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Abstract 

Knee Osteoarthritis (KOA) is a degenerative joint disease and a leading cause of 

disability worldwide. Lower limb malalignment was a risky factor leading to KOA, 

altering the load distributions. This study aimed to study the influence of knee 

deformities on knee contact mechanics and knee kinematics during squatting. A full-leg 

squat FE model was developed based on general open-source models and validated with 

in vivo studies to investigate the outputs under frontal malalignment (valgus 8 to varus 

8) and axial malalignment (miserable malalignment 30). As a result, Varus-aligned and 

miserable aligned models increased medial tibiofemoral force and lateral patellar contact 

pressures, while the valgus-aligned model increased lateral tibiofemoral force medial 

patellar contact pressures with no effects on total contact loads. The Model with a higher 

medial force ratio (medial force/total force) induced a higher internal tibial rotation.  In 

conclusion, we recommended that patients with knee malalignment be taken care of 

alignments in both frontal and axial planes.  

 

Keywords 

knee malalignment, finite element, knee joint, contact mechanics, knee kinematics, knee 

osteoarthritis, stress distribution, squatting 
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  Summary for Lay Audience  

Knee Osteoarthritis (KOA) is a degenerative joint disease and a leading cause of 

disability around the world. Lower limb malalignments in the frontal and axial planes 

were risky factors leading to KOA, as it altered the force and stress distributions. To date, 

the influence of malalignment on load and stress distributions has not been investigated 

in both joints: tibiofemoral and patellofemoral joints using computational studies. 

This study aimed to study the influence of knee malalignment in the frontal plane and 

axial plane on knee contact mechanics in tibiofemoral and patellofemoral joints and knee 

kinematics during a typical daily activity—squatting. To achieve this, a full-leg squat FE 

model was developed based on an open-source FE model and a general musculoskeletal 

model and validated with in vivo studies using parametric studies. Then, the model was 

used to investigate the outputs under frontal malalignment ranging from valgus 8 to 

varus 8and axial malalignment with combined 30 femoral anteversion and 30 external 

tibial torsion (miserable malalignment). As a result, varus-aligned and miserable aligned 

models increased medial force while the valgus-aligned model decreased medial force. In 

contrast, malalignments showed no effects on total contact force. In addition, the model 

with a greater Q-angle (quadriceps angle) increased the lateral patellar contact pressures, 

while the model with a lower Q-angle increased the medial patellar contact pressures. 

According to rotational kinematics in results, models with a higher medial force ratio 

(medial force/total force) induced higher internal tibial rotations. In conclusion, we 

recommended that patients with knee malalignment be taken care of alignments in both 

frontal and axial planes. 
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Chapter 1  

1 Introduction 

1.1 Problem 

Knee Osteoarthritis (KOA) is a degenerative joint disease and a leading cause of 

disability in the United States and around the world [1]. Significantly, KOA affects 

37.4% of adults over 60 years old [2] and has been more prevalent since the mid-20th 

century [3]. The medical treatment of KOA resulted in approximately $81 billion in 2003 

and affected over 46 million people in America [4]. Generally, KOA affects two joints - 

the tibiofemoral joint and patellofemoral joint - and develops slowly over 10-15 years, 

interfering with daily and work activities [5]. Population studies have identified that 

KOA results from local mechanical factors acting primarily on articular cartilage, which 

is susceptible to excessive stress [6-8]. In the development of KOA, cartilage breaks 

down and subsequently degenerates, causing pain, stiffness or poor mobility. 

Malalignment of the knee joint substantially alters the load distribution, increasing stress 

on the medial or lateral compartment and thus inducing the initiation and progression of 

KOA [10-12]. Therefore, knee joint malalignment is considered as a critical risk factor 

for KOA onset and progression, possibly associated with other risk factors including age, 

obesity, genetics and knee laxity [9]. Generally, knee malalignment can happen for many 

reasons. In some instances, an individual can be born with the situation or it can develop 

due to diseases, trauma and knee injury [32]. It can also develop over time due to 

previous surgery [20]. 

According to previous studies [10,14-15], populations with varus and valgus aligned 

knees have a higher risk of KOA in the medial and lateral compartment, respectively. 

Furthermore, torsional deformity (i.e., internal tibial rotation) has been observed with 

greater varus alignment and knee varus moment during walking, which implies 

concentrated loading on the medial condyle, leading to medial KOA progression [13]. 

Malalignment in the coronal and axial plane may also affect ligament strain/stress, 

inducing ligamentous laxity and knee instability. Knee instability has previously been 

identified as a risk factor to the onset and progression of OA as knee instability shifts 
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loaded locations towards unsuitable areas [9]. In these areas, cartilage is more likely to 

degenerate [6, 19]. 

Clinically, interventions that correct the excessive loading resulting from knee 

malalignment such as osteotomies have been performed to treat KOA and relieve pain 

[16,17]. High tibial osteotomy (HTO) and distal femoral osteotomy (DFO) are effective 

treatments for medial KOA and lateral KOA, respectively. In addition, rotational 

osteotomies are treatments for patients with axial plane knee deformities. When a patient 

with KOA suffers from pain and develops functional limitations, total knee replacement 

(TKR) is considered to alleviate pain and restore joint function [18]. Frontal alignment in 

TKA has been shown to be correlated to loosening incidence of prosthesis components, 

so accurate alignment is a crucial factor for the prevention of loosening [23, 24]. The 

axial alignment in TKA has been proven to affect the stress distribution and knee 

kinematics [30, 31]. Typically, surgeons aim for ideal alignment following osteotomies or 

TKR to maximize osteotomy or implant survival and restore knee functions. Finite 

element analysis (FEA) with a knee joint model may be useful to identify the influence of 

different alignment in the coronal and axial planes on knee biomechanics. 

1.2 Previous Work 

In vivo, the magnitude of contact forces and moments has been measured to analyze the 

effect of knee deformity during static or dynamic loading [20, 21]. Kutzner et al. 

measured the contact force value, medial/lateral force ratio and knee moments during 

single-leg and double-leg support activities using an instrumented total knee arthroplasty 

(TKA). The varus-valgus alignment angle of patients after TKA surgery was measured 

using full-leg radiographs to analyze the effect of alignment on contact ratio. Increased 

medial condyle load was observed in knees with varus alignment [20]. Krackow et al. 

assessed the knee moments of twenty-four subjects in vivo during gait and determined 

that subjects with tibial rotation deformities had varus alignment and higher varus 

moments which implies higher medial loading [21]. Direct measurement of contact 

loading is challenging and limited to a small number of subjects with instrumented TKA. 

Furthermore, the influence of knee alignment deformities on distributions of contact 

stress in knee cartilage and ligament forces/strains cannot be identified in vivo. However, 
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in combination with in vivo data, musculoskeletal models can investigate the altered 

stress distributions and ligament forces under variation in the coronal plane alignment 

and ligament properties during gait [22]. Similarly, in combination with in vivo data from 

subjects during self-selected speed walking, subject-specific finite element models have 

been used to demonstrate that varus aligned knees put higher stress on the medial 

compartment while valgus aligned knees put higher stress on the lateral compartment 

[24]. In vitro, the same conclusions have demonstrated varus aligned knees had a higher 

contact pressure in the medial compartment [25, 26] and varus-valgus malalignment 

alters knee kinematics [27]. To validate these in vitro studies, a scaled musculoskeletal 

model estimated the effect of variations in alignment on contact stress distributions and 

ligament strains [29]. In combination with in vitro data, a forward-dynamic 

computational model during a squatting motion was used in this study to estimate the 

effect of variation in axial plane alignment on ligament strains as well as muscle forces 

and joint kinematics [28]. In addition, some computational models have studied the 

isolated effect of alignment on the knee contact force and stress distributions while other 

factors were controlled for, such as gender, age, weight and height [22, 28, 29].  

Previous studies mostly focused on the influence of malalignment during walking. To 

date, the literature still lacks examples of application of finite element (FE) models to 

estimate the influence of malalignment in the coronal and axial plane on contact 

mechanics, especially during squatting. Thus, the FE model in this study was used to 

predict the contact force, distributions of stress in the tibial and patellar cartilage under 

coronal and axial plane deformities during a dynamic squatting motion. 

1.3 Objectives 

The objectives of this thesis were to (1) develop a full leg squat model based on an open-

source finite element model and (2) predict the effect of coronal and axial plane knee 

deformities using the full leg squat FE model. To achieve these objectives, the OpenKnee 

model was modified to a full leg model using the coordinates of added parts from a 

musculoskeletal model by reorganizing boundary conditions, constraints and load 

scenarios. Then, the full leg model was used to perform parametric analysis during 

squatting and validated with previously published literature. Finally, the altered 
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distributions of contact load and stress and magnitude of muscle force under variations in 

the coronal and axial plane deformities were investigated using the full leg squatting 

model. We assumed that the full leg model after parametric analysis and validation was 

in neutral alignment. It was hypothesized that (1) varus aligned knees would induce a 

higher medial force ratio; (2) femoral anteversion and external tibial torsion would result 

in higher stress on lateral patella cartilage. 
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Chapter 2  

2 Background  

2.1 Knee structure and functions 

The knee was formerly considered as a hinge joint, but it is a much more complex 

structure with numerous ligaments in conjunction with muscles crossing the joint. The 

knee joint works along with the hip and ankle joints to move and support the body during 

daily activities. The knee complex is necessary to allow for the alternate actions of 

mobility and stability. Thus, the knee should be regarded as consisting of two 

articulations within one capsule: the tibiofemoral joint and the patellofemoral joint. The 

tibiofemoral joint is between the femoral condyles and the meniscus, as well as the tibial 

plateaus, while the patellofemoral joint is between the patella and femur.   

The patella is the biggest sesamoid bone in the human body and articulates with the 

femoral sulcus at the anterior part of the distal femur (Figure 2.1.1b) by the patellar 

tendon and quadriceps tendon (Figure 2.1.1a). The patellar tendon originates from the 

inferior border of the patella and travels distally to the tibial tubercle. The patellar tendon 

also travels proximally, wrapping the patella and merges with the quadriceps tendon at 

the superior anterior area of the patella. Loads on the quadriceps tendon are transmitted to 

the tibia through the patellar tendon.  
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(a) 

 
(b) 

Figure 2.1.1: Anterior view of the right knee joint: (a) with patella and 

muscles, (b) without patella and muscles (adapted from Gray 1924) [4] (Image 

use permitted by Creative Commons 

(https://creativecommons.org/publicdomain/mark/1.0/)) 

The ends of the distal femur are separated posteriorly by a gap, also called the 

intercondylar notch, whereas it is an intact bone in the anterior aspect. The medial 

condyle has a greater radius of curvature and is larger than the lateral condyle [1]. The 

ends of the proximal tibia are also split by a rough area and two bony spines [4]. The 

ends of each bone have articular cartilage covering the articulating surfaces. The articular 

cartilage is a porous solid allowing synovial fluid to permeate it. The articular cartilage 

and meniscus transmit loads in the tibiofemoral joint, while synovial fluid lubricates the 

cartilage to reduce wear [2]. The meniscus decreases the load and stress on the articular 

surface as well as the tibial plateau by increasing the contact area [3]. The meniscus are a 

pair of C-shaped fibril soft tissues (Figure 2.1.2) lying in the gap between the articular 

cartilage of the femur and tibia. The motion of the meniscus is restrained by multiple 

ligaments, such as transverse ligament, posterior meniscofemoral ligament and deep 

MCL connecting to the surrounding structures, so the meniscus will not be squeezed out 

under a large compressive load.  



