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Abstract
Primary hallmark of osteoarthritis (OA) is the progressive degeneration of articular cartilage. An
accurate estimation of cartilage mechanics is important when analyzing the subject-specific
function of the knee joint and risks for the onset and development of OA due to cartilage damage.
Finite element (FE) modeling can help to estimate peak joint stresses and strains and explain how
they could lead to OA.
FE models of the knee joint during simplified gait were developed to define the level of
material complexity required for 3D FE modeling of the knee joint in estimation of reliable tissue
stresses and strains within articular cartilage of the knee joint; and to investigate the predictive
value of FE modeling of the knee joint on the development and progression of radiographic OA
within obese and normal weight subjects.
It was found that maximum principal stresses and strains within articular cartilage in the knee
joint during walking are highly sensitive to the material parameters of cartilage. It was not possible
to match simultaneously stresses, strains and contact pressures between simplified (non-fibrillar)
and advanced (fibrillar) models. Though, it was possible to find parameters for transversely
isotropic models that enable the estimation of stresses and strains throughout the depth of cartilage
similarly to more advanced fibril reinforced models.
Locations of peak cumulative stresses in obese subjects at the baseline without radiographic
OA showed a good agreement with the locations of cartilage loss and magnetic resonance imaging
(MRI) based scoring in four year follow-up when they had developed OA. Simulated weight loss
in obese subjects significantly reduced the highest cumulative stresses in cartilage to the level of
normal weight subjects.
The cartilage degeneration algorithm was able to predict subject-specific progression of OA
similarly with MRI follow-up data and separate subjects with radiographic OA from healthy
subjects.
The computational FE models developed in this thesis represent useful tools to identify
possible risk locations within the knee joint and how they relate to OA onset and progression. The
presented methods have clinical potential in the diagnostics of knee joint OA in a subject-specific
manner and in simulating the effect of interventions on the progression of OA thus helping with
an effective treatment planning.

Keywords: articular cartilage, cartilage degeneration, finite element analysis, gait cycle,
knee joint, magnetic resonance imaging, material parameters, obesity
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Tiivistelmä
Nivelrikon tunnusomaisin piirre on nivelrustokudoksen rappeutuminen ja kuluminen. Nivelruston tehtävänä on tasata niveliin kohdistuvaa kuormitusta. Rustokudoksen mekaanisten ominaisuuksien määrittäminen on tärkeässä roolissa, kun halutaan arvioida tarkemmin polvinivelen toimintakykyä sekä rustokudoksen rappeutumista. Magneettikuvantamisen pohjalta tehtävä polvinivelen biomekaaninen tietokonemallinnus mahdollistaa rustokudoksen jännitys- ja puristusjakauman arvioinnin simuloidun kuormituksen aikana, mikä edelleen voi antaa vastauksia siihen,
kehittyykö niveleen tulevaisuudessa nivelrikko, tai miten tietyn nivelrikkopotilaan sairaus etenee.
Tämän tutkimuksen päätavoitteena oli kehittää kolmiulotteisia polvinivelen biomekaanisia
tietokonemalleja, joiden perusteella simuloitiin normaalia kävelyä. Polvinivelen kolmiulotteinen geometria luotiin terveiden koehenkilöiden sekä nivelrikkopotilaiden magneettikuvista.
Malleilla selvitettiin aluksi, miten monimutkaisena materiaalina nivelrusto tulee mallintaa, jotta
mallin ennustama jännitys- ja puristusjakauma on silti realistinen. Tämän jälkeen tutkittiin,
miten hyvin tietokonemallinnus ennustaa polvinivelrikon kehittymistä ja etenemistä sekä nivelruston rappeutumista ylipainoisilla potilailla.
Tutkimuksessa havaittiin, että tietokonemallin ennustamat jännitys- ja puristusjakaumat
nivelrustossa kävelyn aikana riippuvat merkittävästi nivelrustolle valitusta materiaalimallista ja
sen parametreista. Tietokonemallien ennustamat nivelruston jännityskeskittymien sekä ruston
rappeutumisen sijainnit vastasivat erittäin hyvin nivelrustokudoksen todellisen kulumisen sijainteja magneettikuvasta arvioituna neljän vuoden seuranta-ajan jälkeen. Tietokonemalleilla oli
myös mahdollista simuloida painon pudotuksen vaikutusta, jolloin nivelrustokudoksen jännitysja puristusjakaumat palautuivat normaalien koehenkilöiden tasolle.
Tässä tutkimuksessa kehitetyt polvinivelen tietokonemallit tarjoavat tutkijoille uuden työkalun paikallistaa sellaiset kohdat nivelpinnalta, joissa kuormituksen aiheuttama mekaaninen jännitys on suurta; nämä kohdat ovat kaikista riskialtteimpia nivelrikon kehittymiselle. Kehitettyjä
malleja voidaan perustutkimuksen lisäksi jatkokehittää edelleen kohti kliinistä sovellusta, jolloin niitä voitaisiin hyödyntää esimerkiksi simuloitaessa erilaisten hoitojen vaikutusta kuormitusjakaumiin ja rustokudoksen rappeutumiseen.

Asiasanat: magneettikuvaus, nivelrikko, nivelrusto, nivelruston kuluminen, nivelruston
rappeutuminen, tietokonemalli, ylipaino
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1

Introduction

Articular cartilage is a complex soft tissue that covers the articulating surfaces of
bones in synovial joints (Fung 2013). Its main function is to bear and transfer forces
and moments arising from joint movement, and to provide near frictionless
movement between the articulating bones (Buckwalter et al. 2005).
Osteoarthritis (OA) is the joint disease primarily characterized by the
progressive degeneration and wear of the articular cartilage. Clinically, the
condition is characterized by joint pain, limited movement, and local inflammation
(Litwic et al. 2013). OA ranks among the top five causes of disability (Murray &
Lopez 1997) and represents an increasing economic burden to society, primarily
through lost working hours and healthcare expenses (Chen et al. 2012). Despite the
large amount of research, the etiology of OA is still poorly understood, and there is
no effective cure for the disease. Prevention of OA would be a clinically important
and cost-efficient way to deal with the disease.
It is known that obesity is one of the major risk factors for knee OA (Felson
2006). The incidence of obesity has increased over the past three decades (Keating
et al. 2015, Sturm & Hattori 2013, Twells et al. 2014). Coggon et al. (Coggon et al.
2001) reported that subjects with a body mass index (BMI) over 30 kg/m2 have ~7
times higher probability of developing knee OA than normal weight subjects. The
knee joints in an obese person experience significantly higher mechanical loads
that change the structure and mechanical properties of articular cartilage
(Mündermann et al. 2005, Sowers & Karvonen-Gutierrez 2010). However, it is
currently not possible to predict to what extent the mechanical overloading due to
obesity leads to the onset and progression of knee OA.
The diagnosis of OA is usually based on a clinical (physical) examination, the
patient’s medical history, and changes seen on plain X-rays. The Kellgren–
Lawrence (KL) grading (Kellgren & Lawrence 1957) is the main radiographybased grading criteria for assessing the severity and progression of knee OA and
making treatment decisions (Ravaud et al. 1996, Vignon et al. 2005). However, the
KL scale primarily takes into account only joint space narrowing and osteophyte
development and, thus, it cannot directly assess changes in structure and intrinsic
properties of articular cartilage.
Magnetic resonance imaging (MRI) is a three-dimensional (3D) imaging
method that provides good contrast between different soft tissues, allowing for
precise detection and evaluation of changes in articular cartilage morphology, and
it has been increasingly employed in OA diagnostics (Ding et al. 2008a, Eckstein
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et al. 2006, Hunter et al. 2011b, Nieminen et al. 2001). However, MRI cannot
estimate the possible risk locations in joints during daily physical activities
(Mononen et al. 2015)
The direct measurement of stresses and strains within the knee joint is not
possible in vivo. Finite element (FE) modeling of the knee joint could help to
estimate tissue-level stresses during daily activities and can be used for the
evaluation of joint disorders and conditions (Kazemi et al. 2013, Mononen et al.
2016, Peña et al. 2007, Taylor & Miller 2006).
From the material point of view, articular cartilage is a multiphasic,
inhomogeneous, and anisotropic soft tissue that is often subjected to dynamic
loading (Mow et al. 1989). Isotropic elastic (Peña et al. 2007), isotropic
biphasic/poroelastic (Donahue et al. 2002), isotropic hyperelastic (Anderson et al.
2008), and transversely isotropic biphasic/poroelastic (Vaziri et al. 2008, Wilson et
al. 2003) material models of articular cartilage have been used for knee joint FE
modeling. It has been reported that fibril-reinforced poroelastic (FRPE) material
models accurately capture dynamic, static, and time-dependent responses of the
cartilage (Julkunen et al. 2008, Korhonen et al. 2003), motivating its application
for FE modeling of cartilage during gait cycle analysis (Halonen et al. 2013,
Korhonen et al. 2015, Li et al. 2000, Li et al. 2001, Marouane et al. 2015). However,
due to the high computational costs associated with 3D FE modeling using FRPE
models, more simplified material models of cartilage are commonly used. However,
it is not known what level of material complexity is required for 3D FE modeling
of the knee joint during gait to predict cartilage tissue stresses and strains reliably.
Several researchers have suggested the possibility of a threshold level of peak
stress that separates injurious loads from harmless loads to the cartilage (Clements
et al. 2001, Mackenzie et al. 1998, Patwari et al. 2007). Excessive and cumulative
joint loads (e.g., due to obesity) have been suggested as posing a high risk for the
onset and progression of OA (Jiang et al. 2012, Mononen et al. 2016, Seedhom
2006). Consequently, information about peak joint stresses and strains could help
with planning treatment options and surgical procedures to delay the onset and
progression of OA. Recently, Mononen et al. (Mononen et al. 2016) developed a
novel FE-based computational algorithm based on cumulatively accumulated
excessive tensile stresses in cartilage to predict the progression of collagen
degeneration in the knee joint of obese subjects during OA. In that study, only a
general behavior of OA progression of normal weight and obese subjects was
analyzed with the algorithm. Currently, no method exists that can estimate the
subject-specific progression of OA quantitatively.
22

To prevent OA, there should be accurate clinical tools to predict the
progression in a subject-specific manner and guide patients to correct treatment
(e.g., weight loss, physical exercise, etc.). This doctoral thesis aimed to develop
realistic subject-specific 3D FE models of a knee joint based on MRI for the
simulation of stresses and strains during gait and for finding possible failure sites
within the cartilage. The predictive value of FE models of knee joints of articular
cartilage degeneration within a group of patients and healthy controls was
investigated. In study I, the effect of different types of material models – isotropic
elastic (IE), isotropic poroelastic (IPE), transversely isotropic poroelastic (TIPE),
and FRPE – of cartilage tissue in a healthy knee joint was studied. Numerical
simulations were conducted to find out the material parameters in the TIPE models
of cartilage to match the depth-wise stresses and strains with the more complex
FRPE models
Given the strong evidence linking obesity and knee OA, the aim of study II
was to analyze peak cumulative stresses and volumes of elements with different
stress levels of tibial and femoral cartilage in obese and normal weight subjects
during gait. A TIPE FE model of the articular cartilage was used and the locations
of peak cumulative stresses at the baseline were analyzed and compared with the
OA progression among obese subjects after a 4-year follow-up.
In study III, the ability of the previously developed degeneration algorithm
(Mononen et al. 2016) to divide non-osteoarthritic but obese subjects (diagnosed
from the baseline radiography) into different KL-grade progression groups (based
on the 4-year follow-up) was investigated. Prediction results of computational
modeling were compared to clinical radiography (KL grade) and MRI findings of
cartilage tissue degeneration at the 4-year follow-up.
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2

Knee joint

The human knee is a complex synovial joint consisting of three bones – femur, tibia,
and patella – and soft tissues – the anterior and posterior cruciate ligaments, the
lateral and medial collateral ligaments, muscles, tendons, menisci, and articular
cartilage (Fig. 1) (Goldblatt & Richmond 2003). Bones provide a rigid base
structure of the body. The anterior and posterior cruciate ligaments stabilize the
knee against anterior-posterior translation and rotation of the femur with respect to
the tibia. The lateral and medial collateral ligaments resist mainly varus-valgus
movements. The muscles transmit forces to the joint through the tendons and are
responsible for the movement of the knee. The space between the articulating bones
is filled with synovial fluid, menisci, and articular cartilage tissues that provide an
almost frictionless movement of the knee joint and distribute the load across the
articulating surfaces (Buckwalter et al. 2005).

