilage. Due to this poor regenerative capacity, initial damage to 
the cartilage matrix often progresses into osteoarthritis when adverse loading 
conditions continue to prevail. Understanding cartilage damage progression is 
of paramount importance to early detection and to successfully treat early 
osteoarthritis, when tissue damage is still reversible. Even though both the 
fibrillar and the non-fibrillar matrix components are important to keep 
cartilage’s integrity at healthy levels, it is generally acknowledged that collagen 
damage is more important than proteoglycan loss, and it was shown that 
collagen damage is responsible for decreasing the tensile stiffness of 
osteoarthritic cartilage (Bank et al. 2000). It has been proposed that collagen 
fiber strains are good predictors of cartilage collagen damage (Wilson et al., 
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2007). Collagen damage may initiate at the surface (Hollander et al. 1995), 
although there is also experimental evidence with numerical support that it 
can start in a sub-superficial region and penetrate to the surface at a later 
stage (Wilson et al. 2006; Hosseini et al. 2014). Differences in appearance of 
cartilage damage may result from differences in applied loading rates. For 
instance, more cell death occurs at lower loading rates, whereas release of 
proteoglycan into the culture media and the depth of surface lesions increased 
with higher loading rates (Ewers et al., 2001). Also, the distribution of collagen 
damage was shown to depend on cartilage loading rate (Donkelaar et al, SB3C, 
2015). 

The above results suggest that damage mechanisms in cartilage constituents 
may be loading-rate dependent. However, the biphasic nature of cartilage and 
the viscoelastic properties of the collagen fibrils together result in time-
dependent distributions of strains in the tissue. In addition, the non-
homogenous distribution of the cartilage constitutive components and the 
varying anisotropy throughout its thickness make the internal mechanical 
conditions complex to understand (Wang et al., 2002; Chen et al., 2001). 
Consequently, the distributions of strains and stresses, the locations of 
excessive peak values, and the changes in these parameters over time are 
difficult to predict. 

The present study postulates that the time-varying distribution of peak strains 
in the tissue may result in different damage-responses in cartilage that is 
loaded at different loading rates. Consequently, it predicts loading-rate 
dependent differences in damage profiles, even with a damage mechanism 
that is only strain-dependent, but not strain-rate dependent. The present 
study questions whether the above premise holds and aims to illustrate the 
theoretical effect on location and amount of damage to both the collagen 
network and the non-fibrillar matrix.  

For this purpose, the study employs a former cartilage damage model 
(Hosseini et al. 2014). This model contained a local damage mechanism, which 
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may theoretically result in mesh-dependent localization of damage. A 
secondary aim of the present study is to update the latter damage model with 
a non-local description of damage mechanics.  

5.2. Methods 

5.2.1 FEA model 

A swelling, collagen fibril reinforced, poro-viscoelastic cartilage FE-model 
(Wilson et al. 

2006) implemented through a UMAT subroutine in Abaqus (Abaqus 6.13, 
Dassault 

Systèmes, 2013) was used. In this model the total cartilage stress at each 
integration point is given by Eq.1: 
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Where, f is the fluid pressure,  is the osmotic swelling pressure, sf  is the 

stress in the collagen fiber network, snf is the stress in the non-fibrillar part 

(proteoglycans), c is the volume fraction of the collagen fibers which depends 
on the direction of fibril i with respect to the total volume of the solid matrix, 
and ns,0 is the initial solid volume fraction. The stress in the non-fibrillar 
network is given by Eq. 2, where Gmnf is the shear modulus of the non-fibrillar 
matrix. 
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The stress in the collagen network is given by:   

isoffffibf σeeσσ +=


       Eq. 3, 

Where sfib is described by Eqs. 4-6 in combination with Figure 1 and sf iso 

represents the isotropic stiffness of the fibers as described with the same Neo-

Hookean model used to describe the stress in the non-fibrillar network (snf, 
Eq.2). The shear modulus of the collagen fibers was obtained from the 
literature Gmf=0.01144, (van Rijsbergen et al. 2015). The values for E1, S1, E2, 

S2, , Gmnf and Gmf were previously obtained from fitting the numerical model 
to experimental data (Parraga Quiroga et al. 2016). 
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Figure 1, Standard linear solid model representing collagen fiber behavior; 

with f the total fibril strain, v the dashpot strain and e the strain in spring S2. 

Where, S1 and S2 are the stiffness of the springs and  the viscoelastic constant 
of the dashpot. 

The fibril network is defined by viscoelastic fibers oriented in 9 different 
directions: 2 primary, dominant directions describing the arcade-like structure 
(Benninghoff 1925) and 7 secondary orientations (with lower fiber density). 
The orientation of both families of fibers is shown in Figure 2. 

 

Figure 2, Left: direction of primary collagen fibers, running in vertical direction 
and bending to be parallel to the AC surface when reaching the top layers. 
Right: secondary collagen fibers at each integration point; seven directions 
were considered running at 45 degrees of each other. 