 

 

10 

 

 

Figure 2.1.2: The top view of the meniscus (adapted from Gray 1924) [4] 

(Image use permitted by Creative Commons 

(https://creativecommons.org/publicdomain/mark/1.0/)) 

The femur and tibia are connected by various ligaments. There are four primary 

ligaments in the tibiofemoral joint. The anterior cruciate ligament (ACL), posterior 

cruciate ligament (PCL), medial collateral ligament (MCL) and lateral collateral ligament 

(LCL), each playing an essential role in knee rotation and displacement. The cruciate 

ligaments are situated at the middle of the joint and cross each other like the letter X. The 

anterior ligament (ACL) is responsible for restraint of the anterior translation (anterior 

shear) of the tibia with respect to the femur, whereas the posterior ligament (PCL) 

provides the primary restraint in posterior translation (posterior shear) of the tibia. Both 

cruciate ligaments have a role in restraining adduction and abduction rotations and can 

guide the rotation of the tibia. The medial collateral ligament (MCL) originates from the 

medial femoral condyle and inserts into the proximal tibia. The deep part of the MCL is 

inserted into the medial border of the medial meniscus (Figure 2.1.2). The MCL is 

primarily responsible for resisting valgus rotation. The lateral collateral ligament (LCL) 

originates from the lateral femoral condyle and travels distally to the fibular head. The 

LCL plays a critical role in resisting varus rotation. 

2.2 Frontal plane Tibiofemoral joint alignment 

The tibiofemoral angle is an alignment parameter for the lower limb. The tibiofemoral 

angle is formed by the intersection of the anatomical axis of the femur and the 

mechanical axis of the knee. The anatomical axis of the femur (Figure 2.2.1) is defined as 
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the line that is medially directed from the distal femur to the proximal femur end [5]. The 

anatomical axis of the tibia is the line directed from the center of the knee joint to the 

center of the ankle.  

 

Figure 2.2.1: The tibiofemoral angle is the intersection angle between the 

mechanical axis and anatomical axis. (adapted from Waterson 2014) [5] 

(Image use permitted by Creative Commons 

(https://creativecommons.org/licenses/by/4.0/)) 

The mechanical axis is defined as the weight-bearing axis of the lower extremity, which 

passes from the center of the hip to the center of the ankle [5]. In neutral alignment, the 

mechanical line should pass through the center of the knee between the intercondylar 

tubercles [8] or within a slight deviation from it. Excessive deviation of the mechanical 

line to the medial or lateral side of the knee has been taken to indicate the lower 

extremity is in varus or valgus rotation (Figure 2.2.2) [9].  
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Figure 2.2.2 Frontal malalignment: (a) Neutral aligned knees (b) Varus aligned 

knees; (c) Valgus aligned knees. (adapted from Xing 2010) [90] (Image use 

permitted by © 2011 IEEE) 

A standard tibiofemoral angle deviation is approximately 3 degrees in healthy patients [6-

7], so the femur is angled up to  3 degrees off the mechanical axis, creating a slight 

physiological valgus or varus angle at the knee. When the tibiofemoral angle is greater 

than 3 degrees, valgus aligned knees exist, also described as genu valgum (“knock 

kneed”). When the tibiofemoral angle is less than 3 degrees, the resulting abnormal knees 

are called genu varum (“bow legged”). Deviation of the tibiofemoral angle implies 

excessive loading on the medial or lateral compartment of the knee [8]. The standard 

deviation in tibiofemoral angle in osteoarthritis patients is 8 degrees [7]. During double-

leg support, the mechanical axis can simply be defined as the line travelling the ground 

reaction forces up. Therefore, loads through the knee are distributed equally to the medial 

compartment and lateral compartment. When a deviation of the mechanical axis to the 

medial or lateral side exists, the deviation increases the compressive load on the medial 

or the lateral compartment. Abnormally excessive loading on the cartilage can cause 

damage [11-12], leading to subsequent knee osteoarthritis (KOA). Also, local 

biomechanical factors can lead to KOA progression due to abnormal loading conditions 

[10]. Therefore, frontal plane malalignment is associated with the initiation and 

progression of KOA [13-15]. According to a previous study [15], populations with varus 
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aligned knees have higher risks of medial KOA, while people with valgus alignment have 

higher risks of lateral KOA. 

2.3 Axial plane lower-extremity alignment 

In the axial plane, torsional deformities of the femur or tibia can be measured, as shown 

in Figure 2.3.1. The femoral version (FV) is the angle between the femoral neck axis and 

the posterior condylar axis (PCL) [71-73]. If the angle value is positive, the femoral neck 

axis falls anterior to the PCL, which is called anteversion. Tibial torsion (TT) is the angle 

between the proximal tibial line and the bimalleolar line [72-73], with a positive value 

indicating the relative external rotation of the distal tibia to the proximal tibia.  

 

Figure 2.3.1: 3D models of measuring the rotational angles of femur or tibia in 

the axial plane. FV: femoral version. TT: tibial torsion (Adapted from León-

Muñoz 2021 [73]) (Image use permitted by Creative Commons 

(https://creativecommons.org/licenses/by/4.0/)) 

Malrotation is quantified and documented by previous clinical examinations, which is 

helpful for correlative osteotomies. Previous literature [74-78] has reported a wide range 

of normal femoral anteversion values from 6 to 24 and external tibial torsion values 

from 26 to 35, which are measured with CT, as summarised in Table 2.3.1 below. 

However, standard values are still controversial according to reported angle differences in 

previous studies [89]. Eckhoff et al. reported that patients with femoral anteversion 

greater than 23 suffered from anterior pain, while those with femoral anteversion of 18 

were pain-free in the control group [74]. 
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Table 2.3.1: Summary of normative rotation values in the axial plane 

Resource Number Age/years 
Femoral 

anteversion 
Tibial torsion 

[74] 20 Adult 187 ⎯ 

[75] 40 20-40 11.63.5 264.2 

[76] 10 20-64 12.43.8 ⎯ 

[77] 50 Adult males 
6.57.7(R) 

5.88.4(L) 

30.97.1(R) 

29.16.9(L) 

[78] 355 Adult 24.117.4 34.915.9 

Furthermore, a patient with combined excessive femoral anteversion and outward tibial 

torsion is described as having miserable malalignment [84,85]. In miserable 

malalignment, the squinting patellae (inward facing patellae) can be observed with the 

foot facing forward, while external tibial torsion can be seen with the patellae anterior 

(Figure 2.3.2). Also, extreme outward tibial torsion can be seen when a patient with 

miserable malalignment externally rotates their hips [85]. As a result, the typical 

symptom for axial plane malalignment in patients is anterior knee pain, since femoral 

anteversion and external tibial torsion increase patella tilt and subluxation, resulting in 

higher lateral patellar contact pressure and forces [74,79]. Also, both femoral anteversion 

and external tibial torsion result in a higher Q-angle, which is the angle of intersection 

between the pull line of the quadriceps and the line from the tibial tubercle to the mid-

point of the patella, leading to a larger lateral force on the patella [81, 82]. However, this 

influence may diminish as the flexion angle increases [83] as the tibia rotates internally 

with knee flexion. Except for anterior knee pain and patellar mal-tracking, patients with 

rotational malalignment of the femur and tibia experience hip and ankle pain [89]. 

Therefore, rotational osteotomy has been recommended by previous studies [80, 84, 86, 

87, 89] to relieve pain for patients with femoral anteversion and external tibial torsion. 

According to [80], the typical corrective angles are 25 and 30 in the femur and tibia, 

respectively. Similarly, the average corrective angle in the proximal tibia is 26 in [86]. 



 

 

15 

 

 

Figure 2.3.2 Miserable malalignment patient. A: the squinting patellae (inward 

facing patellae) can be observed with the foot facing forward; B: external tibial 

torsion can be seen with the patellae anterior (Adapted from Bruce et al. 2004) 

[85] (Image use permitted by Wolters Kluwer Health, Inc) 

Furthermore, rotation deformities have been proven to be correlated with higher knee 

adduction moments, which are indirect measurement of medial condyle force. Patients 

with medial knee osteoarthritis (KOA) have been found to have higher torsion deformity 

and higher knee varus moments during gait analysis [85]. External tibial torsion is 

positively associated with knee adduction moment [86] in subjects with moderate KOA. 

In addition, linear relationships between the frontal alignment and the rotational 

alignment of the distal femur and tibial torsion were reported in León-Muñoz et al. [73] 

and Bruce et al. [85] among patients with KOA. 

2.4 Biomechanics of squatting 

Squatting is a typical knee-straining posture and known as a risk factor for knee 

osteoarthritis (OA) [16]. Some occupations, including mining, construction, and 

manufacturing, require workers to keep their knees bending or frequent squatting [17-18] 

while athletes such as catchers have to squat repetitively when playing baseball or 

training [20]. As a result, these people are more likely to suffer from KOA [19]. 

McMillan et al. (2005) concluded that prolonged or frequent squatting, considered job 

risk factors, doubles the risk of KOA in the general population. In addition, squatting is a 

typical posture during daily living, such as going to the toilet and washing in the Middle 

East and Asian countries [21]. Therefore, an improved and comprehensive understanding 

of contact mechanics and knee kinetics during squatting is meaningful and supportive for 
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sports physicians, rehabilitation therapists and researchers [22]. Over the past few 

decades, numerous studies have been carried out to understand the biomechanics of the 

knee during squatting or weight-bearing activity using experiments or computational 

methods [23-29]. 

A typical free body diagram of the squatting motion [30] is shown in Figure 2.4.1. The 

flexion moment at the knee is equal to body weight (W) multiplied by the moment arm 

(d). The moment arm is defined as the perpendicular distance from the center of the knee 

joint to the weight-bearing axis. As the flexion angle (θ) increases, the moment arm 

increases, so the magnitude of the flexion moment (M) becomes greater. 