Fig. 1. Anatomy of the human right knee joint, coronal view.

The structure and composition of these soft tissues contribute significantly to the
mechanics of the knee joint. In this chapter, composition and biomechanical
25

properties of the articular cartilage and meniscus will be reviewed. Since this thesis
will focus on the role of articular cartilage on the function and mechanics of the
knee joint, other soft tissues will not be described in detail here; instead, the reader
is referred to Mow and Huiskes (Mow & Huiskes 2005) and Fung (Fung 2013)
2.1

Composition and structure of articular cartilage

Articular cartilage of the knee joint covers the patella, tibia, and femur. Depending
on the location, the thickness of a healthy articular cartilage varies between 1 mm
and 5 mm (Shepherd & Seedhom 1999).
Articular cartilage consists of sparsely distributed chondrocytes that are
embedded within the extracellular matrix (ECM) that can be further divided into
the solid and fluid phases. The fluid phase is mainly composed of interstitial fluid
while the solid phase is primarily composed of proteoglycans (PGs) and collagen
fibrils (Buckwalter et al. 2005, Mansour 2003, Mow & Ratcliffe 1997, Sophia Fox
et al. 2009). The organization and concentration of the cartilage constituents vary
with tissue depth (Fig. 2). The complex interactions between collagen, PGs and
fluid play an important role in the mechanical response of cartilage (Mansour 2003).

Fig. 2. Schematic representation of structure of articular cartilage.
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Collagen fibril network
Collagen fibrils are rod-shaped protein structures that form an organized,
anisotropic network and contribute about 15–22 % of the wet weight of cartilage
(Mow et al. 1992). The collagen network is mostly composed of type II collagen
fibrils that are cross-linked by the secondary collagen fibrils (types IX and XI)
(Huber et al. 2000, Mow et al. 2005). The primary collagen fibrils are highly
organized while the secondary fibrils (cross-links) are more randomly oriented. The
cross-linking stabilizes the collagen fibril network (Wu et al. 1992).
Based on the orientation of the primary collagen fibrils (Fig. 2), articular
cartilage can be divided into three depth-wise zones. In the superficial zone (3–20%
of the total cartilage thickness), collagen fibrils are oriented parallel to the cartilage
surface. In the middle zone (15–60% of the total cartilage thickness), the fibrils
bend toward the deep zone; and in the deep zone (30–80% of the total cartilage
thickness), collagen fibrils are oriented perpendicular to the cartilage surface
(Benninghoff 1925, Bi et al. 2005, Clark 1985, Clark 1991, Kurkijärvi et al. 2008,
Mow et al. 2005, Nissi et al. 2006, Xia et al. 2003). The collagen content in a human
cartilage usually decreases from the cartilage surface to the middle zone of cartilage
and increases from the middle zone to the bone-cartilage interface, where the
collagen content is the highest (Buckwalter & Mankin 1998, Mow et al. 2005, Yin
et al. 2012).
Proteoglycans
PGs are macromolecules with protein cores and are covalently attached, negatively
charged, glycosaminoglycan side chains. The negative charge attracts cations, such
as sodium, resulting in the attraction of water molecules into the tissue. PGs make
up approximately 4–7% of cartilage’s wet weight (Mow et al. 1992). The PG
content of cartilage increases from the cartilage surface towards the cartilage-bone
interface (Jones et al. 1977, Ratcliffe et al. 1984, Rieppo et al. 2004).
Chondrocytes
Chondrocytes are cartilage cells that occupy approximately 1% of the volume of
adult human articular cartilage (Mow et al. 1992). Chondrocytes derive their
nutrition from the synovial fluid through diffusion and maintain the cartilage ECM
by synthesizing and degrading cartilage molecules (e.g., PGs; (Sophia Fox et al.
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2009). The activity of cells is dependent on the mechanical stresses experienced
during loading (Buckwalter et al. 2005, Mansour 2003).
Interstitial fluid
The predominant component of articular cartilage is the interstitial fluid, which
accounts for 60–89% of the total wet weight (Mow et al. 1992). The water content
is normally high in the superficial zone and it decreases with the cartilage depth
(Linn & Sokoloff 1965, Shapiro et al. 2001). When cartilage is loaded by external
forces, the porous structure of cartilage allows fluid to flow through the solid matrix.
2.2

Biomechanical properties of articular cartilage

Articular cartilage provides almost frictionless sliding between the femur and the
tibia and distributes the joint loads to a larger area (Mansour 2003, Mow & Ratcliffe
1997). The mechanical properties of articular cartilage are mainly determined by
the interaction of collagens and PGs with the interstitial fluid. The inhomogeneous
structure of cartilage results in a non-uniform fluid flow, inhomogeneous strains
under loading, and depth-dependent tensile stiffness of cartilage (Ap Gwynn et al.
2002, Julkunen et al. 2007, Korhonen et al. 2006, Korhonen & Herzog 2008).
The collagen fibrils have high stiffness and can resist deformations effectively
in the direction of the fibrils (Sophia Fox et al. 2009). Due to collagen fibrils’
orientation, the dense layer of collagen fibrils in the superficial zone results in a
high tensile modulus and strength in comparison to the deeper tissue (Akizuki et al.
1986, Buckwalter et al. 2005, Laasanen et al. 2003, Mow & Ratcliffe 1997). The
collagen fibrils in the middle zone play a major role in resisting shear forces
occurring during joint movement (Silverberg et al. 2013). The fibril orientation in
the deep zone enhances the fluid flow and, thus, ensures the transportation of
nutrients from the deep zone to the superficial cartilage zones (Federico & Herzog
2008). The stability of the collagenous network and the material strength of
cartilage tissue are also dependent on the cross-links, i.e. covalent intermolecular
bonds between the collagen molecules (Bailey et al. 1998, Eyre 2001, Eyre et al.
1987, Wu et al. 1992).
The architecture of the collagen fibril network has a significant role in
controlling the fluid pressure and fluid flow direction in cartilage (Li et al. 2009,
Pierce et al. 2010, Pierce et al. 2013, Räsänen et al. 2013). Collagen fibrils also
resist tissue swelling, which is caused by negative charges of PGs and, therefore,
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the fibrils are under tension even in unloaded cartilage (Muir 1995, Muir 1983).
PGs resist the fluid flow throughout the tissue and are mainly responsible for the
static stiffness of cartilage (Korhonen et al. 2002, Mansour 2003).
In the case of instantaneous or dynamic loading, the fluid flow out of cartilage
is minimal (Mansour 2003, Mizrahi et al. 1986, Mow et al. 1990, Suh et al. 1995).
The incompressible interstitial fluid resists the instantaneous or impact loading,
which results in the high dynamic stiffness of cartilage (Laasanen et al. 2003).
During prolonged (creep) loading, the fluid has enough time to flow within and out
of the tissue, and cartilage becomes slowly compressed (Mansour 2003). Therefore,
interstitial fluid is also responsible for the viscoelastic properties of cartilage
(Mansour 2003, Sophia Fox et al. 2009).
2.3

Composition and biomechanical properties of meniscus

The lateral and medial menisci are sickle-shaped tissues located between the
femoral condyles and tibial plateau (Mow et al. 1990). The meniscal horns are
attached to the tibial bone in the intercondylar area. The lateral meniscus covers a
larger portion of the tibial plateau (75–93% of the lateral plateau) compared with
the medial meniscus (51–74% of the medial plateau(Clark & Ogden 1983). The
menisci have an important role in load distribution, stabilization, and shock
absorption within the knee joint (Fox et al. 2012).
The human meniscal tissue is primarily composed of water (60–72% of its wet
weight), type I collagen (15–25%) and approximately 5% of non-collagenous
substances (e.g., PGs; (Makris et al. 2011, Masouros et al. 2008, Mow et al. 2005).
The mechanical properties of the menisci vary according to the collagen fibril
orientations similarly as in the cartilage tissue. In detail, the collagen fibrils in the
surface of the menisci are oriented radially along with the meniscal wedge, while
in the inner parts of the menisci, the fibril orientation is circumferential (Fox et al.
2012). Consequently, meniscal tissue is the stiffest in the circumferential direction.
Furthermore, tensile and compressive properties vary along with location (Makris
et al. 2011).
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3

Knee osteoarthritis

OA is the most common musculoskeletal disorder primarily characterized by the
progressive degeneration and wear of articular cartilage. Clinically, the most
common symptoms of the disease are joint pain and restriction of joint motion. It
has been reported that knee OA is likely to become the fourth most common cause
of disability in women and the eighth most common cause in men (Vad et al. 2002).
The incidence of knee OA continues to accelerate because of the aging population
and the increase of obesity among people (Dillon et al. 2006).
3.1

Risk factors of osteoarthritis, obesity

OA is a metabolically active process that may be caused by both biochemical and
mechanical insults (Felson 2006, Loeser et al. 2012). Risk factors for OA include
aging, female gender, genetics, obesity, joint trauma, joint deformity, and repetitive
joint loading (Arden & Nevitt 2006, Buckwalter & Mankin 1998).
Effect of obesity on osteoarthritis
Obesity, defined as having a BMI ≥ 30 kg/m2, is a chronic progressive condition
that has reached epidemic proportions in both developed and developing countries
(Wadden et al. 2002). Excessive bodyweight (BW) has been estimated to be the
sixth most important risk factor contributing to the overall burden of diseases
worldwide (Geneva et al. 2005).
Obesity has long been recognized as a major modifiable risk factor for OA
(Felson 2006, Mezhov et al. 2014). The mechanisms by which obesity affects the
knee joint are complex, including both a biomechanical effect via increased loading
as well as metainflammation (Anandacoomarasamy et al. 2009, Sowers &
Karvonen-Gutierrez 2010). It has been proposed that metainflammatory factors are
more important in the early stages of disease, while the contribution of
biomechanical factors becomes greater as OA progresses (Felson et al. 2004).
The knee joint of an obese person experiences significantly higher mechanical
loads, eventually changing the structure, composition, and mechanical properties
of articular cartilage (Mündermann et al. 2005, Sowers & Karvonen-Gutierrez
2010). Several studies have shown a strong association between high BMI and the
development of knee OA (Cooper et al. 2000, Felson et al. 1997, Toivanen et al.
2010). It has been reported that obese men and women had a 4.8 and 4 times higher
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risk for knee OA than non-obese men and women, respectively (Spector et al. 1996).
More recently, Coggon et al. (Coggon et al. 2001) reported that subjects with BMI >
30 kg/m2 have 6.8 times higher chances of developing knee OA than normal weight
subjects. It has also been presented that an average weight loss of 5% over 18
months in overweight and obese adults with knee OA results in an 18%
improvement in function (Messier et al. 2004). However, not all overweight
subjects develop OA (Sowers & Karvonen-Gutierrez 2010), and it is currently not
possible to predict whether mechanical overloading could lead to the onset and
progression of OA.
It is notable that obesity is also a risk factor for the development of OA in nonweight-bearing joints (e.g., elbows and wrists; (Haara et al. 2004, Sayer et al. 2003),
which indicates the metabolic effect of obesity on structural changes in a joint. It
was observed that OA patients suffering from obesity have increased plasma levels
of insulin when compared to obese subjects without radiographic joint changes
(Silveri et al. 1994). It has been recognized that fat is a very active metabolic tissue,
producing adipocytokines (leptin, resistin, and adiponectin), which influence OA
through direct joint degradation or through control of local inflammatory processes
(Dumond et al. 2003). However, adequate muscle mass may have a protective effect
(Brandt & Mazzuca 2006, Liu et al. 2007).
3.2