5.2.2 Nonlocal vs. local damage theory 

An algorithm for cartilage damage development was previously implemented 
in the aforementioned FE model (Hosseini et al. 2014). This local damage 
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theory could result in damage localization during which all damage 
concentrates in a vanishing volume. According to well-established damage 
mechanics theories (Pijaudier-Cabot and Bažant 1987, de Vree et al. 1995), this 
could cause the material to behave in an extreme brittle fashion, failing at 
almost zero energy (Peerlings et al. 2002). To prevent such localization, a 
nonlocal theory (Pijaudier-Cabot and Bažant 1987, Pijaudier-Cabot et al. 1998, 
de Borst and Mühlhaus 1991, Peerlings et al. 2002), was implemented in the 
present cartilage damage model. Using a Gauss weighing function (Eq. 7), 
surrounding integration points contribute to damage development in each 
location.  
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In Eq. 7, l  is a length parameter, referred to as the characteristic length, which 
is a material property related to the scale of the microstructure. In this way, 
the influence of a result variable depends on the distance to the location of 
interest. Results may be mesh-dependent if few integration points are within 
the characteristic length, but becomes mesh-independent if enough 
integration points are present within the characteristic length. 

In this study the characteristic length was chosen to be 0.025 mm so that it 
matched the thickness of the superficial tangential zone beyond which the 
fiber orientation changes considerably. The mesh was refined until the 
element size was smaller than the characteristic length and the resulting 
damage progression was independent of further mesh refinement. 

Damage (D) in the tissue starts as soon as the level of collagen fibril strain 
exceeds a threshold. It grows from zero to one, where the fibrils reach their 

rupture point ( = 0.22). The values for collagen fibril strain that determine the 
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onset and rupture point were adapted from a previous study (Hosseini et al. 
2014) and updated to accommodate for the averaging effect over the 
characteristic length (Eq. 7). Damage factor D follows a linear damage 
evolution law (Eq 8).   
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Where k0,Z is the strain at which fibril damage initiates (k0,Z = 0.06); kC,Z is the 
value for complete failure of the fibril (kC,Z = 0.22). The values for damage 
initiation and complete failure in the non-fibril matrix are 0.3 and 0.6, 
respectively.  

With an increase in the fraction of degraded collagen or non-fibrillar matrix, 
represented by an increase in D, the apparent total stress )~(σ  decreases 

(Figure 3) according to Eq. 9.  

D
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~ σσ         Eq. 9 
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Figure 3, Evolution of damage (D) and schematic of stress (s) showing linear 

softening in the constituent as a function of strain history variable (z) from 

the moment of activation (0,z) until complete failure (c,z , D=1). 

Finally, damage is represented in the results as a total weight-averaged 
damage parameters for the 9 fibrils (2 primary and 7 secondary), according to 
Eq. 10, where D19 is the damage in the individual fibers and C = 3 is the 
relative density of the primary to secondary fibers (Wilson et al. 2006).  
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5.2.3 FEA simulations  

Damage progression in both the collagen and the non-fibrillar matrix was 
monitored in cartilage plugs of 5.5 mm diameter and 1 mm thickness that 
were loaded with a 1 mm diameter rigid hemispherical-tip indenter at 
different loading rates (5, 15, 60 and 120 mm/min) until 30% axial 
compression was reached. First, the implementation of the non-local damage 
theory was tested by evaluating damage development in meshes of various 
mesh densities. A mesh density for further simulations was chosen such that 
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both damage evolution and the distribution of mechanical parameters was 
mesh-independent. Further simulations used the selected mesh density. 
Simulations were performed on a quarter of the sample to reduce 
computation times. Second, the progression of damage in the collagen fibers 
and in the non-fibrillar, proteoglycan-rich matrix was monitored over time 
while loading was applied at the four different loading rates. 

5.3. Results 
Simulations with several mesh densities and the same characteristic length 
showed no significant differences in profiles of damage development (Figure 
4). A mesh with intermediate density was chosen (Figure 4b; 9811 C3D8P 
elements) for further simulations of damage evolution. 

 

 

Figure 4, Mesh sensitivity analysis. One quarter of cartilage collagen plug 
under unconfined indentation compression. Variable depicted is collagen fibril 
strain in one primary fiber direction. Three meshes were evaluated: 4855, 
9812, 19431 C3D8RP elements were used in each case, top row from left to 
right. On the top row the mesh is turned off for better strain visualization. The 
bottom row shows the mesh refinement in the indented area. 
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The volume of collagen fiber network damage increased with strain rate until 
60 mm/min, when it reached its maximal size (green volume in Fig 5a). Also, 
the maximum amount of damage increased from 21% at 5 mm/min to 42% at 
120 mm/min strain rate (Fig 5a). In contrast, the damage volume of the non-
fibrillar proteoglycan-rich matrix was largest at the lowest loading rate (5 
mm/min), with 72% of the matrix being damaged under the indenter-tip and 
decreasing to only halve that amount (34%) for the fastest, 120 mm/min, 
loading rate (Fig 5b). 

 

Figure 5, Damage in the collagen fibers (a) and damage in the matrix 
(proteoglycan) (b) when compressing the tissue to ~30% of its height. Loading 
rate increases from left to right: 5, 15, 60 and 120 mm/min. 