 

Figure 2.4.1: Free body diagram of moments during squatting. W: body 

weight; L: length of the leg; θ: flexion angle; d: moment arm; M: flexion 

moment (adapted from Cohen 2011) [30] (Image use permitted by SAGE) 

As the knee flexes and extends, the patella is pulled superiorly by the quadriceps tendon 

and is pulled inferiorly by the patellar tendon. However, the patella does not function as a 

simple pulley because the pull force is equal on both ends of the simple pulley. On the 

contrary, the tension in the quadriceps tendon is larger than the tension in the patellar 

tendon [31]. The combination of these two tensions generates compressive force on the 

femoral cartilage (Figure 2.4.2). As the knee flexes, the magnitude of the compressive 

force will increase [32]. The tendon force produces a flexion moment which equilibrates 

the body moment during squatting (Figure 2.4.1). 
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Figure 2.4.2: The compressive force (FPFJR) is the combination of the 

quadriceps tendon force (FQ) and patellar tendon force (FPT). As the knee 

flexion angle increases, the magnitude of the compressive force will increase 

(adapted from Sanchis-Alfonso 2006) [91] (Image use permitted by Springer 

Nature) 

Contact force can be measured by various methods such as models or instrumented 

implants. Models non-invasively determine contact forces based on measured kinematics, 

anthropometrics, and ground reaction forces and calculated kinetics [33]. Figure 2.4.3 

shows the model used to calculate tibiofemoral joint forces by Smith et al. (2008). This 

method is non-invasive and low-cost but makes numerous assumptions, such as the line of 

actions of muscle forces and contact tibiofemoral forces are parallel to the long axis of 

femur in the frontal plane (Figure 2.4.3), and the angles of patellar tendon and hamstring 

with respect to the long axis of tibia were assumed to be constants. Instrumented implants 

collect data directly and are more accurate. However, instrument implants are invasive and 

not used widely. 
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Figure 2.4.3: The force contributions for calculation of the contact force in the 

frontal plane (adapted from Smith 2008) [33] (Image use permitted by 

Elsevier) 

2.5 Computational modelling in biomechanics 

Although experimental methods can be used to examine knee joint mechanics, they are 

expensive and time-consuming when using a large number of specimens. Also, the 

scenarios and outputs of the experiment are limited. Thus, computational modelling has 

played an essential role in comprehensively understanding joint mechanics [34]. 

Computational models can obtain information that is difficult or impractical to test in 

experiments. There are two popular types of computational modelling methods in 

biomechanics: musculoskeletal modelling and finite element modelling. Musculoskeletal 

modelling is able to calculate the joint internal loads and contact forces by using 

experimentally obtained 3D motion and ground reaction forces. These forces provide an 

estimate of excessive loading, implying the risk of the initiation or progression of OA. 

However, musculoskeletal modelling cannot provide details of the stress and strain in soft 

as well as hard tissues, while the finite element model can [35].  

Finite element models have been widely used to quantify specific stresses and strains in 

different tissues [36]. Finite element models typically reconstruct the subject-specific 

geometries of tissues along with their realistic material properties. Although the manual 

segmentation of the complex geometry from CT or MR images is comparatively time-

consuming, the reconstructed model assigned with specific material properties increases 
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the fidelity of biomechanics of the joint in the finite element method. Compared to the 

musculoskeletal model, which linearly scales a general model to make a subject-specific 

model, the finite element model can be more accurate and patient-specific. However, 

compared to the finite element model, the musculoskeletal model is more 

computationally efficient [37] since it is based on rigid body mechanics. 

Based on different characteristics, model developers can choose either of the computer 

models or combine them. For example, using the combined scaled musculoskeletal model 

and subject-specific finite element model to examine the initiation and progression of OA 

during gait or walking [38, 39]. By applying the force, moment, translation and rotation 

exported from the musculoskeletal model as boundary conditions, the finite element 

model can quantify the detailed changes in stresses, strains and fluid pressures in specific 

tissues.     

2.6 OpenKnee Model 

2.6.1 Geometry and Mesh Development 

The finite element (FE) model comes from the partially validated three-dimensional 

whole knee-joint model from the OpenKnee project by Erdemir et al. at SimTK.org [40, 

41]. In this model, geometries (.IGES files) were reconstructed from magnetic resonance 

images (MRI) generated by a 1.0 Tesla extremity MRI scanner (Orthone, ONI Medical 

Systems Inc, Wilmington MA). During scans, the knee was in full extension. Enhanced 

contrast for articular cartilages and ligaments was provided by the scanning technique 

[42], which is a 3D incoherent gradient-echo sequence with fat suppression, Repetition 

Time (TR) = 30 𝑚𝑠, Echo Time (TE) = 6.7 𝑚𝑠, Field of View (FOV) =

150 𝑚𝑚 × 150 𝑚𝑚, Flip Angle 200°, Slice Thickness = 1.5 𝑚𝑚. The total scan time is 

approximately 18 minutes in 3 planes: frontal, sagittal, and axial. Geometries included 

two generations: Generation 1 included tibiofemoral joints, and Generation 2 included 

patellofemoral joints. Generation 1 consists of bones (distal femur, proximal tibia), 

cartilage (tibial, femoral), menisci (medial and lateral), cruciate ligaments (anterior and 

posterior), and collateral ligaments (medial and lateral). Generation 2 consists of the 

patella, patellar cartilage and patellar tendon. After merging two generations of the 



 

 

20 

 

OpenKnee model, knee components are shown, as in Figure 2.6.1. The donor of the 

cadaver here was a 70 year old female (77.1 kg, 1.68 m). Table 2.6.1 shows the specimen 

details. 

 

Figure 2.6.1: OpenKnee model components labelled.  

Table 2.6.1: Specimen Details 

Side Right 

Donor Age 70 years 

Donor Estimated Body Weight 170 lbs (77.1 kg) 

Donor Height 5'6” (1.68 m) 

Donor Gender Female 

Donor Cause of Death Pneumonia/Cancer 

The mesh was generated using TrueGrid (XYZ Scientific, Livermore, CA) based on the 

three-dimensional models from MRI. All soft tissues were meshed using hexahedral 

elements, while the bones were quadrilateral shell elements. The meshed model 

contained 103,360 nodes and 86,544 elements in total. A Mesh convergence study was 

performed considering the articular cartilage mesh because of the research focus on 

contact mechanics [41]. This study confirms that model predictions are not a function of 

mesh density.  

Furthermore, the meshed model could be readily imported into FEBio for pre-processing 

and simulation.  FEBio is an implicit, nonlinear finite element solver that is specifically 

designed for applications in biomechanics [43]. In this study, simulations were set to 
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conduct quasi-static analysis in FEBio, in which the inertial response of the system was 

ignored. 

2.6.2 The Coordinate System in OpenKnee Model 

The coordinate system of the OpenKnee model is consistent with the widely accepted 

coordinates defined by Grood and Suntay [44]: the x-axis is the flexion axis; the y-axis is 

the anterior-posterior axis; the z-axis is the mechanical axis. The coordinates originate at 

the mid-point of the medial and lateral condyle. The quadriceps angle (Q-angle) of this 

model was defined as 14.1 degrees [45]. The Q-angle is the interaction angle between the 

line from the anterior superior iliac spine (ASIS) to the mid-point of the patella and the 

line from the tibial tubercle to the mid-point of the patella. The 14.1 degree angle was 

achieved by rotating the model 5.3 degrees since the initial Q-angle was 8.8 degrees in 

the original coordinates (same as MRI coordinates). 

2.6.3 Material Properties 

The bones (tibia, femur and patella) are considered rigid bodies due to their high stiffness 

compared to other soft tissues in the knee [46-48]. The rigid body is implemented in 

FEBio by defining the center of mass that is a reference point for all other nodes of the 

rigid body. The motions (rotations and translations) of the reference point describe all 

kinematics of the bone as a rigid body. In this way, no strain and stress occur within the 

rigid body. Thus, the number of equations is significantly reduced in the simulation. 

Cartilage is viscoelastic in nature. However, compared to the viscoelastic time constant of 

cartialge (1500 s) [49], the loading time in this study was shorter. Therefore, all articular 

cartilages (femoral, tibial and patellar) are considered as linear and isotropic elastic 

material with Young’s modulus of E = 15 𝑀𝑃𝑎 and a Poisson ratio of μ = 0.475, similar 

to previous studies [50, 51]. A nearly incompressible Neo-Hookean material was chosen 

to define cartilages. The parameters for cartilages are shown in Table 2.6.2. In FEBio, 

setting C2 in Mooney-Rivlin (uncoupled) material [52] to zero can use Neo-Hookean 

material, with the strain energy function as follows: 
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Ψ = 𝐶1(𝐼1 − 3) + 𝐶2(𝐼2 − 3) +
𝐾

2
(ln 𝐽)2                                  (1) 

Where, 

C1 and C2: Mooney-Rivlin material coefficients. 

*by setting C2 to zero, the ground substance is Neo-Hookean material. 

Ĩ1 and Ĩ2: Invariants of the deviatoric right Cauchy-Green deformation tensor. 

K: Bulk modulus 

𝐽: Determinant of the deformation gradient tensor 

Table 2.6.2: Material parameters for cartilage 

C1(MPa) C2(MPa) K(MPa) 

2.54 0 100 

Although menisci is viscoelastic, similar to cartilage, menisci is reasonably defined as a 

homogeneous and transversely isotropic material with the circumferential modulus E1 =

125 𝑀𝑃𝑎, radial modulus 𝐸2 and compressive modulus 𝐸3, both equal to 27.5 𝑀𝑃𝑎 [53]. 

In FEBio, the material called Fung Orthotropic material was used. The material constants 

are shown in Table 2.6.3 below. 

Table 2.6.3: Material constants for the meniscus 

E1 𝐸2 𝐸3 𝜈12 𝜈23 𝜈31 𝐺12 𝐺23 𝐺31 𝑐∗ 𝐾∗ 
125 27.5 27.5 0.1 0.33 0.1 2.0 12.5 2.0 1.0 10.0 

*Currently, K and c have no effect on material behavior.  They are set for FEBio syntax 
compliance. 

Each horn of the meniscus was attached to the tibial plateau via tension-only linear 

springs to simulate horn attachments, as shown in Figure 2.6.2. Each node (88 nodes on 

each horn) on the horn face was connected to the corresponding node on the tibial 

plateau. The total stiffness of each horn was approximately 2000 N/mm, and each spring 

stiffness was 22.73 N/mm [50].  
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Figure 2.6.2: The top view of the meniscus 

Anatomically, ligaments are highly anisotropic due to their fibrous alignment in diversity. 

Cruciate ligaments (ACL and PCL), collateral ligaments (MCL and LCL) and patellar 

tendons are defined as closely incompressible, transversely isotropic hyperelastic 

materials. This type of material represents the collagen behaviour of the ligaments, which 

offers primary resistance to tensile loading [55]. Collagen fibers are mostly aligned to the 

long axis of the ligaments. Thus, the fiber orientations of ligaments and tendon in this 

model were modelled across their longitudinal axis. The material called uncoupled 

transversely isotropic Mooney-Rivlin was chosen, including a Neo-Hookean ground 

substance and fiber component as the following strain energy function [52]: 

W = Ψ + 𝐹(𝜆̃)                                                         (2) 

With 

𝜆̃
𝜕𝐹

𝜕𝜆̃
= {

0

𝐶3(𝑒𝐶4(𝜆̃−1) − 1)

𝐶5 + 𝐶6𝜆̃

  

𝜆̃ < 1
1 ≤ 𝜆̃ < 𝜆𝑚

𝜆̃ ≥ 𝜆𝑚

                                      (3) 

Where, 

Ψ: The equation shown in Eq.(1)  

C3: Exponential stresses scale 

C4: Rate of uncramping fibers 

C5: Elastic modulus of the straightened fibers 

λm: Stretch where the fibers start to be straightened. 
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The material parameters for the ligaments and the tendon agreed with previous studies 

[46, 54], as shown in Table 2.6.4.  