Tissue level changes in articular cartilage

In the initial stage of OA, the superficial collagen fibril network becomes
disorganized and the aggregation of PGs decreases (Buckwalter & Mankin 1998,
Saarakkala et al. 2010), which leads to increased permeability and water content in
the superficial zone and decreases the tissue stiffness (Arokoski et al. 2000,
Buckwalter et al. 2005).
In the second stage, the chondrocytes activate a healing process characterized
by increased PG synthesis and greater expression of catabolic agents. The repair
response may last for several years and very rarely restores the tissue. During the
next stage of OA, chondrocyte activity declines and the cartilage starts to crack and
eventually wears away (Buckwalter & Mankin 1998, Koelling et al. 2009).
In the late stages of OA, chondrocytes completely fail to restore the articular
cartilage, the collagen fibrillation reaches into the deeper zones, and simultaneously,
the amount of PGs further decreases and fluid fraction increases. In the final stage
of OA, nearly all cartilage tissues have worn away from the load-bearing areas of
the knee joint, leading to bone-on-bone contact and severe pain. In addition to
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changes in articular cartilage, extensive bone remodeling and sclerosis take place
in the subchondral bone, as well as the formation of osteophytes (Buckwalter et al.
2005, Buckwalter & Mankin 1998, Li et al. 2013, Thambyah & Broom 2007).
3.3

Diagnostics of osteoarthritis

Knee OA is usually diagnosed based on the patient’s medical history, questionnaire,
physical examination, and medical imaging (Chaganti & Lane 2011, Felson 2006).
OA symptoms and signs are often assessed with the help of self-administrated
questionnaires (Nevitt et al. 2006). The most popular questionnaire is the Western
Ontario and McMaster Universities Osteoarthritis Index (WOMAC) and includes
three subscales for knee pain, stiffness, and function assessment (Bellamy 2005).
The plain radiograph or sometimes MRI are commonly used diagnostic imaging
methods (Guermazi et al. 2011).
Radiography
Due to its low cost and availability, radiography (X-ray) imaging is the most
traditional tool for the assessment of OA (Huang & Schweitzer 2014). It can
produce high contrast and spatial resolution for bone tissue, but it is unable to
capture the articular cartilage structure due to its similar attenuation coefficient with
the synovial fluid (Hayashi et al. 2012, Roemer et al. 2011). Radiography can detect
OA indirectly by assessing joint space narrowing, osteophytes, subchondral bone
sclerosis, and the extent of the deformation in the ends of the bone subchondral cyst
(Roemer et al. 2011). In knee radiography, a coronal plane imaging (posterioranterior projection) is conducted when the patient stands on both feet to ensure a
stable contact between the lateral and medial compartments of the knee joint.
Subsequently, the abovementioned features are evaluated from the acquired image.
Over the last 50 years, the severity of OA has commonly been evaluated by
using the KL grading scale (Kellgren & Lawrence 1957), which is primarily based
on two radiographic features: the presence of osteophytes and joint space narrowing.
There are five KL grades of knee OA severity. Grade 0: no radiographic features of
OA are present. Grade 1: doubtful narrowing of joint space and possible osteophytic
lipping. Grade 2: definite osteophytes, possible narrowing of joint space. Grade 3:
moderate multiple osteophytes, definite narrowing of joint space, some sclerosis
and possible deformity of bone contour. Grade 4: large osteophytes, marked
narrowing of joint space, severe sclerosis, and definite deformity of bone contour.
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Magnetic resonance imaging
MRI is a multiplanar imaging technique with excellent soft tissue contrast
(Buckland-Wright et al. 2003). MRI enables a 3D assessment of all components of
the joint simultaneously and, importantly, direct visualization of articular cartilage
(Wang et al. 2012). It has been shown that MRI can detect early structural changes
in cartilage tissue even before they become radiographically evident (Guermazi et
al. 2011, Javaid et al. 2010).
Current MRI sequences suitable for directly assessing the morphology of
articular cartilage include conventional spin-echo (SE) and gradient-recalled echo
(GRE) sequences, fast SE sequences, and more advanced isotropic 3D SE and GRE
sequences (Braun & Gold 2012, Braun & Gold 2011, Crema et al. 2011). It is also
possible to estimate the composition within articular cartilage using MRI.
Compositional assessment techniques include T2 mapping, delayed gadoliniumenhanced MR imaging of cartilage (dGEMRIC), T1ρ imaging, sodium imaging,
and diffusion-weighted imaging (Crema et al. 2011, Nissi et al. 2006, Potter &
Black 2009).
The good contrast and adequate spatial resolution of MRI have led to the
development of several semi-quantitative MRI scoring systems for OA (Hunter et
al. 2008, Kornaat et al. 2005, Peterfy et al. 2004), including the most recent one,
the MRI Osteoarthritis Knee Score (MOAKS; (Hunter et al. 2011a). MOAKS
includes a sub-regional morphological assessment of articular cartilage, synovitis,
meniscus, bone marrow lesions (BMLs), osteophytes, and other periarticular
features.
In MOAKS grading, the knee is divided into articular sub-regions for scoring
articular cartilage. The femur is divided into six sub-regions – medial and lateral
trochlea, medial and lateral central femur, and the medial and lateral posterior femur.
The tibia is divided into three medial (anterior, central, and posterior) and three
lateral (anterior, central, and posterior) sub-regions covered by articular cartilage,
and the subspinous subregion delineated by the tibial spines.
Each articular cartilage region (except the subspinous region) is graded for the
size of any cartilage loss, including partial and full-thickness loss: grade 0: none;
grade 1: < 10% of the cartilage region surface area; grade 2: 10–75% of the cartilage
region surface area; grade 3: > 75% of the cartilage region surface area (Hunter et
al. 2011a).
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3.4

Treatment

To date, there is no efficient cure for OA. The main goal of OA treatment is to
alleviate pain, to maintain and improve joint function, and to slow down the
progression of the disease. Knee OA treatment usually starts with nonpharmacological management, such as weight loss, physical therapy, and exercise
(Hochberg et al. 2012, McAlindon et al. 2014). After these, medication for pain
relief may be used. Pharmacological treatments include oral or topical nonsteroidal anti-inflammatory drugs, paracetamol, or intra-articular corticosteroid
injections (Anandacoomarasamy & March 2010, Laar et al. 2012, McAlindon et al.
2014). If conservative therapy and medication fail, surgery is the final option.
Surgical treatments for knee OA include osteotomy, total knee arthroplasty (knee
replacement), and arthroscopy (Glyn-Jones et al. 2015, Ronn et al. 2011).
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4

Finite element analysis for knee joint
modeling

Since biomechanical factors play an important role in the health of the knee joint,
information about joint forces and the resulting biomechanical response of various
tissues within the joint during daily activities is required (Heijink et al. 2012).
Musculoskeletal multibody dynamics can be used to study joint reaction forces and
joint torques (Delp et al. 2007). At the scale of the individual joint, cartilage contact
mechanics can be evaluated by discrete element (DE) and finite element (FE)
analyses (Henak et al. 2013). At the tissue and cell levels, FE analysis allows for
calculating stresses and strains at any point of the structure (Li et al. 1999, Tanska
et al. 2015).
In the musculoskeletal multibody models, each body segment (bone or soft
tissues) is considered rigid. The inertial properties of a body segment are described
by its mass, position of the center of the mass, and moments of inertia (Valente et
al. 2014). The inverse dynamics use data from experimental measurements of gait
(skin marker positions and ground reaction forces) as input into the musculoskeletal
model to calculate joint net moments. Joint forces and moments can be computed
from the results of the inverse dynamics analysis by an optimization process. In
forward dynamics, a set of muscle activations is used as an input for a
musculoskeletal model to calculate muscle forces, which are further applied to a
rigid body skeletal model to estimate joint moments or joint angles. Multibody
dynamic musculoskeletal models can also be used to study joint contact mechanics
(Guess et al. 2013). One of the main limitations of the musculoskeletal models for
estimating joint reaction forces is that they simplify the geometry and completely
neglect the cartilage tissue.
In DE analysis, the bones are considered rigid and the deformable materials are
modelled by linear springs (Abraham et al. 2013). The main benefit of DE analysis
is significantly shorter computational time than FE analysis, which means larger
populations can be studied (Segal et al. 2009a). The main disadvantages of DE
analysis are that results are not available at each point in the continuum and only
contact stress can be analyzed (Henak et al. 2013).
The main advantage of FE analysis over DE analysis and musculoskeletal
multibody dynamics is the ability to accurately predict stresses and strains at every
point within the continuum. The FE method is explained in more detail in the
following section.
37

4.1

Finite element analysis

The FE method is a numerical approach that can be used to approximate the
solution of differential equations. The differential equations are mathematical
models that arise from various physical phenomena. The main advantage of FE
analysis over other numerical techniques for solving differential equations is its
capability to handle complex geometries (Ottosen et al. 1992).
According to the review article of Huiskes and Chao from 1983 (Huiskes &
Chao 1983), the first application of FE analysis in orthopedics was in 1972
(Brekelmans et al. 1972), and one of the first FE models of the knee joint was
proposed in 1976 (Chand et al. 1976).
To create an FE representation of a structure, the structure should be virtually
divided into smaller parts, called elements, which together create a discrete mesh
that represents the geometry. Each element has nodes that connect with the nodes
on adjacent elements. The nodes are the points where the solution is calculated. The
forces and displacements at the nodes of the single element are related to each other
by the stiffness matrix for the element [Ke]. Therefore, the stiffness for a node is
the addition of all the stiffness from the elements joined at that node. Consequently,
the stiffness matrix (the global stiffness matrix) for the whole structure [K] is
obtained by reassembling all the elements (Boccaccio et al. 2011). If there are n
nodes in a 3D FE mesh, then the global stiffness matrix [K] will be a 3n x 3n matrix
and an equation of the form {F} = [K]{δ} can be used to relate all nodal forces {F}
and nodal displacements {δ}.
The forces on each node should be zero (equilibrium principle), except for the
nodes to which an external load is applied. Knowing this, the entries are inserted
into {F}, and the equation can then be solved for {δ} to obtain all nodal
displacements, from which strains and stresses can be calculated (Zienkiewicz &
Taylor 2005).
4.1.1 Workflow of finite element analysis
The FE analysis consists of three phases: pre-processing, solution, and postprocessing. It is important to underline that the truthfulness of an FE model of the
knee joint depends on a precise geometrical reconstruction of articulating surfaces,
an accurate description of material behavior of the biological tissues involved, and
their interactions with the surrounding environment (Besier et al. 2005).
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Pre-processing
The first step in the generation of the FE model is imaging. For this purpose, MRI
can be used for soft tissues such as cartilage and menisci and computer tomography
(CT) for hard tissues such as bones. Extraction of the geometry from CT or MRI
data is performed by manual or semi-automatic segmentation (identifying the
boundary of the structure) of MRI (Fig. 3a) or CT scan images. Next, the 3D model
of each tissue is reconstructed (Fig. 3b). Usually, some additional manual edition
is needed (e.g., to smooth surfaces).

Fig. 3. The workflow of building the FE model.