Damage progression in the non-fibrillar matrix increased steadily in both 
magnitude and size with increasing indentation depth, starting at the indenter 
tip. Damage progression in the collagen matrix followed a more interesting 
profile, which varied in location depending on the applied strain rate (Fig. 6). 
The damage started to develop in a region away from the surface, at a depth 
of approximately 20% of the sample’s height. This location coincided with the 
middle zone of the cartilage, where the fibers change orientation from 
perpendicular in the deep zone to parallel with the articular surface in the 
superficial zone. This early, deep damage was more pronounced for the lower 
and intermediate loading rates between 10% and 15% compression, reaching 
approximately 10% local tissue damage. Above 15% strain, damage became 
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more pronounced at the surface, where eventually 40% of all collagen under 
the indenter was damaged (Fig. 6). In general, it could be concluded that the 
faster the strain was applied, the earlier it penetrated to the surface and the 
larger the fraction of superficial collagen that was damaged. 

 

 

 

Figure 6, Progression of collagen fiber damage when the compression 
magnitude increases from 5 [%] to 27.5 [%]. The loading rate increases from 
left to right: 5, 15, 60 and 120 mm/min. Note that the maximum limit on the 
legend is updated in each row of images. 
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5.4. Discussion 
Using a non-local damage theory, this study explored damage development in 
cartilage when ramp loading was applied. The hypothesis was that loading-rate 
dependent cartilage damage would occur because of the time-dependent 
behavior of cartilage, even when the damage mechanism was not strain-rate 
dependent. This hypothesis was confirmed for both the non-fibrillar 
proteoglycan-rich matrix and the collagen-network. Interestingly, collagen 
damage increased with strain rate, whereas non-fibrillar matrix damage 
decreased at higher loading rates. The rate-dependency for collagen showed 
most peculiar effects; it is more pronounced in the middle zone for smaller 
loading magnitudes and lower loading rates, and in the superficial zone for 
larger loading magnitudes and faster loading rates (Figure 6). In conclusion, 
both location and magnitude of damage are loading-rate dependent, and this 
dependency is different for proteoglycan-rich matrix and the collagen network. 

The damage development that is predicted in the present study concurs with 
experimental data. First, it has been shown that superficial collagen damage 
occurs at higher loading rates. Macroscopic lesions in cartilage are more 
severe when the loading velocity increases (Ewers et al. 2001), and superficial 
cracks only occurred at loading rates above 0.7x10-3 s-1 during unconfined 
compression (Morel and Quinn 2004). Each of the loading rates in the present 
study exceeded this critical level (5-120 mm/min, equivalent to 0.083-2.0 s-1 
for 1 mm thick cartilage). However, the nature of the loading (indentation vs 
unconfined compression) makes it difficult to make direct comparisons. During 
indentation, the local compressive, tensile and shear strains may be higher 
under the indenter than in an unconfined compression experiment, whereas 
to reach similar displacements larger forces are required in unconfined 
compression (Parraga Quiroga et al. 2016). Second, the computed pattern of 
collagen damage development concurs with the literature. In agreement with 
Rolauffs (Rolauffs et al. 2010) damage localizes in the top quarter of the tissue 
and does not extend into the deep zone. Before collagen damage penetrates 
to the surface, where it becomes apparent as surface roughening, it already 
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occurs in the sub-superficial region from where it penetrates towards the 
surface upon more excessive loading. This peculiar pattern was already 
suggested by Hollander (Hollander et al. 1995), who found more damage in 
the mid to deep zones compared to the surface, and was later confirmed by 
Wilson (Wilson et al. 2006b), who correlated the severity of collagen damage 
with cartilage thickness. Third, the pattern that non-fibrillar matrix damage 
starts at the surface and progresses slowly into the sub-superficial deeper 
areas correlates very well with experimental data (Lin et al. 2004). Fourth, the 
present paper predicts that damage to the non-fibrillar matrix is more 
apparent for lower than for higher strain rates (Fig 5b). Unfortunately, this 
finding cannot be correlated directly with experimental data. However, 
assuming that chondrocytes may not survive the mechanical conditions that 
induce non-fibrillar matrix damage, cell viability may serve as an indirect 
measure for areas of excessive non-fibrillar matrix strain. Indeed, in agreement 
with the model predictions, cell viability decreases with reduced compression 
rates (Ewers et al. 2001), and cell death has been found in tissue that was 
subjected to low compression rates, but not for similar loads applied at higher 
rates (Morel and Quinn 2004). Obviously, it remains speculative whether cell 
viability can be used as a marker for the location of matrix damage. Yet, it is 
possible that proteoglycan damage and cell death are triggered by the same 
mechanical stimuli, or that cell death follows matrix damage.  

Five effects require further explanation. First, the amount of damage increased 
with increasing loading-rate. This is explained by the loading-rate dependent 
collagen fiber strains that occur in cartilage (Parraga Quiroga et al. 2015; 
Hosseini et al. 2014). Lower loading rates will allow for fluid flow and 
relaxation of the viscoelastic collagen fibers. Therefore, stresses and strains in 
the collagen are less localized, which results in increased volumes with 
elevated strains, yet with lower maximum collagen strains. If these strains 
remain below the damage threshold, damage will not occur. Under higher 
loading rates, the strains cannot distribute and locally remain higher. If they 
exceed the threshold, damage initiates. The resulting softening allows further 
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increase of the local strain, which may cause further damage. This explains 
why collagen damage is most severe at the surface for higher loading rates.  