Table 2.6.4: Material parameters for the ligaments and tendons 

 𝐶1 𝐶2 𝐶3 𝐶4 𝐶5 𝜆𝑚 K 

ACL 1.95 0 0.0139 116.22 535.039 1.046 146.41 

PCL 3.25 0 0.1196 87.178 431.063 1.035 243.9 

MCL 1.44 0 0.57 48 467.1 1.063 793.65 

LCL 1.44 0 0.57 48 467.1 1.063 793.65 

PT* 2.75 0 0.065 115.89 777.56 1.042 206.61 

*Quadriceps tendon and patellar tendon are a whole model in the OpenKnee model. 

The medial patellofemoral ligament (MPFL) [56-58] and lateral patellofemoral ligament 

(LPFL) [59] were modelled as two tension-only springs. The stiffness of the MPFL was 

50 N/mm [57, 58] in total and 25 N/mm for each. The stiffness of the LPFL was 16 

N/mm [60] in total and 8 N/mm for each.  

2.6.4 Contact Definitions 

Soft tissues (ligaments, tendons and articulations) were attached to the bones by defining 

the rigid boundary condition in FEBio. In this formulation, the nodes on the attached 

surface were defined as a rigid-node set and the node set was attached to a rigid body. 

Thus, all the degrees of freedom on the attached faces of the ligaments (tendons) or 

articulations were constrained to the reference point of the corresponding rigid body. 

A frictionless, finite sliding contact formulation was defined for all articulations, which is 

well-established by previous studies [46, 50]. This condition was achieved by defining a 

two-pass, sliding-elastic penalty algorithm in FEBio [52]. The two-pass algorithm in 

FEBio could resolve the potential mismatches of mesh quality, so the master and slave 

surface definition is arbitrary. In the two-pass algorithm, first surface A is the master 

surface while surface B is the slave surface, and next surface A is the slave surface while 

surface B is the master surface. The average value of the two integrals was set to be the 

contact integrals. The penalty algorithm calculated the contact tractions that prevented the 

two interfaces from penetrating based on the penalty factor. Convergent contact was 
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achieved by prescribing a penalty factor of 1 MPa/mm, so it was used for all contact 

definitions.   

Thirteen contact pairs were defined to represent physiological mechanical interactions 

between femoral cartilage and tibial cartilage surfaces (both lateral and medial parts), 

between patellar cartilage and femoral cartilage surfaces, between meniscus and femoral 

cartilage surfaces (both lateral and medial parts), between meniscus and tibial cartilage 

surfaces (both medial and lateral parts), between ACL and PCL, between MCL and tibia, 

between LCL and tibia, between MCL and femur, between LCL and tibia and between 

quadriceps tendon and femoral cartilage. 

Contact force is defined as the net contact force across the contact interface, which is 

evaluated by integrating the contact traction over the contact surface. Contact traction 

vectors are evaluated at contact surface faces. 

2.6.5 Previous Studies 

A passive flexion simulation was conducted with the OpenKnee model to illustrate the 

ability of the model to predict joint kinematics and soft-tissue deformations [68, 69]. To 

compare simulation data with published experimental data, the tibia was fixed while the 

femur was flexed up to 100 degrees. Furthermore, the remaining rotations and 

translations of the joint model were left unconstrained during the simulation. The loading 

conditions were the same as the previous study by Wilson et al. (2000), in which 15 knee 

specimens were tested [67]. The rotations of the femur and the translations of the tibial 

insertion of the anterior cruciate ligament (ACL) were examined in the simulation and 

compared with the experimental data. The overall agreement between predicted and 

experimental data was reasonable. In conclusion, this model has the potential to examine 

the effect of a major structure on coupled movements of the knee and tissue deformations 

by changing ligament properties or removing a structure. 

The OpenKnee model has been used to examine the effect of meniscectomy on joint 

movements and cartilage deformations [68, 70]. In a simulation, the femur was 

prescribed a flexion angle of 45 degrees under a 100 N compressive load, while the 

remaining rotations and translations of the joint were set free. Under these loading 
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conditions, the simulations were conducted with an intact knee model and with the knee 

model removing the medial and lateral meniscus. In the experiment, the concentrated 

contact regions and increased deformations at central tibial cartilage in the model with 

meniscectomy were observed as expected. This simulation shows that the OpenKnee 

model can be used to study the impact of the clinical intervention. 

Anterior cruciate ligament (ACL) deformations have been examined by simulating an 

anterior drawer test with the OpenKnee model [68, 71]. The anterior drawer test is 

simulated by fixing the tibia and applying a 100 N posterior force on the femur, while the 

knee joint is under 0 and 30 degrees of flexion. In the simulation, the translation of the 

knee and the deformation of the ACL were compared with the experimental data from the 

specimen used for the development of the OpenKnee model. This simulation allowed the 

OpenKnee model to examine the soft tissue mechanical functions with desired loading 

conditions.  

Wangerin et al. (2013) developed an FE model based on the OpenKnee model to predict 

osteochondral tissue stress and strain during the stance phase of gait [41]. In the 

simulation, the loading boundary conditions were decided by a published OpenSim 

model, which was developed from a specimen with a similar height to the specimen used 

for the OpenKnee model. The model was validated by comparing the predicted timing 

and locations of maximum contact parameters (contact area, contact pressure and strain) 

with published studies.  

2.6.6 Theory of in situ strains in FEBio 

In situ strains (or stresses) usually exists in vivo in biological soft tissues such as 

ligaments, tendons and muscles. These strains (or stresses) can be relieved by cutting or 

removing tissues from the body. After cutting or removal of the tissues, the retraction of 

the living tissue can be observed, yielding a stress-free configuration. Computational 

geometries of the soft tissues are usually obtained in vivo, and thus, considering them as 

stress-free is not reasonable. Previous studies have demonstrated that these strains are 

essential to the stability of the joints [46, 61]. Therefore, initial strains of soft tissues in 

the computational model are necessary to obtain predictive joint mechanics accurately. 
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The framework implemented in FEBio aims to apply pre-strain directly on the initial 

reference configuration without the knowledge of the stress-free configuration. To 

achieve this, the framework (Figure 2.7.1) is based on the theory proposed by Johnson 

and Hoger (1995) [63]. The total elastic deformation gradient 𝐹𝑒 is defined to describe the 

deformation from the stress-free to the current loaded configuration. 𝐹𝑒 is determined by 

a multiplicative decomposition, 

𝐹𝑒 = 𝐹𝐹𝑃                                                           (4) 

Where 𝐹 is the gradient of the deformation by applying load on reference configuration, 

and 𝐹𝑃 is the deformation gradient of local mapping 𝜑(𝑋) from the stress-free to 

reference configuration, 𝐹𝑃 is also called the pre-strain gradient. 

 

Figure 2.7.1: The relationship between stress-free configuration, reference 

configuration under initial strain, and current loaded configuration (adapted 

from Maas 2016 [62]) (Image use permitted by Elsevier) 

By defining an initial estimate of 𝐹𝑃, it is possible to obtain the total deformation gradient 

𝐹𝑒. This is convenient for soft tissues, like ligaments. As it is challenging to obtain the 

complete pre-strain gradient of ligaments from experiment data, therefore, when 

measuring a ligament strain, fiber stretch 𝜆𝑝 is usually measured [64-66]. But 

assumptions are necessary to estimate the special form of the pre-strain gradient 𝐹𝑃(𝜆𝑝) 

according to Weiss et al. (2005) [64]. It is assumed that the material is incompressible 

and the fiber stretch is along the direction of the fibers. Also, it is assumed that the 

material is transversely isotropic and fiber-dominated under load. Therefore, with the 
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initial fiber stretch and satisfied assumptions, the pre-strain gradient can be calculated as 

follows: 

𝐹𝑃 = 𝑄 [

𝜆𝑝 0 0

0 𝜆𝑝
−1/2 0

0 0 𝜆𝑝
−1/2

] 𝑄𝑇                                   (5) 

Where Q is the rotation matrix between the local and the global coordinate frame. 

However, the drawback of this pre-strain gradient approach is the distortion of geometry 

in the current state due to assumptions, which implies that the strains in the current 

configuration are not accurately prescribed [46, 64]. Therefore, the framework in FEBio 

provides an iterative algorithm updating the pre-strain gradient and updating rules 

eliminating distortion [62]. 
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Chapter 3  

3 The Development and Parametric Analysis of a full-leg 
squat model 

3.1 Introduction 

Sensitivity analysis in computational modelling is generally used to determine which 

parameters will make a significant difference in the behaviour of the model. Sensitivity 

analysis is an essential tool for model simplification, optimization design, robust design, 

decision-making, and simulation model validation [9, 10]. The analysis methods used for 

a simulation model varied due to different purposes, which implies that sensitivity 

analysis methods vary across different simulations for multidisciplinary fields, including 

engineering design (like aerospace and the electronics industry) and economics [11, 12].  

The sensitivity analysis in this chapter is concerned about the variations of outputs, 

including load distribution, contact force, and muscle forces, due to varieties and 

uncertainty of input parameters, such as the lower limb alignment and in situ strains, which 

are subject-specific. Some of these inputs were influenced by modellers’ assumptions or 

measurement unreliability. Thus, sensitivity analysis is used to study the influence of these 

uncertainties of inputs to inform the modeller about which inputs should be carefully used.  

Previously, the results of contact force, stress, and force within ligaments were proven to 

be related to initial strains in ligaments [1, 48-50]. Models with subject-specific ligaments 

strains had fewer errors to experimental data compared to models with generic strains 

under laxity tests [50]. Also, the model an ACL initial strain is in a better agreement in 

resultant force with experimental data under flexion compared to the stress-free model 

[48].  

In healthy patients, the standard deviation of neutral alignment is 3, thus, the lower limb 

alignment from the musculoskeletal model was deviated in this chapter to investigate the 

varied outputs in the FE model, such as contact distribution. Moreover, the results were 

compared to published data, so errors in the models with different frontal alignments to 

the published data were reported. In addition, the contact forces in the patellofemoral and 

tibiofemoral joint were found to be correlated to the thickness and position of the patella 
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[21,24,39]. In [21], the tibiofemoral contact force was positively correlated to the 

moment arm of quadricep force. Also, a previous study [39] reported that both thickness 

and superior position of the patella are positively correlated to the patellofemoral contact 

force. 

Therefore, the purposes of this chapter are: (1) to develop a full-leg squatting model 

using initial parameters; (2) to investigate the influence of in situ strains under valgus-

varus torque; (3) to investigate the varieties of outputs, including force distribution in the 

tibiofemoral joint, total contact loads in the tibiofemoral joint and patellofemoral joint 

and muscle forces due to uncertainties of inputs, including in situ strains, tibiofemoral 

alignment in the frontal plane, patella thickness and superior patella during squatting; and 

(4) to compare the results in parametric studies with published data from previous studies 

and use desirable parameters to build a reference model for the next chapter. 