The next step after 3D reconstruction of the tissue models is the generation of an
FE mesh (Fig. 3c). For accurate solutions, the use of hexahedral elements is
recommended (quadratic and linear tetrahedral are also very much used), although
this is not always necessary. After creating the mesh, material properties for
cartilages, menisci, and bones should be assigned. Next, contact interactions
between the tissues models, boundary conditions, and loading should be defined.
The final step is to set parameters that need to be analyzed (e.g., stresses, contact
pressures, strains), create a job, and submit it for analysis in FE modeling software.
Solution
In this step, the FE modeling software solves the model and obtains the results. The
execution time depends on the complexity of the geometry used in the FE model
and the type of solution used (e.g., non-linear solutions are more demanding).
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Post-processing
In the last step, post-processing, the results (e.g., displacements, stresses, strains,
contact pressures, fluid pressures) can be visualized and the values can be extracted
for further analysis.
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5

Computational models of cartilage and
meniscus

In the past four decades, multiple studies have been performed to understand the
behavior of articular cartilage and improve constitutive modeling (Akizuki et al.
1986, Donahue et al. 2002, Mononen et al. 2011, Mow et al. 1980, Vaziri et al. 2008,
Yang et al. 2010).
The linear IE models of articular cartilage take into account only the solid
phase of the tissue (Guo et al. 2009, Parsons & Black 1977, Peña et al. 2007) and
can be applied to characterize the equilibrium or instantaneous response of cartilage.
However, they fail to incorporate time- and direction-dependent behavior of
cartilage as well as compression-tension nonlinearity (Cohen et al. 1998,
DiSilvestro et al. 2001, Korhonen & Jurvelin 2010). Isotropic biphasic/poroelastic
(Donahue et al. 2002), isotropic hyperelastic (Anderson et al. 2008), and
transversely isotropic biphasic/poroelastic (Vaziri et al. 2008, Wilson et al. 2003)
material models of cartilage have also been used for knee joint FE modeling. More
advanced fibril-reinforced models are able to represent the characteristic dynamic,
static, and time-dependent responses of articular cartilage, as experimentally
validated using in vitro stress-relaxation and creep tests in different measurement
geometries (Julkunen et al. 2008, Korhonen et al. 2003, Li et al. 2000, Li et al. 2001,
Wilson et al. 2006). Furthermore, they have been used to analyze knee internal
forces (Adouni & Shirazi-Adl 2013, Adouni & Shirazi-Adl 2014) and cartilage
stresses during gait (Halonen et al. 2013, Korhonen et al. 2015, Li et al. 2000, Li et
al. 2001, Marouane et al. 2015).
The early material models of the menisci were single-phase linear elastic
(Sauren et al. 1984). In 3D models of the knee joint, menisci have been represented
by spring elements (Wismans et al. 1980), IE (Pena et al. 2005, Pena et al. 2006,
Wilson et al. 2003), transversely isotropic elastic (TIE; (Donahue et al. 2002,
Donahue et al. 2003, Mononen et al. 2012), or fiber-reinforced (poro)elastic
materials (Bendjaballah et al. 1995, Bendjaballah et al. 1997, Kazemi et al. 2011,
Kazemi et al. 2012, Shirazi et al. 2008).
5.1

Isotropic elastic material

The simplest way to describe the behavior of articular cartilage and menisci is to
use IE material models. Such materials do not consider the time-dependent
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behavior of the tissue, and the mechanical properties are identical in each direction.
The effective solid stress tensor (
) in the IE material is:
=

E

,

(1)

where E is the stiffness matrix for the IE material, and
The stiffness matrix is in the form:
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is the Poisson’s ratio.

Poroelastic and biphasic material

The poroelastic and biphasic theory considers fluid flow in the porous materials. In
the biphasic theory, the elastic solid matrix and incompressible fluid phase are
separated. It is also assumed that the solid and fluid phases are non-dissipative and
incompressible, and the fluid flow considers the time-dependent behavior of the
tissue.
The total stress
is the sum of stress in the solid matrix σs and stress in a fluid
matrix
(Mow et al. 1980):
= −n

+

= −n
=

−

,

,

(3)

,

(4)
(5)

where ns is the solid volume fraction, nfluid is the fluid volume fraction, p is the fluid
pressure, I is the unity tensor, and σeff is the effective solid stress.
The fluid flow in the matrix follows Darcy’s law (Holmes & Mow 1990),
which describes the following relationship for the rate of fluid flow Q:
=

∆

,

(6)

where A is the cross-sectional area to fluid flow, k is the permeability of the fluid,
Δp is the hydrostatic pressure difference, and h is the distance between two
examination points in the tissue. During loading, the material deforms and fluid
flows out from the tissue; this changes the porosity, and as a result, the permeability
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of the solid matrix. Van der Voet defined the permeability k through a non-linear
relationship with tissue porosity (van der Voet 1997):
=

,

(7)

where k0 is the initial permeability, M is the constant, e0 is the initial void ratio, and
e is the current void ratio:
=
5.3

.

(8)

Transversely isotropic elastic material

The TIE material model takes into account differences in mechanical properties of
a tissue between the plane of isotropy and the transversal plane. The effective solid
stress in the TIE material is:
=

TIE

,

(9)

where TIE is the stiffness matrix (Chiravarambath 2012). The stiffness matrix can
be expressed as:
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0
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where Et and Gt are the out-of-plane Young’s and shear moduli, respectively, and
Ep and Gp are the in-plane Young’s and shear moduli, respectively:
=

,

(11)

νp is in-plane Poisson’s ratio, νtp is the Poisson’s ratio determining strain resulting
from the stress, which is normal to the plane of isotropy, and νpt is the Poisson’s
ratio determining the transverse strain in the direction normal to the plane of
isotropy resulting from stress in the plane of isotropy. Also, due to symmetry:
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=

5.4

.

(12)

Fibril-reinforced material

The fibril-reinforced poro(visco)elastic (FRPE or FRPVE) materials consist of
fluid and solid phases, and the solid phase is divided into fibrillar and non-fibrillar
parts (Wilson et al. 2004). The total stress tensor in the fibril-reinforced material
can be expressed as:
=

+

−

,

(13)

and
are the stress tensors of the non-fibrillar and fibrillar matrices,
where
respectively (Wilson et al. 2004). The non-fibrillar matrix parameters are the
Young’s modulus, Em and Poisson’s ratio, , of the non-fibrillar matrix, and the
fluid flow can be modeled as described above for the isotropic biphasic models.
5.4.1 Fibrillar matrix
The fibrillar matrix is composed of organized primary fibrils and randomly
organized secondary fibrils. The primary fibrils have an arcade-like depth-wise
orientation: in the superficial zone, the collagen fibrils lie parallel to the surface; in
the middle zone, they bend towards the deep zone; and in the deep zone, the fibrils
are oriented perpendicular to the cartilage surface (Benninghoff 1925). The
randomly organized secondary fibrils are considered to represent the cross-links of
the primary collagen fibril network.
Following the deformation of cartilage, the collagen fibril network is realigned
during the deformation of the tissue:
∙ ,

=

∙ ,

,

(14)

where
is the new fibril vector, , is the initial fibril vector, and F is a
deformation gradient tensor.
If the fibrillar matrix (collagen fibrils) is considered linear elastic (Tanska et al.
2013), the fibril stress is defined as follows:
=
where and
respectively.
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are the fibril modulus and (logarithmic) fibril strain,

If the collagen fibril network is considered viscoelastic, then the fibril stress is
given as (Wilson et al. 2004, Wilson et al. 2005b):
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where η is a viscous damping coefficient, E0 and Eε are the initial and straindependent fibril network moduli, respectively, and
and
are the time
derivatives of stress and strain. The stresses of primary and secondary fibrils are:
σ, =

, (for primary fibrils),

(17)

=

, (for secondary fibrils),

(18)

,

where , is the stress of the i:th fibril, ρ is the fibril density, and C is the density
ratio between the primary and secondary fibrils (Wilson et al. 2004). The total stress
tensor of the fibrillar matrix is:
=∑

,

⨂ ,

(19)

where totf is the total number of fibrils in each integration point and
orientation vector of the fibril.

is the current

5.4.2 Non-fibrillar matrix
The stress of the non-fibrillar matrix
Hooke’s law (Wilson et al. 2004):

can be described as elastic according to
=

,

(20)

is the strain of the non-fibrillar matrix. The
where K is the stiffness matrix and
more advanced neo-Hookean hyperelastic model considers high nonlinearity of
cartilage during large deformations (Wilson et al. 2005a), and in this case, the stress
is given as:
=
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where J is the determinant of the deformation tensor F, K is the bulk modulus, and
G is the shear modulus:
=
=

(
(

,

(22)

,

(23)

)
)
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where Em is the Young’s modulus and νm is the Poisson’s ratio.
5.5

Cartilage degeneration model

It has been previously suggested that there are two primary causes of overloadinginduced cartilage damage: the application of a single excessive loading (above
failure limit), which can happen because of injurious joint loading, or the
application of cumulative and chronic loading, which can occur in normal daily
activities (Clements et al. 2001, Patwari et al. 2007, Seedhom 2006). Even though
the exact mechanism of cartilage degeneration is unknown, the collagen fibrils can
be one of the main factors leading to irreversible collagen damage and cartilage
degradation (Stoop et al. 1999). Failure stresses and strains in cartilage have been
estimated to be approximately 4.7–9 MPa and 55–114% (Danso et al. 2014,
Williamson et al. 2003).
Recently, Mononen et al. (Mononen et al. 2016) developed a cartilage
degeneration algorithm aiming to simulate the development of knee OA. The
algorithm was based on cartilage overloading so that cumulatively accumulated
excessive stresses (above failure limit) cause weakening in the tissue’s mechanical
properties with time. Since collagen is known to strongly control the mechanical
response of cartilage under dynamic loading and collagen fibrillation is one of the
first signs of OA, only the collagen network was allowed to degrade in the
algorithm that reduces collagen matrix stiffness (Buckwalter & Martin 1995,
Mäkelä et al. 2014, Mononen et al. 2012).
In the degeneration algorithm, local collagen fibril degeneration occurs if
tensile stress exceeds the failure limit at any time point during simulated gait cycles
mimicking human walking. Fibril degeneration was controlled iteratively by
reducing the collagen fibril network stiffness of the FRPVE material. The current
level of collagen fibril degeneration Di in each element was considered a weighted
mean after each i:th iteration (gait cycle) so that:
=

−

×

.

∑

1, = 1.

×

, >1

,

(24)

where Di-1 is the degree of fibril degeneration in each element in the previous gait
simulation, TOT is the total number of time increments in each simulation, and INCt
is the duration of time increment t. Dt is the fibril degeneration factor for an
individual element after each time increment and describes the amount of fibril
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degeneration as a function of time. Fibril degeneration was assumed to occur if a
collagen failure threshold T is exceeded. Factor Dt was calculated as follows:
(

=

)⁄

0,

,
≤ .

> ,

,

(25)

where St is the local maximum principal stress during each time increment. Dt = 0
means no degeneration, and Dt = 1 means fully degenerated collagen fibrils. Finally,
calculated fibril degeneration Di was implemented into the FE model by
modulating the total fibril stresses from equations (17) - (18):
,

=

, (for primary fibrils),

(26)

,

=

, (for secondary fibrils).

(27)

The described procedure is repeated for all elements of the FE model, and after that,
a new iteration (gait cycle) is started.
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6

Aims of the thesis

This thesis consists of three studies (I–III). The main aim of the thesis is to
investigate the reliability and the predictive value of subject-specific 3D FE models
of the knee joint for estimating the development and progression of OA in obese
and normal weight subjects.
The specific aims of the thesis were:
1.

2.

3.

To define the level of material complexity required for subject-specific 3D FE
modeling of the knee joint for reliable tissue stresses and strains within
articular cartilage of the knee joint (study I).
To study the ability of the cumulative maximum principal stresses in cartilage
at the baseline in quantitative risk evaluations of the initiation and progression
of knee OA within obese and normal weight subjects in a follow-up (study II).
Furthermore, the effect of weight loss on possible cartilage degeneration within
obese subjects was estimated (study II).
To investigate the ability of the computational FE cartilage degeneration
algorithm of the knee joint to separate clinically healthy but obese subjects
diagnosed from the baseline MRI into different KL grade groups based on the
predicted level of cartilage degeneration (study III).
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7

Materials and methods

This chapter presents a summary of the materials and methods used in the studies
(I–III). Complete descriptions and details can be found in the original publications.
7.1

Study population

All subjects for studies I–III, who had intact meniscus and no previous knee
injuries, were selected from the Osteoarthritis Initiative database (OAI), which is
available for public access (http://www.oai.ucsf.edu/).
Study I: one subject (female, 63 years old, height 164.0 cm, body weight (BW)
65.0 kg, BMI = 24 kg/m2), who had KL = 0.
Study II: Considered two groups of subjects:
–

–

Normal weight subjects (3 males and 4 females, 55 ± 4 years old, height 168.9
± 9.4 cm, BW 66.4 ± 10.9 kg, BMI 23 ± 2 kg/m2), who had KL = 0 at the
baseline and in the 4-year follow-up.
Obese subjects (3 males and 4 females, 55 ± 3 years old, height 168.1 ± 5.0 cm,
BW 96.5 ± 14.5 kg, BMI 33 ± 3kg/m2), who had KL = 0 at the baseline and
KL = 2 or 3 in the 4-year follow-up.