Second, the initiation of damage in the deeper zones is explained from the 
tangential orientation of the dominant collagen fibers in the superficial zone. 
Under indentation loading, the surface is strained in the direction parallel to 
the surface. The collagen effectively counters this deformation at the surface. 
Therefore, the strains remain below the threshold during the early phase of 
loading, and surface collagen does not damage. Below the surface, however, 
the fraction of tangential collagen fibrils decreases. Consequently, the stress in 
the tangential direction will strain the tissue more. The strain threshold is 
exceeded and damage initiates in the transitional zone, i.e. below the cartilage 
surface.  

Third, this sub-superficial damage in the transitional zone is more excessive for 
the lower loading rates. This is again explained by the viscoelastic properties of 
the collagen. At lower loading rates, the collagen in the surface is given slightly 
more time to strain and therefore the sub-superficial area is allowed to deform 
slightly more. Thus, at lower loading rates the collagen in the transitional zone 
will exceed the damage threshold earlier than it would at higher loading rates.  

Fourth, damage in the non-fibrillar matrix occurs at the surface and not in the 
same region where collagen damage is found. Collagen damage develops in 
areas with large tensile strains in the fiber direction, whereas matrix damage is 
hypothesized to result from excessive deviatoric strains. The latter strains are 
highest in the surface, because this volume is elongated in the tangential 
direction, and maximally compressed in the perpendicular direction. Thus, the 
ratio between compression and elongation is largest in the superficial 
tangential zone.  

Fifth, in contrast to collagen damage, damage in the non-fibrillar matrix 
increases with lower loading rates. Deviatoric strains increase when both the 
tangential elongation and the perpendicular compression increase. This is the 
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case when the tissue is given more time to relax, i.e. at lower loading rates. 
Therefore, matrix damage is more pronounced with lower loading rates. 

A non-local damage model is implemented and employed for the first time to 
study damage in cartilage tissue. There are some limitations to the 
interpretation. First, the threshold values for damage initiation where taken 
from a former local damage model (Hosseini et al. 2014), where they were 
derived from experimental data. However, that study discussed that relevant 
data exist neither for collagen type II nor for proteoglycan-rich matrix in 
cartilage. The threshold values were transferred to the present 
implementation by accounting for the averaging procedure over the 
characteristic length (eq. 7). Better validation of the threshold values will be 
performed when experimental data becomes available. Second, the 
characteristic length was chosen equal to the thickness of the superficial 
tangential layer, the smallest typical length scale for cartilage matrix. Although 
this is a reasonable choice, this volume does not allow detection of damage 
gradients within the superficial zone, if such gradients would occur. To do so 
would be possible by decreasing the characteristic length and using a finer 
mesh, or by using ellipsoidal volumes with higher aspect ratio in the direction 
of the collagen fibrils. 

The simulations are indentations with a small indenter on a circular, 
osteochondral explant. These conditions do not represent physiological in vivo 
cartilage loading. However, it has several advantages. First, indentation 
loading reduces adverse and uncontrollable effects of the boundaries of the 
explant, which are damaged as a consequence of drilling and sample 
preparation. Second, indentation induces more local elongation in the tissue 
than unconfined compression, and these positive strains are considered the 
cause of fiber damage. Third, indentation produces strain gradients in vertical 
and horizontal directions, whereas horizontal strains during unconfined 
compression are uniform within each zone. Therefore, indentation provides 
more information on damage progression patterns, providing more 
possibilities for future validation. 
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In conclusion, using a non-local damage model, this study demonstrates that 
cartilage damage is loading-rate dependent, even when assuming that the 
damage mechanism is not loading-rate dependent. At the basis of this 
phenomenon is the time-dependent behavior of cartilage tissue. Explanations 
for differences between the damage development in the proteoglycan-rich 
matrix and the collagen network, as well as peculiar patterns in the collagen 
damage development are proposed. These fundamental insights in cartilage 
damage development are anticipated to be useful for future developments of 
treatment modalities that prevent progression of cartilage damage. 
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Chapter 6 
General Discussion 
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When the knee joint meniscus suffers damage, which cannot heal by itself nor 
be repaired by any current technique, the meniscus is in many cases surgically 
removed in what it is called a meniscectomy (MX).  

Before Fairbank in 1948 showed the necessary contribution of meniscus to 
load bearing, it was thought that the meniscus was an extension of the tibia 
that did not have an important role for joint mechanics. Until the early 1960s 
the MX was an unquestioned common technique (Huckell in 1965). Later, the 
adverse effects of MX were unveiled extensively by many authors (Tapper and 
Hoover 1969, Gear 1967, Allen et al. 1984, Englund et al. 2008, Mc Dermot and 
Amis 2006) concluding that removal of the meniscus was associated with 
degenerative changes in the joint that will eventually lead to irreversible AC 
damage and OA in the long term. Since then surgeons remained sceptical to 
perform total MX in view of its responsibility in causing degenerative OA 
(Northmore-Ball and Dandy. 1982).  