3.2 Initial Model Development 

3.2.1 Generic Model Modification 

Based on a musculoskeletal model, the lower-extremity components were added to the 

FE model. Due to anatomy or numerical problems, modifications of LCL and lateral 

femoral cartilage in FE model were made to develop a full-leg squatting model with up to 

90 degrees of flexion. 

3.2.1.1 A Full Leg Model 

To simulate a full-leg squat motion, more information about the lower leg of the subject 

was necessary to revise the FE model. However, the MRI of the OpenKnee model only 

includes the distal femur, proximal tibial, patella and the soft tissues among these three 

bones. Thus, a lower extremity musculoskeletal model was needed to determine the 

proximal insertion site of the quadriceps muscle, hip center, and ankle center (Figure 

3.2.1).  
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Figure 3.2.1: The generic lower extremity musculoskeletal model (adapted 

from Lenhart 2015) [4] (Image use permitted by Springer Nature) 

An OpenSim model from Lenhart et al. (2015) was selected due to the similar gender and 

height with the subject of the OpenKnee model [4]. So the coordinates of proximal 

quadriceps, hip center and ankle center derived from the musculoskeletal model were 

used in the FE model. Three rigid bodies were defined in the finite element model in 

FEBio software: hip center, ankle center and proximal quadriceps insertion. Their 

coordinates in OpenSim were adjusted to align with the coordinates in the finite model, 

where the origin of the global coordinates was the joint center. The proximal quadriceps 

insertion was connected to the end of the 3D quadriceps tendon mesh by a linear spring 

(k=15,000 N/mm) to simulate the quadriceps [1]. The 3D quadriceps tendon mesh 

originated from the OpenKnee model (as explained in 2.6.1). In addition, to simulate the 

quadriceps wrapping around the femoral cartilage during flexion, the proximal edge of 

the 3D model of the quadriceps tendon was extruded along the normal direction with 

respect to the surface of the 3D-shaped quadriceps tendon. Moreover, the extruded model 

could improve the contact condition between the inner face of the quadriceps tendon and 

the femoral cartilage during squatting. When the knee squats over 40 degrees of flexion, 

the inner face of the quadriceps tendon starts contacting the femoral cartilage, wrapping 

around the femur during 40⁰ to 90⁰ squatting, as shown in Figure 3.2.2. 
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Figure 3.2.2: The FE knee model with extruded quadriceps tendon at 40 

degrees of flexion, when the quadriceps tendon starts contacting the femoral 

cartilage. 

3.2.1.2 Articular cartilages 

When the flexion angle is greater than 80 degrees, a convergence problem occurs in the 

contact pairs between the femoral cartilage and lateral meniscus. In the weight-bearing 

flexion simulation, the lateral edge of the femoral cartilage curled up over 80 degrees of 

flexion, as shown in Figure 3.2.3. One reason for this was that the sharp corners of the 

lateral femoral cartilage and the inner part of the meniscus were not smoothing. 

According to the finite element contact guide [5], sharp corners in the target surface can 

result in convergence problems in a large sliding simulation. Another reason for 

convergence difficulties can be that the contact surface definition does not extend far 

enough to account for the expected motions of the contacting parts. Contact along the 

perimeter of the master surface should be avoided [6]. When a slave node falls off the 

master surface in one iteration, it could be trapped in contact in the next iteration. This 

phenomenon is known as chattering, which results in convergence problems. To solve 

this problem, the lateral surface of the femoral cartilage can be extended far enough to 

satisfy the sliding motions during the knee bend. The contact convergence problem was 

solved with the extended posterior area of the femoral cartilage and the contact pairs 

worked well at over 80 degrees of flexion. The refined lateral femoral cartilage and 

lateral meniscus at 90 degrees of flexion are shown in Figure 3.2.4. 
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Figure 3.2.3: The initial femoral cartilage curled up over 80 degrees of flexion. 

 

Figure 3.2.4: The refined lateral contact pair between femoral cartilage and 

meniscus at 90 degrees of flexion 

3.2.1.3 LCL 

Testing ten specimens with an average age of 61 years old (range from 50 to 71 years 

old), Meister et al. (2000) reported the mean measurement data of lateral collateral 

ligament (LCL) in full extension and the locations of femoral insertion [2], as shown in 

Figure 3.2.5. The average total length of the LCL from the most superior part of the 

femoral attachment to the most inferior part of the fibular attachment was 66.6 ± 6 mm 

(ranging from 55 to 72 mm). The location of the center of the femoral insertion of the 

LCL was determined by the value of line B (femoral attachment center to inferior lateral 

condyle border) and line C (femoral attachment center to posterior lateral condyle border) 

in Figure 3.2.5b, which equal 20.3 mm (ranging from 18 to 23 mm) and 19.5 mm 

(ranging from 16 to 23 mm), respectively. 
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(a)  (b)  

Figure 3.2.5: Average measurement data of the LCL: (a) the average 

dimensions of the LCL; (b) the locations of the femoral attachment. (Adapted 

from Meister 2000) [2] (Image use permitted by SAGE) 

Espregueira-Mendes et al. (2005) also reported average data of the LCL from 

measurements of 20 cadavers [3], with an average age of 50 years old (ranging from 35 

to 64 years old). When the knee was in full extension, the mean length of the LCL was 

63.1 mm, ranging from 55 to 71 mm. The location of the femoral attachment is shown in 

Figure 3.2.6. The distance between the most inferior side of the femoral attachment and 

the inferior articular surface of the lateral condyle was 22.7 mm (ranging from 18-33 

mm). The distance between the most anterior side of the femoral attachment and the 

posterior border of the lateral condyle was 31.8 mm (ranging from 28 to 36 mm). The 

distance between the inferior side of the femoral attachment and the most posterosuperior 

part of the lateral condyle was 12.9 mm (ranging from 10 to 18 mm) 

 

Figure 3.2.6: The location of the femoral attachment. (Adapted from 

Espregueira-Mendes 2005) [3] (Image use permitted by Springer Nature) 
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According to the LCL anatomy, the geometry in the FE model was revised, as shown in 

Figure 3.2.7. The length of the LCL in the OpenKnee model was 30.05 mm, which is 

much lower than the published value in previous literature. Thus, the LCL was 

lengthened by maintaining the insertion site of the fibula as well as maintaining the angle 

between the longitudinal axis of LCL and the inferior-superior axis. After revision, the 

length of the LCL was 46.11 mm, while the distance between the inferior side of the 

femoral insertion face and the most inferior part of the lateral condyle was 20.61 mm. In 

addition, the distance between the anterior side of the femoral insertion face and the most 

posterior part of the lateral condyle was 24.2 mm.  

(a)  (b)  

Figure 3.2.7: The dimension of the LCL: (a): the geometry of the LCL in the 

OpenKnee Model; (b): the dimension of the LCL after revision. 

3.2.2  Loads and Boundary Conditions for Valgus-Varus Torque 

To compare the model with pre-strain and the model without pre-strain, 10 Nm valgus 

torque and 10 Nm varus torque were simulated. This is because valgus-varus rotational 

kinematics play an important role in observing the influence of lower limb alignment in 

the frontal plane [49]. During the simulations (Figure 3.2.8), the femur was fixed while 

the tibia was only constrained in flexion-extension rotation and prescribed valgus or 

varus torque with respect to the femur. Otherwise, the tibia was free. The hip center and 

ankle center were locked rigidly to the femur and tibia, respectively. In addition, the 

proximal insertion of the quadriceps tendon was fixed while the patella was left 

unconstrained. 



 

 

43 

 

 
(a) 

 
(b) 

Figure 3.2.8 Boundary conditions descriptions for varus and valgus 

rotation. (a) Posterior view of the knee joint applied with varus and valgus 

torque on the tibia while the femur was fixed; (b) A series of cylindrical 

joints connecting femur and tibia. Each cylindrical joint allows one 

rotational degree of freedom about an axis and another translational degree 

of freedom along that axis. 

3.2.3  Loads and Boundary Conditions for Squatting 

Before applying loads, the pre-strain was applied to each ligament when the knee was in 

full extension. Thus, all loads were applied to the pre-strained knee joint, which is more 

realistic. In the squatting simulation, all rotations and translations of the femur were 

rigidly constrained, while the tibia and patella were left unconstrained. The hip center (a 

rigid body) was also rigidly locked with respect to the femur, preventing relative motions 

between them. Similarly, the ankle center (a rigid body) was rigidly locked to the tibia. In 

addition, the proximal end of the actuator (quadriceps tendon) was fixed except 

prescribed translation in the superior-inferior direction to change the length of the 

actuator. The model was not constrained. 

During the simulations (Figure 3.2.9), the hip center was loaded with a gravitational force 

of 377.79N, which equals half the bodyweight of the donor (at a weight of 77.1 kg) for 

this finite element model. The gravitational force applied to the hip center was always 
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directed to the ankle center throughout the simulation. Before applying this gravitational 

force, the tibia was flexed at a slight angle (smaller than 10 degrees) by prescribing a 

flexion moment while the end of the actuator was fixed. Then, the gravitational force was 

incrementally applied by defining a linear load curve while removing the flexion 

moment. In this way, the knee model was approximately in balance while applying the 

gravitational force. This was helpful to avoid potential numerical problems. 

The gravitational force was the only external force applied to the model and it generated 

a moment on the joint center since the end of the actuator (quadriceps tendon) was 

constrained. Thus, a resultant actuator force was produced by a counterbalance of the 

moment of gravitational force with the quadriceps tendon. Furthermore, compared to 

prescribed quadriceps muscle force in traditional squatting simulations, the quadriceps 

force was a resultant value in this study. After successfully applying the gravitational 

force, the model was in balance. The flexion angle was not prescribed during the next 

step, but the length of the actuator (quadriceps tendon) was changed. By increasing the 

length of the actuator (quadriceps tendon), the flexion angle increased as a result of the 

applied gravitational force. 

 

 

(a) (b) 

Figure 3.2.9 A full-leg squat model (a)Sagittal view of boundary conditions 

depictions. (b) A series of cylindrical joints connecting the femur and tibia.  
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3.3 Parametric Analysis Design Methods 

In general, there are various approaches to performing sensitivity analysis. Commonly, 

sensitivity analysis is distinguished by how the inputs are conducted. The simplest and 

most common method for sensitivity analysis is one-at-a-time (OAT), which focuses on 

the difference of outputs resulting from deviations of the inputs from their normal values. 

Essentially, several input factors are of interest in sensitivity analysis, but only one 

parameter varies at a time during OAT analysis while other parameters are fixed at their 

normal values. However, the OAT approach cannot show the interactions between and 

across the input parameters [13]. Furthermore, the difficulty with this OAT method is that 

it is expensive and time-consuming. For example, when considering a situation with 

thirteen factors on three levels for each factor, the OAT method would require 313 or 

1,594,323 trials. As an alternative method, the Taguchi’s method can provide an efficient 

way to process variance-based sensitivity analysis [14-16]. For example, the case with 

thirteen factors on three levels mentioned above could be conducted with only 27 trials 

using a classic orthogonal array L27 (3
13) with the Taguchi’s method [17]. Also, this 

method requires that all the parameters are independent of each other, which means 

interactions among the parameters are significantly weak [16]. 