Study III: Consisted of three groups of subjects:
–
–

–

7.2

“KL0” subjects (the same as in Study II), who had KL = 0 at the baseline and
the 4-year follow-up.
“KL2” subjects (3 males and 4 females, 54 ± 4 years old, height 169.0 ± 7.6
cm, BW 94.6 ± 12.6 kg, BMI 33 ± 2 kg/m2), who had KL = 0 at the baseline
and KL = 2 in the 4-year follow-up.
“KL3” subjects (2 males and 5 females, 55 ± 3 years old, height 166.5 ± 6.1
cm, BW 93.7 ± 13.2 kg, BMI 34 ± 3 kg/m2), who had KL = 0 at the baseline
and KL = 3 in the 4-year follow-up.
Magnetic resonance imaging, segmentation and geometry

For each subject from studies I–III, sagittal 3D dual-echo steady-state (SAG 3D
DESS) MRI (Siemens Magnetom Avanto, Erlangen, Germany; TR= 16.32 ms, TE=
4.71 ms, flip angle = 25º, in-plane resolution = 0.36 mm, slice thickness = 0.7 mm)
were obtained from the OAI. For study I, imaging dataset 0.C.2 was used; for study
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II, imaging datasets 0.C.2 (from baseline) and 6.C.1 (from the 4-year follow-up)
were used; and for study III, imaging datasets 0.C.2 and 0.E.1 (from the baseline)
and 6.C.2 and 6.E.1 (from the 4-year follow-up) were used.
For study I, femoral and tibial cartilages and menisci were manually segmented
from the MRI using Mimics v. 15.01 (Materialise, Leuven, Belgium). In studies II–
III, cartilages and menisci were manually segmented using custom-made code in
Matlab v7.14 (Mathworks Inc., Natick, MA, USA) and then imported to Mimics
for the final smoothing. Afterwards, 3D knee joint geometries were reconstructed
in Mimics and imported into the FE modeling package Abaqus v. 6.13 (Dassault
Systems, Providence, RI, USA).
7.3

Finite element mesh

The FE mesh was created in Abaqus using first-order 8-node continuum brick
elements with fluid for IPE, TIPE, FRPE, and FRPVE cartilage (type C3D8P) and
without fluid (type C3D8) for meniscus and IE cartilage.

Fig. 4. Finite element mesh of the knee joint in study I.

Femoral cartilages and menisci were meshed using three equally thick element
layers (except tibial cartilage in study I; Fig. 4), where element layers corresponded
to the thicknesses of the superficial, middle, and deep zones. Furthermore, to
improve convergence in the contact between the femoral cartilage and menisci, the
superficial element layers in the menisci were halved by a subdivide option in
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Abaqus. Element sizes in femoral and tibial cartilages and menisci were ~1.5 mm,
~0.7 mm, and ~1 mm, respectively. A convergence test for the mesh density in the
tibial cartilage was performed before the final analysis. Four times finer mesh was
tested showing that maximum principal stresses in cartilage were not mesh
dependent (<5 % difference when comparing results from models with different
meshes).
7.4

Material parameters

Due to short-term dynamic loading, the effects of fluid flow in the meniscus were
not taken into account, and the mechanical behavior was described as TIE material,
considering the dynamic fluid load support with a proper choice of material
parameters (Table 1) from previous experimental studies (Danso et al. 2015, Elliott
et al. 2002, Goertzen et al. 1997, Mow & Ratcliffe 1997). The types of material
models of cartilage used in studies I–III are presented in Table 2.
Taulukko 1. Material parameters for meniscus.
Parameter

Meniscus

Ep (MPa)

159.60

Et (MPa)

20.00

νp (-)

0.30

νtp (-)

0.09

Gt (MPa)

50.00

Ep is in-plane Young’s modulus, Et is out-of-plane Young’s modulus, νp is in-plane Poisson’s ratio and νtp
is out-of-plane Poisson’s ratio.

Table 2. Types of material models of cartilage used in the thesis.
Study I
Isotropic elastic

Study II

Study III

Transv. isotropic poroelastic

Fibril reinforced poroviscoleastic

Isotropic poroelastic
Transv. isotropic poroelastic
Fibril reinforced poroelastic
Depth-dep. transv. isotropic
poroelastic
Depth-dep. fibril reinforced poroelastic
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7.4.1 Material models of cartilage in study I
As the aim of study I was to investigate the influence of the material model on
articular cartilage mechanics during gait, we constructed and simulated the knee
joint function using different material models for cartilage: IE, IPE, TIPE, and
FRPE (Table 3). In order to study the effect of tissue inhomogeneity on stresses and
strains, depth-dependent TIPE (dTIPE) and depth-dependent FRPE (dFRPE)
models of cartilage were also constructed (Table 4). Simulations for obtaining
parameters for IE, IPE, TIPE, and dTIPE models of cartilage (Simulation 1,
Simulation 2.1, Simulation 2.2 in Tables 3 and 4) are explained in Section 7.6.1 and
Section 7.6.2.
Depth-dependencies
Since collagen fibrils (together with fluid) primarily control cartilage response
during short-term loading (Mononen et al. 2012), such as walking (as was
simulated here), we only concentrated on the inhomogeneity caused by the collagen
fibril network. Zonal thicknesses of the superficial, middle, and deep zones were
set to 12%, 32%, and 56% of the total thickness for the tibial cartilage (Changoor
et al. 2011, Kurkijärvi et al. 2008, Nissi et al. 2006), respectively. Femoral cartilage
was always homogeneous (in order to allow for a better comparison of stresses and
strains in the tibial plateau cartilage with corresponding homogeneous models; Fig.
4).
In the dFRPE model, the well-organized primary fibrils formed an arcade-like
architecture in the tibial cartilage (Benninghoff 1925). In the dTIPE model, the
material depth-dependency was taken into account by changing the material
stiffness as a function of the actual collagen fibril orientation (Mow et al. 2005).
This was done by decreasing the in-plane Young’s modulus parallel to the cartilage
surface (Akizuki et al. 1986) in the middle and deep zones (Table 4) because the
tensile stiffness is the lowest perpendicular to the collagen fibril alignment.
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Table 3. Material parameters for different material models of femoral and tibial
cartilages

(i.e.,

isotropic

elastic,

isotropic

poroelastic,

transversely

isotropic

poroelastic, and fibril-reinforced poroelastic).
Material model
IE (Mow et al. 2005)
IPE (Mow et al. 2005, Wilson et al. 2004)

Parameter

Cartilage
Sim. 1

Sim. 2.1

E (MPa)

20.00

-

ν (-)

0.49

-

E (MPa)

10.00

-

ν (-)

0.15

k (10-15 m4/Ns)

1.00

-

e0 (-)

4.00

-

TIPE (Danso et al. 2014, Elliott et al. 2002, Mow

Ep (MPa)

5.80

16.00

et al. 2005, Vaziri et al. 2008, Wilson et al.

Et (MPa)

0.46

0.46

νp (-)

0.87

0.42

νtp (-)

0.03

0.09

Gt (MPa)

2.50

8.00

2004)

k (10-15 m4/Ns)

1.00

1.00

e0 (-)

4.00

4.00

FRPE (Danso et al. 2014, Halonen et al. 2014,

Ef (MPa)

5.80

-

Mow et al. 2005, Wilson et al. 2003, Wilson et

Em (MPa)

0.46

-

νm (-)

0.42

-

al. 2004)

k (10-15 m4/Ns)

1.00

-

e0 (-)

4.00

-

In Simulation (Sim.) 1, Young´s moduli for IE and IPE models were adjusted to match the average
contact pressures with FRPE model. E- Young’s modulus and ν- Poisson’s ratio, k- permeability and e0void ratio, Ep- in-plane Young’s modulus, Et- out-of-plane Young’s modulus, νp- in-plane Poisson’s ratio,
νtp- out-of-plane Poisson’s ratio, Gt- out-of-plane shear modulus, Ef- fibril network modulus, Em- nonfibrillar matrix modulus, vm- Poisson´s ratio of the non-fibrillar matrix. Sim. 1 and Sim. 2.1 are described in
Sections 7.7.1 and 7.7.2
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0.42
1.00
4.00

νm (-)
k (10-15 m4/Ns)
e0 (-)

4.00

e0 (-)
0.46

1.00
5.80

2.50

Gt (MPa)
k (10-15 m4/Ns)
Ef (MPa)

10.00

0.87
0.03

νp (-)
νtp (-)

Em (MPa)

0.42
0.07

0.46

Et (MPa)

dFRPE

0.46

5.80

Ep (MPa)

-

-

-

-

-

4.00

1.00

20.00

Sim 2.1

Superficial zone

dTIPE

Sim. 1

Parameters

Model

-

-

-

-

-

4.00

1.00

12.00

0.06

0.42

0.46

24.00

Sim. 2.2

4.00

1.00

0.42

0.46

5.80

4.00

1.00

2.00

0.05

0.87

0.46

4.00

Sim. 1

-

-

-

-

-

4.00

1.00

7.07

0.08

0.42

0.46

14.14

Sim 2.1

Middle zone

-

-

-

-

-

4.00

1.00

8.45

0.08

0.42

0.46

16.97

Sim 2.2

Table 4. Material parameters and their values for the inhomogeneous models of cartilage.

4.00

1.00

0.42

0.46

5.80

4.00

1.00

1.00

0.20

0.87

0.46

2.00

Sim. 1

-

-

-

-

-

4.00

1.00

3.53

0.12

0.42

0.46

7.07

Sim. 2.1

Deep zone

-

-

-

-

-

4.00

1.00

4.24

0.12

0.42

0.46

8.49

Sim. 2.2

7.4.2 Material models of cartilage in study II and study III
In study II, TIPE material was used for cartilage (Table 3), instead of a more
complex fibril-reinforced poroelastic material, because it works fast in FE
simulations, is easy to implement, and maximum principal stresses of these two
materials are close to each other with a proper choice of the material parameters.
In study III, material parameters for the FRPVE model, which is depth-dependent,
were obtained from Halonen et al. (Halonen et al. 2014) (Table 5).
Table 5. Material parameters for FRPVE models of tibial and femoral cartilages in study
III.
Parameters

Tibial cartilage

Femoral cartilage

Em (MPa)

0.106

0.215

E0 (MPa)

0.18

0.92

Eε (MPa)

23.6

150

νm (-)

0.15

0.15

η (MPas)

1062

1062

k (10-15 m4/Ns)
*nfluid

18

6

0.8-0.15z

0.8-0.15z

*Fluid distribution is from surface till bone-cartilage interface, where z indicates normalized depth
(surface= 0, cartilage-bone interface=1). Em = nonfibrillar modulus, E0 = initial fibril network modulus, E =
strain-dependent fibril network modulus, νm = Poisson’s ratio, η = viscoelastic damping coefficient, k0 =
permeability, nf = fluid fraction.

7.5

Contact definition, boundary conditions, and implementation of
gait cycle

For all contacts (cartilage-cartilage and cartilage-meniscus), frictionless contact
was used with surface-to-surface “hard” contact formulation and with finite-sliding
tracking, and they were enforced by using the default penalty method in Abaqus.
Master surfaces were defined as surfaces, whereas slave surfaces were defined as
nodes. The femoral cartilage was considered a master surface for the menisci and
the tibial cartilage, while the menisci were considered a master surface for the tibial
cartilage.
The bottom nodes of the tibial cartilage were fixed in all directions. The
femoral cartilage-bone interface was fixed into the reference point (Fig. 5), located
at a middle point between lateral and medial epicondyles of the femur (Mononen
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et al. 2015), using the coupling constraint method in Abaqus. Fluid flow through
the cartilage surfaces and the cartilage-bone interface was not allowed (default
option in Abaqus) as fluid flow through the surfaces during short-term dynamic
loading is negligible (Halonen et al. 2014). The meniscal horns were fixed to bone
using linear spring (type SPRINGA) elements with a total spring constant of 350
N/mm per horn (Villegas et al. 2007).