Currently the solutions for a severely damaged meniscus include:  

a) allograft replacement, with its associated risks of disease 
transmission (Rijk 2004), difficulties in finding donors and size matching (which 
was covered in depth in chapter III) (Huang et al 2002);  

b) scaffolds, which allow for tissue re-growth inside the porous scaffold 
structure and can help in partial but not in total MX. Even though in the past it 
has shown discouraging results (Sommerlath et al 1992) improvement in the 
field has led to a potential commercial product (Orteq®- Actifit®) currently in 
clinical trials (Bouyarmane et al. 2014) ; and   

c) synthetic replacements, in this case no tissue re-growth is expected 
and the meniscus is completely removed. For this solution great expectation is 
building in view that it can be a reliable solution for a total MX as shown 
currently in an ongoing clinical trial in US, Europe and Israel (Active implants - 
NUsurface®, Elsner et al. 2010) (De Coninck et al. 2014). 
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Currently, no clinical outcome has been reported for the aforementioned 
synthetic replacement; the first results are expected over the next two years. 
So far only the results of three animals were shown, which might not be 
extensive enough to draw conclusions. Moreover, the disk-shape of the 
NUsurface® replacement is substantially different from the native shape, and it 
is free floating, without fixation to the tibia (Elsner et al. 2010; Vrancken et al. 
2013).  

6.1. Main findings 
The limitations from the current implant mentioned above show the need for 
an alternative solution that considers a shape and fixations to the tibia as in a 
native situation. Such an alternative is the aim of the ongoing TRAMMPOLIN 
project which this study is part of. To improve the current solutions a better 
understanding of the meniscus from different disciplines, i.e. biology, 
immunology, tribology, mechanics, are needed. Part of that is best done in 
animal experiments. Other parts are better and efficiently performed by 
computational analysis. This thesis was focused on the numerical aspects of 
the development of a synthetic meniscus implant in the framework of the 
BMM–TRAMMPOLIN project.  

Accurate and sophisticated numerical tools can contribute significantly to the 
development of replacements and work alongside in vitro experiments in pre-
animal stages. All approaches are different and give different (additional) 
insights. In this regard there was outstanding contribution with different 
researchers who presented their work including transversely isotropic models 
for AC and meniscus (Spilker et al. 1992), collagen fibre reinforced models to 
account for the collagen fibers (Kazemi et al. 2011) and tissue swelling (Wilson 
et al. 2005), a more detailed description of the fibre reinforcement including 
split line patterns which help describing the spatial orientation of the 
superficial fibers at different location over the articular cartilage (Mononen et 
al. 2013) giving a very accurate description in 3D of the collagen architecture, 
full 3D joints with menisci and ligaments (Peña et al 2005, Erdemir 2013) and a 
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spatial description of the biochemical composition of the meniscus (Danso et 
al. 2015). All the previous contributions helped to gain a deep understanding 
on level of contact pressure, stresses and strains within tissue, motion of joint 
components, importance on non-isotropic material properties on the knee 
joint biomechanics which is in turn of paramount importance to aid in the 
development of a meniscus implant. However, some other necessary 
variables, such as: swelling both on AC and meniscus, reinforcement of 
collagen fibers on meniscus or AC damage were not included for evaluation in 
those models. The current numerical models used to evaluate meniscus 
implants (Elsner et al. 2010, Haut Donahue et al. 2004) based their conclusions 
mainly on contact pressures or maximum stresses observed in AC. This 
approach is valuable because pressures in the knee joint in vitro can be 
measured using film pressure sensors. These can directly be used for model 
validation. However, conclusions on abnormal/peak contact pressures so far 
have not been directly coupled to AC degeneration. Ultimately, numerical 
tools can be employed to predict whether an implant would protect the 
cartilage against progressive damage, and to identify the optimal implant for a 
particular patient. To do this a damage model for AC is needed, which is an 
extension of the models that are dedicated to studying cartilage and meniscus 
mechanics. Therefore, the aim of the current study was to contribute to the 
development of a synthetic meniscus replacement by evaluating its 
chondroprotective capabilities. The thesis presented two parts, the first part 
focused on the meniscus to give support to the design of the implant and the 
second part focused on articular cartilage to further develop a model that can 
help evaluating the aforementioned chondroprotective capabilities.  

The first step in this project was to develop a meniscus model to predict the 
level of stresses that were expected to be developed in a native joint, which 
served as a reference scenario for healthy AC and meniscus throughout this 
project (chapter II).  

Previous studies (Wilson et al. 2007, Halonen et al. 2013) showed that the 
depth dependent composition of AC was important for the biomechanical 
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behaviour of AC. As the biochemical composition and architecture is similar in 
AC and meniscus, it was hypothesized that a depth dependent biochemical 
composition of the meniscus could result in different mechanical conditions in 
the cartilage. If that were indeed the case, it would be necessary to include the 
depth-dependent composition in the meniscus in the rest of the project. The 
aim of chapter II was to evaluate the above hypothesis.  