3.3.1  Design of in situ Strains Sensitivity Analysis 

The initial strains for ligaments were defined as data from the previous study [1], as 

shown in Table 3.2.1. For the simulation without initial strains, the in situ strains were 

equal to 0%. The models with and without in situ strains were loaded in two scenarios: 

(1) 10 Nm valgus torque and (2) 10 Nm varus torque. The rotational kinematics and 

contact forces were compared between the pre-stressed and stress-free models under 

different loading scenarios. 

Table 3.2.1: The initial strains defined in ligaments and tendons 

ACL PCL MCL LCL PT Resource 

0.08 0.0 0.03 0.06 0.02 [1] 
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3.3.2  Design of Lower Limb Alignment Parametric Analysis 

The inputs parameters of uncertainty were chosen to investigate the variation in 

tibiofemoral contact force distribution: the medial-lateral coordinate of hip center 

(MLHip), the medial-lateral coordinate of ankle center (MLAnkle), and the medial-lateral 

coordinate of the proximal center of quadriceps muscle (MLQuads), as shown in Figure 

3.3.1. These parameters were taken from the OpenSim model, which was developed by a 

different specimen from the one used to develop the OpenKnee model. So, these 

parameters could disturb the lower limb frontal alignment in the initial model and 

influence the medial ratio of tibiofemoral contact force.  

 

Figure 3.3.1 Frontal view of the full-leg FE model. The frontal alignment could 

be disturbed by varying the value of the medial-lateral coordinate of hip center 

(MLHip), the medial-lateral coordinate of ankle center (MLAnkle), and the 

medial-lateral coordinate of the proximal center of quadriceps muscle 

(MLQuads). 

Sensitivity analysis was performed in this study using the Taguchi’s method of 

orthogonal arrays, which analysts usually use in engineering designs of experiments and 

simulations [12,14-16]. This method was chosen for its reasonable number of trials and 

low computational cost. The chosen parameters of uncertainty were introduced as factors 



 

 

47 

 

in the Taguchi’s method, which were independent of each other with no interactions. 

Seven levels were determined for each factor, which means a factor was changed from 

level one to seven. Each level for the factor had 5 mm medial translation as an increment. 

Therefore, the L49 matrix (Appendix a) was used for parametric study design in this 

model [18], which means that 49 different combinations were conducted in the 

simulation study. In Appendix a, the first combination shows that the coordinate of the 

hip center, proximal quadriceps insertion, and ankle center was translated medially 5 mm 

for each in the model. Since the parametric study aimed to examine the influence of the 

changed inputs of uncertainty on the outputs, the medial force ratio was output as the 

result of the Taguchi’s method and compared to the experimental data from previous 

publications. A combination of the lowest RMSE between the predicted and experimental 

results was chosen to optimise the model parameters. 

The medial contact force ratio (Rmf) in the tibiofemoral joint was output at every ten 

degrees of flexion from 20 to 90 degrees for each simulation in Appendix a. Then, the 

root-mean-square error (RMSE) between the predicted results in each simulation and the 

experimental results in the in vivo study by Kutzner et al. (2017) was calculated for each 

simulation, using the equation below:   

𝑅𝑀𝑆𝐸 = √
1

𝑁
∑(𝑅𝑚𝑓,𝑖 − 𝑅𝑘,𝑖)

2
𝑁

𝑖=1

 

Where,  

𝑅𝑚𝑓,𝑖 is the predicted medial force ratio at the i-th increase ten degrees from 20 to 90 

degrees of flexion in simulation. 

𝑅𝑘,𝑖 is the experimental medial force ratio at the i-th increase ten degrees from 20 to 90 

degrees of flexion in the study of Kutzner et al. (2017). 

𝑁 is the total number of observations. 
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3.3.3  Design of Patella Thickness and Position Parametric Analysis 

According to the free body diagram of moments during squatting (Figure 3.3.2), the 

moment produced by the bodyweight at a flexed position equals the moment produced by 

the reaction force of the quadriceps muscle [24]. The reaction force of the quadriceps 

muscle increased as the flexion lever arm increased since the lever arm of the quadriceps 

was assumed to be a constant. In a previous study [21], the negative relationship between 

the moment arm of quadriceps muscle force and the tibiofemoral contact force was 

reported during squatting. Therefore, the hypothesis was put forward in this study that the 

quadriceps muscle force will decrease as the moment arm of the quadricep force 

increases, resulting in tibiofemoral force decreasing. To observe the sensitivity of 

tibiofemoral contact force, the quadriceps moment arm can be increased by increasing 

patellar thickness. In addition, the length of the patellar tendon was increased to increase 

the patellar position superiorly. It was hypothesised that the quadriceps muscle force may 

be altered as the patellar position changed.   

 

Figure 3.3.2: The free body diagram of moments during squatting. The 

reaction force of the quadriceps muscle force increased as the flexion lever 

arm of the body weight increased (Adapted from Sanchis-Alfonso 2006) [24] 

(Image permitted by Springer Nature) 

The thickness of the patella (Figure 3.3.3a) in the initial model was measured in the axial 

view. The thickness of the patellar cartilage was included in the thickness of the patella, 

which corresponded with previous studies [26]. The length of the patellar tendon (Figure 
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3.3.3b) was defined as the distance from the tip of the patella apex to the proximal edge 

of the patellar tendon attached to the tibia [26]. Some previous studies reported the 

measurement of the patella and patellar tendon (PT) using MRI since MRI measurement 

has been proven to be accurate and reliable in estimating the geometry of the patella in its 

natural state [26-28]. A summary of these studies is shown in Table 3.3.1. In this table, 

the average length of the patellar tendon in [27] was 20 mm longer than the average value 

in [26] because the measurement in [27] used the distance from the tip of the patella apex 

to the distal edge of the patellar tendon attached to the tibia, while the measurement in 

[26] used the proximal edge of the patellar tendon attached to the tibia.  

(a)  (b)  

Figure 3.3.3: The measurement of the patella. (a): The thickness of the patella; 

(b): The longitudinal length of the patellar tendon. 

Table 3.3.1: The reported patellar thickness and length of the patellar tendon 

Resource 
Mean patellar thickness (SD) / mm Mean length of PT (SD) / mm 

Total Male Female Total Male Female 

[26] 22.3 (1.9) 22.7 (1.8) 20.4 (1.2) 40.2 (4.2) 40.7 (4.2) 38.0 (3.4) 

[27] 21.7 (1.3) -- -- 64.2 (4.4) -- -- 

[28] -- 23.8 (1.4) 21.7 (1.4) -- -- -- 

The patella thickness (T) and the longitudinal length of the patellar tendon (H) in the 

initial model were approximately 21 mm and 26 mm, respectively. In parametric study, T 

and H were increased one at a time by 5 mm and 10 mm, while always keeping the lower 

limb alignment in initial values. As a result, the outputs, including tibiofemoral contact 

force, patellofemoral contact force, quadriceps muscle force and patellar tendon force, 

were investigated and compared with data in the initial model and previous publications.   
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3.4 Result 

3.4.1  Sensitivity to in situ strains 

The relationship of torque and rotation angle is shown in Figure 3.4.1. In the pre-strain 

model, the torque-rotation response was apparently stiffer than the model without pre-

strain.  

 

Figure 3.4.1: Valgus-varus rotation angles under 10 Nm torque for the 

simulation with pre-strain and without pre-strain. 

Compared to the previous literature [7, 8], the torque-rotation response under 10 Nm 

valgus and varus torque in the model with pre-strain was more reasonable (Figure 3.4.2). 

In a previous study, Wan et al. (2013) examined laxity tests and ligament stress using a 

reconstructed 3D FE model with three different types of material for ACL, in which the 

model for the second type was the same as that in this study [7]. Under 10 Nm varus 

torque, the difference of varus angle between the study of Wan et al. (2013) and this 

study was 0.3 degrees. In addition, the FE model with non-linear springs as ligaments 

was used to examine laxity tests and collateral ligament contributions by Bendjaballah et 

al. (1997) [8]. As a result of this literature, the valgus rotation angle under 10 Nm valgus 

torque had a 0.6 degrees difference with the pre-strain model in this thesis. 
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Figure 3.4.2: Valgus and varus rotation angles under 10 Nm torque in this 

study and previous literature [7,8]. 

The root mean square error (RMSE) under 10 Nm varus and valgus torque were 

calculated based on the data in this study and in the previous literature. As shown in 

Table 3.4.1, RMSE values in the pre-strain model were much lower than the values in the 

model without pre-strain. The pre-strain model resulted in the lowest errors in valgus 

rotation (1.2 degrees) and varus rotation (1.2 degrees). 

Table 3.4.1: RMSE differences between this study and previous literature 

Rotation [degrees] No pre-strain model Pre-strain model 

Valgus rotation  2.7 1.2 

Varus rotation  3.9 1.2 

Average contact forces in lateral cartilage under valgus torque and medial cartilage under 

varus torque were examined in models with pre-strain and without pre-strain, as shown in 

Figure 3.4.3. In both valgus and varus torque simulations, average contact forces 

increased significantly in the pre-strain model, compared to the no pre-strain model. 

Therefore, joint responses, including rotation-torque response and contact force change, 

were significantly different in the model with pre-strain and without pre-strain. As a 

result, the model without pre-strain was too lax under valgus-varus rotations. However, 

the model with pre-strain could restore the physiological fidelity of the knee joint. 
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Figure 3.4.3: The average contact force under 10 Nm valgus and varus torque 

in the model with pre-strain and without pre-strain. 

3.4.2  Sensitivity to lower limb alignment 

Appendix a reports the medial force ratio (Rmf) in the tibiofemoral joint for each 

simulation at every ten degrees of flexion from 20 to 90 degrees. Appendix b reports 

RMSE and the average difference for each simulation. Box plots of RMSE and the 

average difference of hip, quadriceps and ankle at each offset are shown in Figure 3.4.4 

and Figure 3.4.5. The red line of each box shows the median of each group. As suggested 

by the Taguchi’s method [11,14,15], these results enabled the experimental designers to 

decide the optimal sequence for the design problem. For each factor, we can choose the 

offset value with the lowest median. Thus, the optimal sequence based on Figure 3.4.5 

was reported in Appendix c. 
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(a) 

(b) 

(c) 

Figure 3.4.4: Box plots of RMSE of the hip (a), quadriceps (b) and ankle (c) at 

different offsets. 
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(a) 

(b) 

(c) 

Figure 3.4.5: Box plots of the average difference of hip (a), quadriceps (b) and 

ankle (c) at different offsets. 
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Appendix c reports the series of the offset level, which is the optimal choice of each 

factor (hip, quadriceps and ankle), since each has the lowest median value of RMSE and 

thus better fit the experimental data. Furthermore, a graphical representation identifying 

the optimum situation readily is depicted in Figure 3.4.5 to emphasize the result. The 

lowest median value of RMSE was at 30 mm medial offset of the hip, at 15 mm medial 

offset of the quadriceps, and at 15 mm medial offset of the ankle. However, this optimal 

sequence is not among the combinations in Appendix a. So, a new simulation was 

planned and the results of this sequence, including average difference and RMSE 

between the data in this model and in publications are shown in Appendix c. 