Fig. 5. An example of the application of a gait cycle loading to the knee joint.

Since the OAI database does not have gait analysis data for the subjects, we used
data from other experimental studies (Bergmann et al. 2014, Kutzner et al. 2010).
The simplified gait cycle simulation was based on axial force and flexion-extension
angle (Fig. 5), while varus-valgus rotation was free, similarly as done earlier
(Mononen et al. 2015, Mononen et al. 2016).
Consolidation and static analyses with implicit time integration were used
when poroelastic and elastic materials were modelled, respectively. Before the gait
loading step, the initial extension–flexion angle and joint reaction force were
adjusted (Mononen et al. 2015) to match those found in the literature (Bergmann et
al. 2014, Kutzner et al. 2010). The duration of the initial step was 0.1 s. For the gait
cycle step, forces and extension–flexion rotations (Bergmann et al. 2014, Kutzner
et al. 2010) were applied into the reference point (Mononen et al., 2015) as timedependent boundary conditions (Fig. 5) using the tabular step option in Abaqus.
It has been previously shown that there are small variations in the anteriorposterior and medial-lateral translations and non-systematic internal-external
rotation pattern between different subjects (Chong et al. 2010, Kozanek et al. 2009).
Since patient-specific gait loading data was not available, these motions were fixed
in the current simulations. By allowing free varus–valgus rotation, the medial and
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lateral femoral cartilages were in contact with the surfaces of tibial cartilage during
the entire stance phase of the gait cycle, similarly as was done before (Mononen et
al. 2015). The total duration of the stance phase of gait was 0.8 s.
7.6

Simulations in study I: development of fibrillar and non-fibrillar
material models of cartilage

7.6.1 Simulation 1: defining material parameters for non-fibrillar
models
In Simulation 1 of study I, the material parameters (Young’s moduli) of the IE and
IPE models were manually adjusted so that the average contact pressures were
close to those of the dFRPE model, while the material parameters for the TIPE and
FRPE cartilages were taken from earlier studies (Danso et al. 2015, Halonen et al.
2014, Mow et al. 2005, Vaziri et al. 2008, Wilson et al. 2003, Wilson et al. 2004).
The contacting nodes were obtained from the dFRPE model and used for obtaining
contact pressures from the other models. Nodes were determined to be in contact
when the contact pressure exceeded 0.01 MPa. The contact pressure values were
averaged over the contacting surfaces, and the maximum difference in average
contact pressures between the models was allowed to be 15% (0.2 MPa).
For the TIPE models, the material parameters were chosen as follows: in-plane
Young’s modulus (Ep) corresponded to the fibril network modulus (Ef) and out-ofplane Young’s modulus (Et) corresponded to the non-fibrillar matrix modulus (Em)
of the FRPE model (Simulation 1 in Table 3 and Table 4). For the dTIPE model, Ep
was reduced in the middle and deep zones of cartilage as presented above (see also
Section 2.1 in Chapter 2). Finally, average maximum principal stresses (total nonfibrillar/fibrillar solid and fluid) and maximum/minimum principal logarithmic
strains over the contact areas were compared between the models.
7.6.2 Simulation 2: parametric analysis for TIPE and dTIPE models
Following Simulation 1, an additional parametric analysis was conducted to
investigate whether it is possible to match depth-wise maximum principal stresses
and strains between the TIPE and FRPE models. For this purpose, material
parameters of the TIPE model were first modified (Simulation 2.1 in Table 4), and
maximum principal stresses and maximum/minimum principal logarithmic strains
59

were compared with the homogeneous FRPE model. Finally, this parametric
investigation was further expanded to dTIPE and dFRPE models (Simulation 2.1
and Simulation 2.2 in Table 4).
7.7

Simulations in study II: analysis of cumulative maximum
principal stresses

As cumulatively accumulated chronic overloading, which obese subjects
presumably experience, has been suggested as causing a significant risk for the
onset and progression of cartilage degeneration (Jiang et al. 2012, Mononen et al.
2016, Seedhom 2006), and maximum principal stress is typically considered a
parameter to analyze the point of failure, cumulative maximum principal stresses
were analyzed in this study and calculated for each element of tibial and femoral
cartilages. Cumulative maximum principal stresses in each element of
cartilage,
, were calculated based on the following equation:
=∑

(

,

×

),

(28)

where , is the maximum principal stress in a certain element (el) during each
time increment (t), N is the total number of time increments, INCt is the duration
of time increment t and T is the total time (stance phase = 0.8 seconds). Then, peak
cumulative maximum principal stresses (the maximum value in the elements of
femoral/tibial cartilage) and the volumes of elements where cumulative stresses
exceeded certain thresholds, > 5 MPa (Danso et al. 2014), >6 MPa, >7 MPa
(Mononen et al. 2016), were analyzed and compared between normal weight and
obese subjects. Identical analyses were also performed on obese subjects after
simulated weight loss, which was simulated by reducing the axial loads applied to
the reference point during gait according to the new BW (when BMI = 24 kg/m2).
7.8

Simulations in study III: cartilage degeneration algorithm

Since MOAKS grading in study III showed that most of the cartilage degeneration
occurs on the medial side of the knee, only medial compartment models were used
for investigating cartilage degeneration. In the medial compartment models,
menisci were excluded to improve the computational efficiency and convergence.
The time-dependent supportive effect of medial menisci was calculated and
reduced from the axial load extracted from the simulations of the whole knee joint
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model (Fig. 6a). Flexion-extension and varus-valgus angles as well as tibiofemoral
loads were taken from the whole knee joint models and implemented into the
medial compartment models (Fig. 6b). Finally, a cartilage degeneration algorithm
(explained in Section 5.5 of Chapter 5 in the thesis) was implemented into the
medial compartment models to predict the level of cartilage degeneration in three
different KL groups (KL0, KL2, and KL3) after 100 iterations. In the algorithm,
cartilage fibril degeneration occurs if tensile stress exceeds the 7 MPa failure limit
(Mononen et al. 2016), progressively decreasing the collagen fibril network
stiffness (Fig. 6c) while fibril orientations were not physically altered (Mononen et
al. 2016). Collagen damage was considered irreversible (Mononen et al. 2016).
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Fig. 6. Workflow for predicting the level of knee osteoarthritis using cartilage
degeneration algorithm.
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7.9

MOAKS grading

MOAKS grading of tibial and femoral cartilages of subjects in study II and study
III was performed based on a 4-year follow-up MRI by a radiologist with
experience in musculoskeletal imaging. We considered MOAKS grading only for
the tibiofemoral contact region since we did not have the patella in the models.
Distributions of exceeded levels of cumulative stresses (> 5 MPa, > 6 MPa, > 7
MPa) in study II and cartilage degeneration locations in study III were compared
to locations of cartilage degeneration areas in the 4-year follow-up MRI and
MOAKS grading.
7.10 Statistical analysis
Statistical analysis was performed with SPSS 24 software (IBM SPSS Statistics,
Armonk, USA). The Mann-Whitney test was used when comparing cumulative
stresses and volumes of elements of normal weight and obese subjects, and for
statistical comparisons between different KL groups in the volumes of degenerated
elements and the maximum degeneration levels of the medial tibial and femoral
cartilages.
The Wilcoxon test was used when comparing obese subjects to obese subjects
with simulated weight loss. The Spearman test was used to analyze correlations
between MOAKS or KL scores and peak cumulative stresses, and between
MOAKS or KL scores and total volumes of elements with different threshold levels
of cumulative stresses. The level of significance was set to p < 0.05.
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8

Results

This chapter summarizes the most important results of studies I–III. For additional
details and complete results, see the original publications.
8.1

Comparison of different material models of cartilage in study I

Computational (wallclock) time in Abaqus for the depth-dependent FRPE model
(~6650 s) was ~3 times longer than that for the IPE and TIPE models and ~4 times
longer than that for the IE model.

Fig. 7. Average (over the contact area) maximum principal stresses (a), maximum
principal logarithmic strains (b), and minimum principal logarithmic strains (c) in the
superficial zone during the stance phase of gait in the IE, IPE, TIPE, and FRPE models.
Values are obtained using the contact area of the fibril-reinforced model.
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In contrast with the other models, the IE model showed constantly negative
maximum principal stresses (Fig. 7a). Compared with the FRPE model, the IPE
and TIPE models showed lower maximum principal stresses throughout the depth
of cartilage. The IE and IPE models had similar maximum/minimum principal
logarithmic strains as in the FRPE model (Fig. 7b-c). Compared with the other
models, the TIPE model had higher maximum/minimum principal logarithmic
strains throughout the depth of cartilage.
8.1.1 Matching contact pressures between the models
In the depth-dependent FRPE model, the average cartilage-cartilage contact
pressure was 1.5 MPa for the first peak force of the gait (1250 N) and the second
peak force (1460 N) in the medial tibial cartilage, and 1.9 MPa for the first peak
force and 1.5 MPa for the second peak force in the lateral tibial cartilage. It was
found that the IE model with E = 20 MPa and the IPE model with E = 10 MPa
showed contact pressures similar to the depth-dependent FRPE model. The TIPE
models with the original material parameters (Tables 3 and 4) showed similar
contact pressures with the depth-dependent FRPE model (within a 15% difference).
8.1.2 Parametric analysis for transversely isotropic poroelastic
models
The TIPE model with Ep = 16 MPa (Table 3) showed similar maximum principal
stresses with the FRPE model (Fig. 8a) in the superficial, middle, and deep zones
of cartilage. It also showed similar maximum/minimum principal logarithmic
strains with the FRPE model throughout the depth of cartilage (Fig. 8b and c).
Compared with the dFRPE model, the dTIPE model with Ep = 20 MPa
(Simulation 2.1 in Table 4) had lower stresses throughout the depth of cartilage (Fig.
9a). The dTIPE model with Ep = 24 MPa (Simulation 2.2 in Table 4) showed similar
maximum principal stresses with the dFRPE model throughout the depth of
cartilage.
Compared with the dFRPE model, the dTIPE model with Ep = 20 MPa and 24
MPa in the superficial zone showed similar maximum/minimum principal
logarithmic strains throughout the depth of cartilage (Fig. 8b and c).
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Fig. 8. Average maximum principal stresses (a), maximum principal logarithmic strains
(b), and minimum principal logarithmic strains (c) in the superficial zone during the
stance phase of gait in the TIPE model with two different transverse (in-plane) Young’s
moduli (Ep = 5.8 MPa – literature based, Ep = 16 MPa – from parametric analysis) and
the FRPE model. Material parameters for the models can be found in Table 3.
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Fig. 9. Average maximum principal stresses (a), maximum principal logarithmic strains
(b), and minimum principal logarithmic strains (c) during the stance phase of gait in the
dTIPE model with three different in-plane Young’s moduli (superficial zone Ep = 5.8 MPa
– literature based, middle zone Ep = 4 MPa, deep zone Ep = 2 MPa; superficial zone Ep
= 20 MPa, middle zone Ep = 14.14 MPa, deep zone Ep = 7.07 MPa; and superficial zone
Ep = 24 MPa, middle zone Ep = 16.97 MPa, deep zone Ep = 8.48 MPa – from parametric
analysis) and the dFRPE model. Material parameters for each model can be found in
Table 4
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8.2

Study II: Effect of body weight on the development of
osteoarthritis based on cumulative stresses in cartilage

8.2.1 Peak cumulative stresses in femoral and tibial cartilages in
obese and normal weight subjects
For the entire femoral cartilage, the average values of peak cumulative maximum
principal stresses of seven obese subjects were 7.2 ± 3.5 MPa, and they were
significantly higher (p < 0.05) compared to obese subjects with a simulated weight
loss (5.9 ± 2.8 MPa). There was no statistically significant difference in peak
cumulative stresses in femoral cartilage (Fig. 10) between obese subjects (with and
without weight loss) and normal weight subjects (5.4 ± 2.0 MPa).