To address this aim, the biochemical content at different locations through the 
depth of the meniscus was measured. These were implemented in a numerical 
model. Simulations were compared with a homogeneous meniscus model, 
with constant, averaged values through the depth. It was observed that the 
differences in mechanical conditions on the AC cartilage were modest. 
Therefore, it was concluded that, it was sufficient to include homogeneous 
values of constitutive components (H2O, PG, collagen) to represent the 
meniscus tissue. Based on this finding, it can be speculated that also a 
replacement does not need to have the heterogeneity observed in native 
tissue. This speculation forms the basis for the decision to develop the first 
generation meniscus implant with isotropic properties.  

Using an isotropic implant could be debated especially after others reported 
drawbacks using homogeneous materials: Messner and Gillquist (Messner and 
Gillquist 1993) stated that the synthetic meniscus implant lost its shape and 
therefore parts of the joint were not covered by the meniscus as they were 
supposed to be, leading to effects compared to meniscectomy. The later could 
also be explained by failure or loosening of the attachments, which could 
similarly have detrimental effects for AC (von Lewinsky et al., 2008). Messner 
and Gillquist suggested that with a certain reinforcement, which in their case 
was a coated surface, the results could slightly improve. Other authors have 
also avoided using isotropic materials (Elsner et al. 2010) and found that their 
synthetic meniscus implant with fibre reinforcements produced a level of 
contact pressures in the physiological range and reported lower contact 
pressures for an isotropic unreinforced implant, even though lower contact 
pressures could be a-priori considered as an enhancement excessive 
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deformation was observed in this case. Two options could explain the latter 
effect; either the material was not strong enough to resist the applied load or 
the material experienced creep. The second option was also a factor of 
concern in the BMM-TRAMMPOLIN project; however creep experiments (not 
reported due to IP conflicts) did not show negative results. It was therefore 
decided to use isotropic materials in the first generation of the implant to be 
tested in animal. Results of short term experiments (Vrancken et al. 2015) 
suggested that integrity of the implant was satisfactory and importantly the 
shape was maintained but as mentioned in the previous paragraph posed the 
focus on the fixations, both shape of meniscus implant dedicated for 
attachment and material for the suture itself.   

The next stage was to exchange the native meniscus by the synthetic implant 
in the model (Chapter III). Evaluating the stresses and strains within the AC 
tissue and pressures at the surface, the importance of meniscus size matching 
was evaluated. This insight serves two purposes. First, it helps surgeons to 
decide which size allograft or implant to use. Second, it helps in defining how 
many implant sizes should be brought to market to cover the range of 
meniscus sizes in potential patients. Based on earlier research (Huang et al. 
2002, Donahue et al. 2004, Mc Dermott et al. 2004) it was hypothesized that 
undersized implants will produce lower fibril strain. In agreement with the 
latter hypothesis the present model shows  that an undersized and a perfectly 
matching implant performed similar to a native meniscus. The conclusion was 
that undersized meniscus outperformed oversized ones and importantly they 
reduced the strain in the AC fibers. Therefore it is recommended to implant 
meniscus prosthesis of equal size as the native meniscus, and to use a smaller 
implant if no matching size can be guaranteed.  

In Chapter III the variations on the geometry were performed over the size 
however also the shape could have been changed. Nevertheless, according to 
Khoshgoftar et al. 2015 variations in size and material properties are more 
important from the chrondroprotective point of view. Only two potential 
materials for meniscus replacement were evaluated in Chapter III; it is 
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therefore recommended to evaluate the variations in material properties in a 
wider range again in a future 3D model and possibly consider reinforcements. 
Additionally the 3D model could help evaluating other important aspects such 
as attachments, realistic geometries and boundary conditions or also 
inhomogeneities in distribution of constitutive components. Such 
inhomogeneities, i.e. proteoglycan content significantly higher in posterior 
region were observed experimentally in the circumferential direction (chapter 
I) but the axisymmetric 2D model did not allow evaluating whether they could 
be important for AC integrity. Moreover, it is also recommended to re-
evaluate size mismatch, from chapter III it was understood that from a 
chondroprotective point of view undersized implants produce better results 
than oversized implants. Even though the implant itself could be challenged 
the stresses were still admissible. However, results from animal experiments 
showed that in one case the implant was too small (-14% mismatch in length 
with regards to original size) and failed (Vrancken 2015- thesis, manuscript in 
preparation). A possible explanation could be that the mismatch was too 
severe (± 10% was investigated in chapter III) but still opens the question of 
what is the mismatch limit for an isotropic implant. 

The contribution of chapters II and III to the design of the implant focused on 
material properties and geometry. Other key points such as attachment of the 
implant to the tibia could not be evaluated in the aforementioned 
axisymmetric model; neither could the effects of rotations be included in this 
model. Insight from expert surgeons suggests that due to rotations the 
meniscus can cause wear on the femoral AC. The importance of the 
attachments is a well known problem already discussed in chapter III, 
essentially, rupture of the attachment would let the meniscus squeeze out of 
the tibio-femoral cavity being dysfunctional and leading to higher stresses that 
could potentially be responsible for AC damage. These limitations of the model 
were compensated by the experimental partners in the consortium that 
carried on animal trials of the first generation of the implant (Vrancken et al. 
2015b). 
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This first part of the thesis was dedicated to the design of the implant where 
the level of success was evaluated in terms of cartilage strains. However, no 
direct measure of damage was available and more important the effects of 
damage were not considered. When damage starts to develop the load 
carrying capacity of the material decreases. As a result loads are transferred to 
areas that were previously unloaded which could to some extent spread the 
damage from a local spot to a large and general area. Considering the latter it 
is necessary to include damage in the model in order to understand AC 
mechanics. Thus, the second part of the thesis focused on articular cartilage 
with the ultimate goal of bringing the cartilage damage model one step further 
in the development (chapters IV and V). 