The values of average difference for each simulation are shown in Appendix b and Figure 

3.4.5. The smallest value (close to zero) of the median of the average difference was at 30 

mm offset of the hip, at 20 mm offset of the quadriceps and 35 mm offset of the ankle. 

However, this optimal sequence is not included in Appendix a and was planned for a new 

simulation. Thus, the results of this sequence are reported in Appendix b. In addition, 

according to Figure 3.4.5b, the results of the average difference were not significantly 

affected by variations in quadriceps offset, although the offset of 20 mm provides the best 

choice. 

The optimal sequence and the corresponding results compared to previous experiments 

are shown in Appendix c. The optimal sequence with the lowest RMSE was included in 

the validated model as the baseline model in the next chapter. The validated baseline 

model was used to study the influence of the altered knee joint alignment in the frontal 

and axial plane. The medial force ratios in the model with the chosen optimal sequence 

during squatting are shown in Figure 3.4.6, compared with data in the initial model and 

the experiments by Kutzner et al. (2017) [19]. The medial force ratios during squatting in 

the initial model had significant differences from the data in previous studies. At 30 

degrees of flexion, the difference in medial force ratio between the initial model and the 

experiment data is -14%, while it is 1.6% between the model with the optimal sequence 

and the experiment data. During squatting, the RMSE between the initial model and the 

experiment data was 11.9, while it was 2.3 between the model with the optimum 

sequence and the in vivo data. Also, the average difference to the experiment data 
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decreased from -11.61 in the initial model to -0.46 in the model with optimum alignment 

sequence. 

 

Figure 3.4.6: The medial force ratios at 30, 60 and 90 degrees of flexion in the 

initial model, the model with optimal sequence and experiments by Kutzner et 

al. (2017) 

Figure 3.4.7 shows the linear regression analysis between the medial force ratio in the 

tibiofemoral joint and the different offsets of hip, quadriceps, and ankle at 20 and 90 

degrees of flexion. For the hip, the coefficient of determination (R2) was 0.6071 at 20 

degrees and 0.7758 at 90 degrees. For the quadriceps, the coefficients of determination 

(R2) at 20 and 90 degrees of flexion were both less than 0.01, which shows that the 

medial quadriceps offsets corresponded poorly with the medial force ratio. For the ankle, 

the coefficient of determination was 0.3845 at 20 degrees and this decreased to 0.0546 at 

90 degrees of flexion. Therefore, the correlation between the offset value and the medial 

force ratio increased for the hip as the flexion angle increased, while it decreased for the 

ankle as the flexion angle increased. 

Figure 3.4.8 shows the correlation between the total tibiofemoral contact force and the 

different offsets of hip, quadriceps and ankle at 20 and 90 degrees of flexion. For the hip, 

the coefficients of determination (R2) were 0.2817 and 0.0009, respectively, which 

implies that, as the flexion angle increased, the offsets of the hip corresponded poorly 

with the total contact force in the tibiofemoral joint. For the quadriceps, values of R2 
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ranged from 0.0018 to 0.0227, which implies a poor correlation both at low and high 

flexion angles. For the ankle, the values of R2 were 0.6882 at 20 degrees and 0.9889 at 90 

degrees of flexion, with both showing a strong correlation between the ankle offsets and 

the total contact force in the tibiofemoral joint. 

(a) 

(b) 

(c) 

Figure 3.4.7: Linear regression analysis between the medial force ratio in the 

tibiofemoral joint and the offsets of the hip (a), quadriceps (b) and ankle (c). 
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(a) 

(b) 

(c) 

Figure 3.4.8: Linear regression analysis between the total tibiofemoral contact 

force and the offsets of the hip (a), quadriceps (b) and ankle (c). 
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3.4.3  Sensitivity to Patella Thickness and Position 

Figure 3.4.9 shows total tibiofemoral contact force normalized to bodyweight during 

squatting in this study and data from the previous literature [19, 21-23]. The magnitude of 

the total TF contact force in the initial model increased from 1.02 to 3.82 times 

bodyweight (BW) as the flexion angle increased from 20 to 90 degrees. The values of the 

TF contact force in the initial model were higher than the values from the literature, and 

the difference between them increased as the flexion angle increased. The maximum 

difference between the TF force in the initial model and the literature [21] was 1.89 times 

bodyweight at 90 degrees of flexion. In the parametric study, lengthening the patellar 

tendon and altering the model to optimal sequence had no effects on the magnitude of the 

total TF contact force. However, models with thickening patella had significantly 

decreased TF contact forces, which were closer to data in the previous literature [19, 21-

23] with a difference between -0.53 to 1.26. Moreover, Figure 3.4.10 shows an inverse 

relationship between the magnitude of the TF contact force and the thickness of the 

patella. 

 

Figure 3.4.9: Total tibiofemoral contact forces normalized to bodyweight in the 

initial model, models with thickening patella by 5 mm and 10 mm, models with 

lengthening patellar tendon by 5 mm and 10 mm, model with optimal 

sequence, and models in previous publications [19, 21-23] 
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Figure 3.4.10 shows total patellofemoral contact force during squatting from 20 to 90 

degrees of flexion from the FE model in this study and data extracted from the previous 

literature [22]. The model with the optimal sequence did not affect the PF contact force. 

In contrast, the model with a thickening patella and the model with a higher patella both 

increased the magnitude of PF contact force after 70 degrees of flexion during squatting.  

 

Figure 3.4.10: Total patellofemoral contact force normalized to bodyweight in 

the initial model, models with thickening patella by 5 mm and 10 mm, models 

with lengthening patellar tendon by 5 mm and 10 mm, the model with optimal 

sequence, and in models in a previous publication [22] 

Figure 3.4.11 shows the quadriceps tendon force during squatting from 20 to 90 degrees 

of flexion from the FE model in this study and data from the previous literature [22]. The 

model with increased patella thickness had decreased quadriceps tendon force, which is 

closer to the literature than the other models in this study. After 80 degrees of flexion 

during squatting, the quadriceps forces increased to larger than the value in the initial 

model. 
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Figure 3.4.11: The quadriceps tendon force normalized to bodyweight in the 

initial model, models with thickening patella by 5 mm and 10 mm, models with 

lengthening patellar tendon by 5 mm and 10 mm, the model with optimal 

sequence, and in models in a previous publication [22] 

Figure 3.4.12 shows the patellar tendon force during squatting from 20 to 90 degrees of 

flexion from the FE model in this study and data from the previous literature [22]. The 

magnitudes of patellar tendon force from the models in this study were lower than the 

data from the literature. The model with the optimal sequence and the model with higher 

patella did not affect the value of patellar tendon force. In contrast, the model with 

thickening patella significantly decreased the magnitude of the patellar tendon force.  
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Figure 3.4.12: The patellar tendon force normalized to bodyweight in the 

initial model, models with thickening patella by 5 mm and 10 mm, models with 

lengthening patellar tendon by 5 mm and 10 mm, the model with optimal 

sequence, and in models in a previous publication [22] 

3.5 Discussion 

To develop a full-leg squatting model, we combined the modified finite element knee 

joint model and the coordinates of the hip center, ankle center and proximal quadriceps 

insertion point from a musculoskeletal model. The parametric analysis in this chapter was 

concerned about the variations of outputs, including contact force distribution, total 

contact forces and muscle forces under variations of inputs parameters such as in situ 

strains, frontal alignment, patella thickness and position, which are subject-specific. The 

model with in situ strains was compared with the model without in situ strains under 

valgus and varus torque to study the influence of in situ strains on kinematics and contact 

force. In addition, the medial-lateral coordinates of the hip center, ankle center and 

proximal quadriceps insertion point were offset medially to investigate the sensitivity of 

tibiofemoral contact force distribution to frontal alignment during squatting. Also, patella 

thickness and patellar tendon length were increased to explore the variations in total 

contact forces in both tibiofemoral and patellofemoral joint and muscle forces. The 

results were compared with previous studies in terms of tibiofemoral contact force, 
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patellofemoral contact force, medial force ratio in the tibiofemoral joint, quadriceps force 

and patellar tendon force. The validated model with more reasonable parameters than the 

initial model was applied to study the effect of knee deformities in the next chapter.  

Using parametric analysis, this study reports that the relationship between the 

tibiofemoral contact force distribution and frontal knee joint alignment is linear (Figure 

3.4.7). However, the frontal plane alignment had weak effects on the total tibiofemoral 

contact force (Figure 3.4.8). The same trends were found in previous studies [29, 30]. 

The RMSE to the in vivo data decreased from 11.89 to 2.33 after changing the alignment 

to the optimum sequence in the parametric study (Figure 3.4.6). In in vivo measurement, 

Kutzner et al. (2017) collected the medial and lateral forces in tibiofemoral joints from 

patients with instrumented knee implants during single-leg and double-leg support 

activities. The patients in this test had an average frontal alignment of 3 varus, which has 

been proven to be a neutral alignment in healthy patients. 

Furthermore, the sensitivity of medial tibiofemoral contact force ratio to altered hip 

center, ankle center and proximal quadriceps center was quantified separately in this 

study. Increasing the medial coordinates of the hip center and ankle center implies 

increasing the varus angle of the femur mechanical axis (center of the hip to center of the 

knee joint) and the tibia mechanical axis (center of the knee joint to the center of the 

talus), respectively. Also, increasing the medial coordinates of the proximal quadriceps 

center equals decreasing the Q-angle, which is similar to the previous experiments [31]. 

As a result, the hip center position in variations had a more significant effect on the 

tibiofemoral contact force distribution than the ankle center position in variations during 

squatting, especially at high flexion angle. At 90 degrees of flexion, no significant 

correlation was found between the ankle center medial offset and the medial force ratio, 

with a coefficient of determinant (R2) equal to 0.0546. In addition, the correlations 

between the Q-angle and medial force ratio or total TF contact force were small (Figure 

3.4.7b, Figure 3.4.8b). However, according to our knowledge, no previous ligament has 

observed the effect of femur mechanical axis angle, tibia mechanical axis angle and Q-

angle separately. In some computational studies [1, 32], the femur mechanical axis and 

tibia mechanical axis have been rotated by half of the total valgus or varus angle for each 
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to examine the sensitivity of knee contact forces in medial and lateral condyles to the 

tibiofemoral alignment. In addition, some other computational studies have only altered 

the tibial abduction and adduction angle to simulate the different tibiofemoral alignment 

angles [29, 30]. Other studies have observed the influence of tibiofemoral alignment on 

contact forces based on subject-specific FE models [34] or in vivo experiments [19,35], 

where the tibiofemoral alignment angles were analyzed using standing full-extension legs 

in vivo, and they were unable to be altered for each subject.  