Fig. 10. Distribution of cumulative maximum principal stresses over the stance phase
of gait in femoral cartilage. Values of the highest cumulative stresses over the entire
femoral cartilage are in the right corner of each image.

For the lateral compartment of tibial cartilage (Fig. 11), peak cumulative stresses
of cartilages of obese subjects were 7.9 ± 1.3 MPa, and they were significantly
higher (p < 0.05) compared to obese subjects with a simulated weight loss (6.8 ±
0.8 MPa). For the medial compartment of tibial cartilage, peak cumulative stresses
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of cartilages of obese subjects were 7.5 ± 2.3 MPa, and they were significantly
higher (p = 0.028) compared to obese subjects with a simulated weight loss (6.6 ±
2.0 MPa).

Fig. 11. Distribution of cumulative maximum principal stresses over the stance phase
of gait in tibial cartilage. Values of the highest cumulative stresses over the entire tibial
cartilage are in the right corner of each image.

There was no significant difference when comparing peak cumulative stresses in
the lateral and medial compartments of tibial cartilages of obese subjects to those
of normal weight subjects (7.6 ± 1.9 MPa and 6.0 ± 0.7 MPa in lateral and medial
compartments of tibial cartilage, respectively; Fig. 11).
8.2.2 Total volumes of elements with different levels of peak
cumulative stresses in obese and normal weight subjects
Total volumes of elements with cumulative stresses over 5 MPa, 6 MPa, and 7 MPa
in femoral cartilage of obese subjects did not show significant differences (p > 0.05)
compared to those from normal weight subjects (Fig. 12).
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Total volumes of elements with cumulative stresses over 5 MPa in the lateral
compartment in tibial cartilage of obese subjects were significantly larger (p < 0.05)
by ~2 times, compared to those of normal weight subjects (Fig. 12). In the same
location, the simulated weight loss in obese subjects demonstrated a significant
reduction (p < 0.05) by ~2 times in the total volumes of elements, where cumulative
stresses exceeded 5 MPa, 6 MPa, or 7 MPa.

Fig. 12. Comparison of total volumes of elements (mm3) in femoral and tibial cartilages
that have cumulative stresses (CS) of > 5 MPa, > 6 MPa, or > 7 MPa in obese subjects
with and without simulated weight loss and in normal weight subjects. The dot ( ) and
cross-line (─) represent mean and median values, respectively.
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Total volumes of elements with cumulative stresses over 5 MPa in the medial
compartment of tibial cartilage in obese subjects were significantly larger (p <0.05)
by ~2 times, compared to subjects after weight loss (Fig. 12). When comparing
total volumes of elements of obese and normal weight subjects with cumulative
stresses exceeding 5 MPa, 6 MPa, and 7 MPa, there were no significant differences.
Total volumes of elements with cumulative stresses exceeding 5 MPa, 6 MPa,
and 7 MPa of the entire tibial cartilage (when medial and lateral compartments were
combined) in obese subjects were significantly higher (p < 0.05), compared to those
from obese subjects after simulated weight loss. However, between obese and
normal weight subjects, a statistical difference in volume was found only with
cumulative stresses over 5 MPa (p < 0.05).
8.2.3 Comparison of peak cumulative stresses at the baseline with
radiographic and MRI findings in the 4-year follow-up
MOAKS and KL scores in obese and normal weight subjects showed a significant
correlation (p < 0.05). The locations of high cumulative stresses in most of the
overweight and normal subjects were in good agreement with the locations of
cartilage loss shown in the 4-year follow-up MRI and MOAKS from the central
part of tibial cartilage (Fig. 13). Furthermore, for one normal weight subject (the
fifth image on the left of Fig. 13), high values of cumulative stresses were
consistent with increased MOAKS (from 0 to 3) while KL remained zero.
There were no significant (p > 0.05) correlations between the peak cumulative
stresses in femoral and tibial cartilages at the baseline and MOAKS or KL scores
at the 4-year follow-up in obese and normal weight subjects. However, there was a
significant correlation between MOAKS scores and total volumes of elements in
femoral cartilage with cumulative stresses greater than 6 MPa or 7 MPa (p < 0.05);
and in the lateral compartment of tibial cartilage with cumulative stresses greater
than 6 MPa (p < 0.05).
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Fig. 13. Distribution of cumulative maximum principal stresses in tibial cartilages of
obese and normal weight subjects together with MOAKS scores from the central part
of tibial cartilage and KL scores.

8.3

Study III: Cartilage degeneration algorithm

In the KL3 group, peak degenerations within cartilage were considerably higher
and degenerated areas were larger compared to the KL0 group (Fig. 14). This was
in agreement with MOAKS grading from the central part of the medial tibial
cartilage (i.e., MOAKS grades and cartilage degenerations in the KL3 group were
higher compared to those in the KL0 group).
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Fig. 14. Cartilage degeneration distributions and MRI MOAKS grades for five selected
KL3 and KL0 subjects. MOAKS grades are from the central part of medial tibial cartilage
(TMC = tibia medial central).

74

The average maximum degeneration in medial femoral cartilage after 100 iterations
was ~2 and ~4 times higher in the KL2 and KL3 groups, respectively, compared to
the KL0 group (p < 0.05, Fig. 15a). In the medial compartment of tibial cartilage,
those values were significantly higher (by ~2 times) in the KL3 group compared to
the KL0 group. The difference in maximum degeneration in medial femoral and
tibial cartilages between the KL2 and KL3 groups was not significant (p > 0.05).
The average volumes of degenerated elements after 100 iterations in medial
femoral cartilage were ~7 and ~9 times higher in the KL2 and KL3 groups,
respectively, compared to the KL0 group (p < 0.05, Fig. 15b). Correspondingly, in
medial tibial cartilage, ~4 and ~8 times higher degenerated volumes were observed
in the KL2 and KL3 groups compared to the KL0 group (p < 0.05). The average
volumes of degenerated elements in medial femoral and tibial cartilages between
the KL2 and KL3 groups were not significantly different (p > 0.05).

Fig. 15. Predicted maximum degenerations (a) and degenerated volumes of different KL
groups (b) in medial femoral and tibial cartilages. The dot (•) and crossline (—) represent
mean and median values, respectively. *p < 0.05.
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9

Discussion

In this thesis, the importance of mechanical properties of articular cartilage and the
predictive value of different subject-specific FE knee joint models on OA
development and progression were analyzed. This chapter summarizes the key
findings of the thesis and elaborates on their significance.
9.1

Sensitivity of stresses and strains in articular cartilage to
different material models applied in subject-specific 3D FE
model of the knee joint

It was found that it is not possible to match simultaneously contact pressures and
maximum principal stresses between the IE, IPE, TIPE (homogeneous and depthdependent) material models and the FRPE models (with and without a depth-wise
collagen architecture). Still, certain analyzed parameters (such as stress or strain)
can be the same between different material models during the entire gait cycle.
Since fibril-reinforced models can accurately characterize the dynamic and
equilibrium response of cartilage tissue in vitro (Han et al. 2009, Julkunen et al.
2008, Korhonen et al. 2003, Wilson et al. 2004), average contact pressures
calculated by the FRPE model of cartilage during gait were used as a basis for
choosing the material parameters for the other models, and values were close to
those reported in experimental studies (Ahmed et al. 1983, Fukubayashi &
Kurosawa 1980). The material parameters for most of the models were in a similar
range as those reported in the literature (Brown & Shaw 1984). However, the
Young’s modulus in the IPE model is typically reported as approximately 0.5 MPa,
while our value was 10 MPa. The reason for this arises from the lack of anisotropic
nature in the IPE model and the dynamic loading of cartilage.
Study I demonstrated that simpler material models could not capture maximum
principal stresses in knee cartilage similarly as the FRPE models (when contact
pressures were matched). Especially, the IE material model showed maximum
principal stresses in compression while they were in tension in the other models.
This is due to the lack of fluid pressure in the IE material model. Normal joint
loading causes fluid to flow horizontally, increasing tensile stresses in that direction
in all poroelastic models. It was previously suggested that the fluid load support of
cartilage can be even 5–15 MPa (supporting ~90% of the load) during walking
(Ateshian et al. 1998, Korhonen et al. 2015, Tanska et al. 2015).
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The homogeneous FRPE model showed lower strains than the dFRPE model,
especially in the deep zone of cartilage. This was due to the fibrils parallel to the
surface at all layers, making the homogeneous model stiffer in the deep zone than
the dFRPE model. The dTIPE model was also softer in the deeper layers compared
with the homogeneous TIP model due to the decreased in-plane Young’s modulus
in the middle and deep zones of tibial cartilage, thus increasing strains throughout
the tissue depth.
In the dTIPE model, the in-plane Young’s moduli were estimated based on the
FRPE model (the tensile modulus was defined based on fibril orientation: the
highest value in the superficial zone and the lowest in the deep zone). In this way,
contact pressures of the TIPE model were only ~15% lower than those of the FRPE
model, but maximum principal stresses were substantially lower and the strains
higher. This can be explained by one fundamental difference between these models:
in the FRPE model, the density ratio between the primary and secondary fibrils (C
= 3.74) increases the stress of the fibrillar network (Wilson et al. 2004) and the
modulus values may no longer be comparable. In the TIPE model, this indicates a
higher Young’s modulus in the horizontal direction. By multiplying the original
Young’s moduli with C, the following modulus values are obtained for the
superficial, middle, and deep zones: 21.7 MPa, 15.0 MPa, and 7.5 MPa,
respectively. By changing those parameters for TIPE models (Tables 3 and 4),
maximum principal stresses and strains were similar to those from the FRPE
models.
As the fibril-reinforced models are very time consuming compared with, for
example, TIE models, it can be more feasible to select the material model
depending on the problem at hand and the parameters that are scientifically or
clinically relevant.
9.2

Effect of body weight on cumulative stresses in articular
cartilage

Study II demonstrated that obese subjects have higher peak cumulative stresses in
cartilage compared to normal weight subjects. Simulated weight loss in obese
subjects mostly reduced the areas of excessive stresses in the lateral tibial cartilage.
It was reported previously that BMI is negatively associated with tibial
cartilage volume (Anandacoomarasamy et al. 2009, Ding et al. 2008b). In study II,
volumes of elements in femoral and tibial cartilages with cumulative stresses over
5 MPa in obese subjects were higher compared to those of healthy controls, but
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showed statistically significant differences only in the lateral compartment of tibial
cartilage. Furthermore, a significant correlation was observed between the 4-year
follow-up MOAKS scores in femoral cartilage and the lateral compartment of tibial
cartilage and the total volumes of elements with cumulative stresses greater than 6
MPa at the baseline. Cicuttini et al. (Cicuttini et al. 2005) also demonstrated that a
greater BMI is significantly associated with increased progression in lateral but not
medial cartilage defects. However, the percent change in peak cumulative stresses
was substantial in all locations and between all comparisons; thus, a higher number
of subjects might increase the statistically significant findings.
The threshold limit of 5 MPa for cumulative stresses in tibial cartilage showed
the most significant difference when comparing total volumes of elements with
high cumulative stresses in obese and normal weight subjects as well as those after
weight loss. This threshold limit is in accordance with a previous experimental
study (Danso et al. 2014).
Since obesity is a known risk factor for the development and progression of
knee OA (Coggon et al. 2001), it is important to detect the relationship between
weight loss and peak stresses in cartilage and to clarify the pathophysiologic role
of obesity in knee OA. Our study showed that simulated weight loss to a normal
BMI in obese subjects leads to a significant reduction of the highest cumulative
stresses in femoral and tibial cartilages, being in the same range as the normal
weight controls. The proposed method and analyzed parameters might be used
clinically in the future to “optimize” weight loss in order to avoid further
degenerative changes in cartilage.
9.3

Predictive value of cumulative stresses: comparison to MRI
and radiographic findings in follow-up