In chapter IV it was observed that the solid part of AC responded differently 
depending on the loading rate, with an increasingly important contribution of 
collagen fibrils at higher loading rates. This might put collagen fibrils in danger 
of damage at higher loading rates, in agreement with AC damage reported in 
the literature (Ewers et al. 2001). However, it is also known that during rapid 
loading the fluid phase supports as much as 80% of the load (Li et al. 2014, 
Bonnevie et al. 2012, Park et al. 2003). At first, this seems to be a 
contradiction. To account for damage in the collagenous and the non-fibrillar 
matrix of the AC, it is essential to understand how much the solid part is 
strained during rapid or sustained loading. Therefore, in chapter IV the relative 
load contribution of the various AC components was studied as a function of 
loading rate. It was found that the viscoelastic collagen fibers carried up to 
20% of the load at higher loading rates, and 80% was carried by the fluid. 
Contrary to that expected from standard poroelastic mechanics theory, the 
loads were not transferred from the fluid to the solid as time increased. 
Rather, the osmotic pressure generated by the proteoglycans became of 
significant importance during sustained loading taking up to 95% of the load 
during equilibrium. The superficial collagen fibers remained strained and their 
contribution to load-sharing in the superficial zone remained approximately 
constant at 20%. These observations reinforce the importance of using models 
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with both collagen fibers and tissue swelling when evaluating the mechanical 
response of AC. In addition, because the osmotic pressure, and not the solid 
phase, carries the majority of the load in equilibrium, special attention should 
be dedicated to PG loss during (early) AC damage. Thus, AC collagen damage 
and PG loss are important and should both be considered when designing 
meniscus implants, with collagen being dominant during fast/impact loading 
and PG loss during sustained loading (creep). 

With the understanding of loading-rate dependent load-transfer and collagen 
strains from chapter IV, effects of loading-rate on AC damage development 

was further explored in chapter V. Previous experimental findings suggested 
that AC damage is loading-rate dependent (Ewers et al. 2001) and AC damage 
could start at different loading magnitudes, depending on loading rate 
(Hosseini et al. 2014). In chapter V it was investigated whether a strain-
dependent AC damage model would result in loading-rate dependent AC 
damage. Because AC damage is not only present in the fibers but could also 
happen in the PG-rich matrix, also damage to non-fibrillar matrix under varying 
loading conditions was assessed. To study these effects, chapter V improved 
the earlier local damage model to a non-local description of damage to 
prevent well known phenomena such as damage localization (Peerlings et al. 
2002). Subsequently, in agreement with the hypothesis, it was proven that 
collagen fiber damage is loading rate dependent. The amount of fibre damage 
increased for larger loading rates, and the location of initial damage changed. 
Interestingly, in the PG-rich non-fibrillar matrix the opposite trend was found, 
i.e. more PG damage occurred at reduced loading rates. These findings suggest 
that when evaluating the chondroprotectiveness of a meniscus implant under 
impact loadings the focus should be on collagen damage whereas under 
sustained loading damage to PGs should receive special attention.  

Until now only few authors dedicated their attention to experimentally 
evaluate the chrodroprotective effects of synthetic meniscus implants 
(Messner and Gillquist 1994, Zur et al. 2011, Vrancken 2015-thesis-manuscript 
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in preparation) One of the first papers to investigate the effects of synthetic 
meniscus implants reported that implant often caused osteophyte formation 
and synovitis but they did not report collagen or PG damage (Messner and 
Gillquist 1994). The second group reported that their implant produced 
moderate fibril damage dominated by loss of PG. However, it has not reported 
the locations where damage was observed. Neither fibril nor non-fibril matrix 
damage was evaluated in order to measure the level of success of the implant. 
The results from Vrancken showed that there was still room for improvement 
indicated by a twelve months follow up study where the implant did not offer 
chondroprotection in comparison with a meniscectomized joint. Although 
Col2-3/4M experiments were not performed to evaluate collagen fibril 
damage fissures were observed extending to the mid zone and in some cases 
severe fibrillation down to the deep zone. In comparison with controls PG loss 
was observed throughout the tissue depth. 

Our findings from chapter V suggest that for slow loading, as it could be 
expected from daily activities, the PG network is more prone to damage than 
the collagen network. Therefore, our observations could somehow explain the 
loss of PG staining observed in the long term animal experiment (Vrancken 
2015-thesis-manuscript in preparation). Some studies have reported that no 
PG damage occurred because no increment could be measured in the medium 
(Rolauffs et al. 2010); however, it might be that the PGs are indeed damaged 
but not enough collagen damage has occurred in the surface to increase the 
permeability and allowed the outflow of PGs.  For such a long term study if 
collagen damage would have occurred it is expected to be seen on the surface, 
in that case PGs can be expected in the synovial fluid.  

The meniscus implant is an external body that should be not only accepted by 
the joint from the biocompatible point of view but also from the 
biomechanical perspective. It could be the case that soon after the surgery 
when the joint begins to be loaded already damage is present in PGs and or 
collagen. Obviously histology would not be a viable approach to evaluate if 
damage could start to develop, however advanced MRI techniques could 
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estimate levels of PG and strains suffered in the collagen, these can give an 
estimate whether the joint is functioning normally. Periodical successive 
evaluations would help determining whether the implant functions as 
expected or perhaps corrective surgeries/removal of implant would be 
necessary.    

The goal of the thesis was to contribute to the design of the synthetic 
meniscus replacement, by evaluating its chondroprotectiveness, i.e. whether it 
would prevent development of AC damage. The question was to a certain level 
answered in chapter III where it was shown that an undersized implant kept 
fiber strains at the levels observed in a native scenario. Damage was not 
expected to occur under these conditions, but a true damage model was not 
used in these evaluations. The second half of the thesis developed and 
employed such damage model to study loading-rate dependent AC damage. It 
was demonstrated that strains in the solid matrix were dependent on AC 
loading rate (chapter IV), followed by showing that this would result in 
loading-rate dependent damage to the AC solid components (chapter V).  

6.2. Limitations/Recommendations for future studies 
Information in the literature about AC damage is scarce and therefore on the 
one hand the results presented in chapter five could contribute to 
understanding more about AC damage mechanics. On the other hand the fact 
that almost no information is available deprived this study of a thorough 
comparison. Therefore, a necessary next step will be to validate the results 
obtained with the currently introduced AC damage model with those of an 
independent experiment. In that regard the best would be to start with simple 
experiments and move towards more complex set ups when the numerical 
model shows a good prediction of the experimental outcome. Therefore, 
results presented in chapter V will be compared against the outcome from 
currently ongoing experiments. Ultimately, a comparison of a full joint 
(numerical vs. experimental) should be performed.  In order to achieve the 
latter further development needs to be done in the numerical model. The next 
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necessary numerical step would be to set up a 3D geometry, include the AC 
and meniscus models developed in the current thesis and observe the 
locations where damage is developed under more realistic loading conditions 
including rolling and sliding. These results can be compared with the results of 
currently ongoing animal experiments were goats received the first generation 
of the meniscus implant.AC damage locations from numerical predictions can 
be compared with histology at several locations across the goat joint 
(Vrancken et al 2015b). Such 3D FE-model would also allow exploring the 
effects of meniscus attachments (Sekaran et al. 2002, von Lewinsky et al. 
2008), something that with our current 2D model could not be evaluated 
(Chapter III); furthermore it would allow to evaluate differences between 
medial and lateral meniscus which in the current study where neglected. Some 
steps were already performed towards developing a 3D model. Based on MR 
images from one of the animals in the aforementioned goat study, a CAD 
model was generated and meshed for FE analysis (Mimics® – 3-matic®, 
Materialise). In such geometry linear isotropic material properties were used 
and contact pressures were evaluated (Heuijerjans et al. 2014 Master Thesis). 
The next step is to include the advanced AC-Meniscus model in this 3D joint 
geometry to perform a parametric analysis where principal components 
(Vrancken et al. 2014) and material properties could be the variable to change. 
The result would be the optimum shape and implant material properties, 
which would minimize collagen fibril strains and protect AC from developing 
damage. 

6.3. Outlook 
As described in the beginning of this discussion, current solutions to treat 
meniscus damage are not satisfying. It is expected that the developed 
computational tools assist in the development of a commercially available 
synthetic meniscus implant that has superior chondroprotective function. With 
evolving imaging and computational technologies, in the future an optimum 
work flow to help a patient with a damaged meniscus could start with a high 
resolution MRI of the joint and isolate the meniscus. Biochemical contents and 
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fibre architecture can also be derived. The generated CAD geometry and 
composition could be used as input in the presented constitutive model, to 
determine the optimum shape for the patient specific joint. Subsequently, this 
optimal meniscus shape could be produced using a 3D printer, or a mould 
could be printed for shaping a biocompatible polymer material in the desired 
implant shape. It may initially take days between imaging and operating to 
develop the implant, but considering the fast technological evolutions, this 
may ultimately be done intraoperatively.     

6.4. General conclusion 
The current study contributed to the design of the meniscus implant by 
understanding that the AC is insensitive to the native heterogeneities of 
meniscus constitutive components. Therefore, this thesis supported the design 
of an isotropic synthetic implant. Furthermore, it was proved that the size of 
the implant was critical and thus it was proposed to use implants with similar- 
or under-size with regards to the native meniscus. Finally, the AC model was 
further developed to account for damage and can be adapted to perform 
predictions in a 3D joint that could help to further optimize future generations 
of the meniscus implant. The path to see the meniscal implant clinically 
available still needs to be finished. This thesis reported the first developments 
and presented powerful numerical models that make the computational 
design of implants promising and feasible. 
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