In study II, locations of high cumulative stresses in central regions of tibial
cartilage in most of the obese subjects at the baseline were able to indicate possible
cartilage degeneration areas shown in the 4-year follow-up MRI (MOAKS scoring).
This was true except for one obese subject, who had high cumulative stresses on
the lateral compartment of the tibia at the baseline while MOAKS showed cartilage
degeneration in the medial compartment in the 4-year follow-up MRI. This
difference may be explained by the implemented generic gait data because the OAI
database does not include subject-specific loading (MacLean et al. 2016).
Biomechanical analysis also showed high stress values for one normal weight
subject, who had a MOAKS score of 3 in the 4-year follow-up but the KL grade
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stayed at zero. This suggests that the biomechanical analysis conducted for the
baseline situation can possibly predict small changes in cartilage that could not be
observed by radiographic grading even after four years (Hunter et al. 2011a). Since
knee loading is affected by many other factors than just weight, such as knee
geometry that can be taken into account in the biomechanical analysis, this result
also encourages the use of biomechanical FE analysis for subjects other than those
who are overweight.
In study II, there was no correlation between the peak cumulative stresses at
the baseline and MOAKS or KL scores in the 4-year follow-up in obese and normal
weight subjects. This might be due to the limited number of subjects and because
our model was purely mechanical and did not consider other factors, such as
metabolic, which could also lead to cartilage degeneration, especially for obese
subjects. Furthermore, when analyzing the effect of weight on OA, we did not
separate muscle mass and fat mass, while it was shown previously that they have
opposite effects on knee OA: a greater fat percentage increases the risks of OA
while greater muscle strength prevents OA progression (Henriksen et al. 2012,
Segal et al. 2009b, Segal et al. 2012). However, our analysis showed a significant
relationship between MOAKS scores and volumes of elements exceeding the
chosen thresholds, while peak values of stresses did not correlate with MOAKS.
This suggests that large surface areas at biomechanical risk are more important in
the progression of OA, rather than single excessive values.
9.4

Simulation of the subject-specific progression of knee
osteoarthritis by using a cartilage degeneration algorithm

By using a quantitative cartilage degeneration algorithm in study III, it was
possible to separate subjects with different levels of radiographical OA (KL2 and
KL3 groups) from healthy subjects (KL0 group) after the 4-year follow-up period.
Moreover, the KL3 group had higher degeneration levels than the KL2 group, even
though these groups had the same BMI. These results highlight the potential of the
degeneration algorithm to predict subject-specific overloading-related progression
of knee OA.
The analysis of degenerated volumes within articular cartilage was able to
separate both KL2 and KL3 subjects from KL0 subjects. The maximum
degeneration parameter was also able to separate successfully KL2 and KL3
subjects from KL0 subjects in the femoral cartilage, but in the tibial cartilage, only
KL3 subjects were separated statistically from the KL0 group. However,
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degenerated volume is likely a more relevant predictive parameter since in more
severe OA, a larger area of degenerated cartilage can be seen in the knee joint as
verified in our subjects by MOAKS grading. In terms of the KL grade, local
cartilage defects in relatively small areas do not necessarily show any degenerative
changes in radiographic evaluations (Brandt et al. 1991). Therefore, local cartilage
degenerations may be as severe even though the radiographic degree of OA (KL2
or KL3 group) would be different.
Since KL grading is the most commonly used OA classification method in
clinics and the OAI database provides this information for almost all subjects,
subjects in study III were divided into different OA groups based on KL grading at
the 4-year follow-up. The KL grading method estimates the degree of OA mainly
by the amount of osteophytes and joint space narrowing and cannot reveal any
changes within the cartilage, while the degeneration algorithm used in this study
directly predicts cartilage degeneration, not bony changes or cartilage loss.
However, when comparing the simulation results to tibial cartilage changes
(MOAKS grading), our method predicted actual degeneration locations in central
regions of medial tibial cartilage reasonably well. In femoral cartilage, based on the
MOAKS grades, cartilage degenerations occurred mainly on the patellofemoral
contact region. Since the models in studies II and III did not consider this contact
region, MOAKS comparisons of femoral cartilage were not relevant.
In study III, the stress threshold causing cartilage degeneration was fixed (7
MPa), while in reality it could be different for different subjects, and it may vary
during the progression of OA. A smaller threshold value in more degenerated
cartilage would likely increase the area and volume of degenerated elements in the
model and even improve the prediction of cartilage degeneration.
The presented algorithm shows great potential for predicting subject-specific
progression of knee OA and has clinical potential by simulating the effect of
interventions on the progression of OA.
9.5

Software development

In all three studies, we used Abaqus for FE simulation. In the future, the presented
methods of subject-specific FE modeling of the knee joint and algorithms for
analyses of the risks of cartilage damage and OA progression should be developed
toward a clinical application. For that, simple and fast model generation and
analysis procedures should be developed in a custom-made software.
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9.6

Limitations

Some limitations of the models developed in studies I–III should be discussed.
9.6.1 The use of the generic gait data in FE models
The OAI database does not have gait analysis data for the subjects and varus-valgus
angles vary between subjects (Kadaba et al. 1990, Kozanek et al. 2009, Scanlan et
al. 2010). Therefore, the simplified gait cycle simulation applied in the studies was
based on axial force and flexion-extension angle (Bergmann et al. 2014, Kutzner et
al. 2010) and applied into the knee joint’s center of rotation, while varus-valgus
rotation was free, similarly as done earlier (Mononen et al. 2015, Mononen et al.
2016). The subject-specific knee joint geometries were obtained from MRI,
meaning that anatomical factors (shape and knee alignment) were taken into
account in the models. Moreover, varus–valgus rotation in our models (see
Supplementary material of the original publication I) showed similar behavior to
those measured in the earlier experimental study (Kadaba et al. 1990). We also
acknowledge the fact that changes in the location where the compressive force is
applied into our knee models could affect medial/lateral loads and varus-valgus
rotations. In study I, we conducted additional simulations for the depth-dependent
TIPE and FRPE models with different gait input from healthy subjects (Kozanek
et al. 2009). Based on the results, the difference between the material models
remained similar (see Supplementary material of the original publication I).
The individual gait data could improve the accuracy of studies II and III and
show locations of high cumulative stresses (in study II) or degeneration locations
(study III) in cartilage even closer to the actual changes observed in the 4-year
follow-up MRI. Nonetheless, collecting subject-specific gait data is not usually
feasible in clinical practice, since the collection and analysis of gait data are time
consuming and may not provide sufficient information for treatment planning.
However, the results of studies II and III demonstrated that even without subjectspecific gait data, our models were still able to predict locations of cartilage
degeneration detected by the 4-year follow-up MRI findings and MOAKS scores.
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9.6.2 Exclusion of muscles, ligaments, and patella from the FE
models
Due to the initial estimation of the time needed for model generation and
computations, muscles, ligaments, and patella were neglected from the models.
However, their effect was indirectly considered in external load in terms of total
knee joint reaction forces between the tibiofemoral joint.
In study I, we tested the simplified gait cycle loading for the FRPE model with
ligaments and found that they have a small effect on the total joint reaction forces
and varus/valgus rotation in the model with the simplified gait (see more in
Supplementary material of the original publication I). In this comparison, the
implemented force was smaller in the model with ligaments, and ligament
pre/strains produced the rest of the force. Although, it should be noted that our
models were driven by flexion-extension angles and axial forces with free varusvalgus rotations, not by forces and moments. In models driven mainly by forces
and moments, the effects of other tissues and structures would be more important
(Halonen et al. 2016, Tanska et al. 2015).
9.6.3 The use of transversely isotropic elastic material for meniscus
In all knee models, we applied the same transversely isotropic material properties
of the meniscus that were obtained from the previous studies (Danso et al. 2015,
Elliott et al. 2002, Goertzen et al. 1997, Mow & Ratcliffe 1997). While menisci
have been previously modeled as a fibril-reinforced poroelastic material (Kazemi
et al. 2012, Shirazi et al. 2008), our chosen material model for the meniscus should
adequately describe forces going through the meniscus during short-term loading
(negligible or limited volume change and fluid flow through surfaces). The same
material model for the meniscus has been used in our earlier models (Mononen et
al. 2015, Mononen et al. 2016).
9.7

Future aspects to consider in the knee models

In study II, we compared cartilage stresses in obese subjects who developed OA
after four years with normal weight subjects without OA development. In the future,
normal weight subjects who develop OA in the follow-up and obese subjects who
do not develop OA in the follow-up should be included.
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Since the collagen network primarily controls the mechanical response of
cartilage under dynamic loading (e.g., walking; Mäkelä et al. 2014, Mononen et al.
2012), and its damage due to overloading can initiate OA (Andriacchi et al. 2004),
only collagen fibrillation was considered in the degeneration algorithm in study III,
while other factors, such as proteoglycan loss and change in water content, were
not taken into account. Those factors should be included in the degeneration
algorithm in the future to test if they could improve the predictive value of the
current algorithm. To validate such an improvement in the degeneration algorithm
to isolate degenerative changes in different tissue constituents, quantitative followup information, such as some specific MRI parameters (Li & Majumdar 2013), of
specific changes in proteoglycan and water content during the progression of OA
would be required.
Since it was proven previously that being overweight is one of the main risk
factors of OA (Felson 2006, Mezhov et al. 2014), the degeneration algorithm in
study III was based only on excessive and cumulative loads due to overweight,
while other risk factors (e.g., aging and metabolic changes) were neglected. In the
future, some of those factors should be taken into account in the degeneration
algorithm, for instance, by adjusting the threshold level for degeneration. For
example, an earlier study showed that the cartilage failure limit is highly dependent
on the age of the subject (Kempson 1982). Failure limit increases from ~25 to ~40
MPa until the age of 20–30 years, and after that, it starts to decrease to < 10 MPa.
In addition, Niu et al. (Niu et al. 2017) found an association between OA and high
blood pressure. However, estimating subject-specific metabolic changes during the
follow-up period is problematic, but if those could be accurately estimated and
implemented into the algorithm, prediction of OA progression could be further
improved.
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10 Summary and conclusions
An accurate estimation of cartilage mechanics is important when analyzing the
subject-specific function of the knee joint and the risks for the onset and
development of OA due to cartilage damage. In this thesis, computational models
of the knee joint during simplified gait were developed to define the level of
material complexity required for 3D FE modeling of the knee joint to reliably
estimate tissue stresses and strains within the articular cartilage of the knee joint.
They were also developed to investigate the predictive value of biomechanical FE
modeling of the knee joint on the development and progression of radiological OA
with obese and normal weight subjects.
The main conclusions of the thesis can be summarized as follows:
–

–

–

Stresses and strains within articular cartilage in the knee joint during walking
are highly sensitive to material parameters applied in an FE model. It is not
possible to match stresses, strains, and contact pressures between simplified
(non-fibrillar) and advanced (fibrillar) models simultaneously. However, it is
possible to find parameters for transversely isotropic models that enable the
estimation of stresses and strains throughout the depth of cartilage similarly to
fibril-reinforced models.
Locations of peak cumulative stresses at the baseline in obese subjects showed
good agreement with the locations of cartilage loss and MRI scoring after four
years. Simulated weight loss in obese subjects significantly reduced the highest
cumulative stresses in cartilage to the level of normal weight subjects. A
relatively simple analysis of cumulative stresses could be used to evaluate
subject-specific effects of obesity and weight loss on cartilage responses and
possible risk for the progression of knee OA.
The cartilage degeneration algorithm was able to predict subject-specific
progression of OA similarly with the experimental follow-up data (MRI) and
separate subjects with radiographical OA (KL grade 2 and 3) from healthy
subjects (KL = 0).

The computational models developed in this thesis represent useful tools for
the identification of possible risk locations within the knee joint, and their
relationship to OA onset and progression. The presented methods have clinical
potential in the diagnostics of knee joint OA in a subject-specific manner and in
simulating the effect of interventions on the progression of OA, thus helping
decision-making in an attempt to delay or prevent further OA symptoms.
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