In the parametric study, the medial force ratios in the models with different tibiofemoral 

alignment angles were compared with in vivo experiments [19,35]. Accordingly, the 

model with the lowest RMSE had a tibiofemoral alignment of 6.06⁰ varus and a 

decreased Q-angle by 1.38⁰ with respect to the initial model. According to a previous 

study [42], the standard deviation of Q-angle in healthy patients is roughly 5⁰. The RMSE 

in medial force ratio between the validated and initial models was 12.05 during squatting 

from 20 to 90 degrees of flexion. The medial force ratio at 90 degrees varied from 33.2% 

in the initial model to 40.34% in the validated model. In vivo measurements [19,35] 

reported the medial force ratio ranging from 29% to 53% during double-leg supported 

knee bends at the instant of peak resultant joint force in patients with a tibiofemoral 

alignment angle ranging from 7⁰ varus to 4.5⁰ valgus. With the same patients, [36] 

reported the maximum difference in peak medial contact force of approximately one-time 

bodyweight between patients with 6.5⁰ varus and 4.5⁰ valgus aligned knees during daily 

activities, including walking and squatting. With 500 healthy volunteers, a previous study 

[37] reported that 32% of men and 17% of women had a tibiofemoral alignment of 3⁰ 

varus or more. Also, 73% of the 500 healthy volunteers had a tibiofemoral alignment 

angle between 3⁰ valgus and 3⁰ varus [37]. The same deviation of 3⁰ in healthy 

participants was found in another study [38] and the author also reported that the standard 

deviation of tibiofemoral alignment was 8⁰ in osteoarthritic patients. 

 

The tibiofemoral contact force magnitude is sensitive to the thickness of the patella (Figure 

3.4.9). As the flexion angle increased, so did the effect of this parameter in this study. 

Therefore, the maximum difference occurred at 90 degrees of flexion, where the TF contact 

force decreased by 0.9-times bodyweight. A similar correlation was also found in a 
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previous study [21], in which the TF contact force decreased as the moment arm of the 

quadricep muscle increased during squatting, and the effect was more substantial as the 

flexion angle increased. In addition, we observed the patellofemoral contact force 

magnitude increased (Figure 3.4.10) as the patella thickened after 70 degrees of flexion, 

where a maximum difference was 0.54-times bodyweight at 90⁰. This result follows the 

trends identified in the previous studies [39,46,47]. The sensitivity of PF contact force to 

patellar thickness was 0.41xbw/mm in [39], while the sensitivity of PF pressure to patellar 

thickness was approximately 10%/mm in [47]. In addition, according to [39], a 3 mm 

superior or inferior position of the patellar component led to a 5% increase or 16% decrease 

of PF contact force magnitude, respectively. Similarly, a 5mm superior position in this 

study led to a 9% increase in PF contact force magnitude (Figure 3.4.11).  

In this study, the relative increase in the quadriceps force magnitude during 20 to 90 

degrees squatting exceeded the associated increase in the patellar tendon force 

magnitude. Also, the patella tendon force ratio to the quadriceps force decreased as the 

flexion angle increased. The predicted muscle forces in this study agree with those in the 

previous literature [22, 40-41], and their ratio follows the trends in [22, 42, 44]. Thus, 

muscle forces are significantly sensitive to patellar thickness (Figure 3.4.11, Figure 

3.4.12), leading to the ratio of patellar tendon force over the quadriceps force (Fpt/Fq) 

decreasing up to 0.15. In the 10 mm thickening patella model, the ratio (Fpt/Fq) was 0.9 at 

20 degrees and 0.546 at 90 degrees. These ratios are in good agreement with the previous 

literature [22], where the ratio was 0.95 at 20⁰ and 0.39 at 90⁰. The tendency of this ratio 

(Fpt/Fq) during knee flexion confirms that the PF joint is not a simple pully [44,45] as the 

pull force is equal on both ends of the simple pulley. Although both tendon forces 

decrease as the patella thickness increases, the total PF contact force increases. According 

to Figure 2.4.2, this can result from a smaller angle between tendon forces vectors due to 

a thicker patella.    

In summary, the model with the more varus tibiofemoral alignment (hip center medial 

offset 35 mm, ankle center medial offset 5 mm and the proximal quadriceps medial offset 

10 mm) and with a 10 mm thickener patella was chosen as a reference model because it 

yielded the same trends as previous squatting studies.   
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3.6 Conclusion        

This chapter aimed (1) to develop a full-leg model and (2) investigate the influence of the 

uncertainty inputs and validate the results with previously published data. The first aim 

was achieved by combining the general FE model from the OpenKnee project and the 

coordinates of the lower extremity (hip center, ankle center and proximal quadriceps 

insertion) from a musculoskeletal model to be a full-leg FE model. In addition, pre-

strains were applied to the ligaments and muscle/tendons while keeping the knee full-

extension before squatting. For the second aim, sensitivity analysis was performed to 

investigate outputs under the inputs (tibiofemoral alignment, patella thickness and patella 

superior-inferior position) in variations. Then, the outputs (total contact forces and medial 

force ratio in the tibiofemoral joint, total contact force in the patellofemoral joint, the 

quadriceps reaction force and patellar tendon resultant force) were validated by 

comparing trends with published trends from in vivo experiments and computational 

simulations during squatting. According to these results, tibiofemoral alignment strongly 

influenced the contact distributions while the patella thickness influenced the total 

contact force.The model with the lowest RMSE to the published data was chosen as the 

reference model to study the influence of the knee deformities (see Chapter 4). This 

suggests that the boundary conditions and lower extremity parameters we used in this 

full-leg squatting model were desirable and this model is appropriate to be applied as a 

reference. 
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Chapter 4  

4 The influence of knee malalignment in the axial and 
frontal plane during squatting 

4.1 Introduction 

Deviations of knee alignment in the frontal plane have proven to be associated with 

potential risk for onset and progression of knee osteoarthritis (KOA) as they alter the 

contact stress distribution in the medial and lateral tibiofemoral compartments [1-4]. The 

same relationship has been found in the axial plane since the increased rotation of the 

tibia results in a greater knee adduction moment (KAM) [5-7]. Although KAM is the 

indirect measurement for medial condyle force, it has been found that greater KAM 

implies increased medial loading as a risk for medial KOA. Moreover, deviations of knee 

alignment in the axial plane result in anterior knee pain since femoral anteversion and 

tibial torsion result in the patella tilt and increased Q-angle leading to significantly 

greater lateral force in the patellofemoral joint [8-9]. 

Previously, in vivo measurements [10-11] have reported changes of over 20% in medial 

condyle loading in patients with alignments over 7 varus to 4.5 valgus. In 

computational studies, the predicted changes of over 50% bodyweight in medial and 

lateral loads over 4 alignment range [12] and the change of -62% bodyweight in medial 

load over 8 valgus [13] have been reported. In addition, Van Rossom et al. [14] reported 

that tibiofemoral load distribution was significantly affected over 15 coronal alignment 

range but minimally affected over 15 rotation of the distal tibia. Whereas MacWilliams 

et al. [7] reported a linear relationship between rotations of the tibia in the transverse 

plane and internal valgus moment in patients with excessive tibial torsion during gait 

analysis. Similarly, a linear relationship was reported between the frontal alignment and 

the rotational alignment of the distal femur and tibial torsion in Huang et al. [6] in 

patients with KOA. Moreover, patella stress has been found to be significantly affected 

by the axial and frontal rotations of the femur and tibia [9, 15]. However, no previous 

studies to our knowledge have investigated the effect of alterations in alignment in the 
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frontal and axial plane on contact mechanics in both tibiofemoral and patellofemoral 

joints.  

The primary aims of this chapter are to investigate the influence of deviations of 

alignment in the frontal and axial plane on (1) contact mechanics, including contact loads 

and stress distribution in both tibiofemoral and patellofemoral joints; (2) and kinematics 

in lower-extremity. It was hypothesized that (1) varus alignment will induce a higher 

medial force ratio while valgus alignment will induce a lower medial force ratio; (2) 

femoral anteversion and external tibial torsion will result in increased medial force ratio; 

and (3) femoral anteversion and external tibial torsion will lead to higher stress on the 

lateral patellar cartilage. 

4.2 Method 

4.2.1 Loads and Boundary Conditions of Squatting 

The main components of the lower extremity FE model in this study are the hip joint, 

knee joint, and ankle joint. Both hip and ankle joints have three rotational degrees of 

freedom (DOFs). The spherical movements (Figure 4.2.1) in the hip and ankle joint are 

performed by three revolute joints in FEBio, consisting of flexion-extension (F-E), varus-

valgus (V-V) and Internal-External (I-E). These rotational axes in revolute joints intersect 

at a fixed point, which is defined as the joint center. Three revolute joints to simulate the 

hip joint were built between the pelvis and femur components, while the revolute joints 

for simulating the ankle joint were built between the tibia and foot components. 

Moreover, the knee joint has three rotational DOFs and three translational DOFs, which 

are constrained by three cylindrical joints (Figure 4.2.2). These cylindrical joints are 

connections between the femur and tibia, whose joint axes interest at the joint center. 

Each cylindrical joint constrains motions between two rigid bodies to a rotation and 

translation about the joint axis. More specifically, the three cylindrical joints in the knee 

joint are composed of flexion-extension (F-E) rotation and medial-lateral (M-L) 

translation; valgus and varus (V-V) rotation and anterior-posterior (A-P) translation; and 

internal-external (I-E) rotation and inferior-superior (I-S) translation.  
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Figure 4.2.1 A series of revolute joints to simulate 3 rotational degrees of 

freedom (DOFs) in the hip (Left) and in the ankle (Right). 

 

Figure 4.2.2 A series of cylindrical joints to simulate 6 degrees of freedom 

(DOFs) in the knee 

In the FE squatting model (Figure 4.2.3), the femur was fixed while the tibia was free, 

although I-E rotation was constrained by a torsional spring (k=0.373 Nm/degree) at the 

ankle level to simulate the friction between the foot and the floor [16]. Similarly, the 

pelvis was constrained by a torsional spring to limit the internal-external rotation in some 

degrees relative to the femur. In addition, the foot was constrained by a prismatic joint to 

a translation relative to the pelvis component. The load of 378.09 N (equal to half 

bodyweight of the patient) was applied on the foot, pointing to the pelvis while the 

proximal quadriceps was fixed. So, the quadriceps tendon was in tension to balance the 
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moment resulting from the bodyweight. Furthermore, the model was not constrained but 

the patella was free to rotate and translate.  

The flexion angle was not prescribed, while the length of the quadriceps tendon was. 

Increasing the quadriceps tendon length induced the flexion angle to increase because of 

the moment equilibrium of the bodyweight. Instead of the prescribed quadriceps force or 

kinematics, the quadriceps force resulted from the squatting simulation in this study, 

which is in agreement with some previous publications [16-17]. 

 

Figure 4.2.3 Boundary conditions for squatting 

4.2.2  Knee deformity in the frontal plane and axial plane 

A neutral knee alignment in the frontal plane is when the Hip-Knee-Ankle (HKA) angle 

is  3 varus-valgus [18-19]. The HKA angle is defined as the angle formed by the 

intersection of the mechanical axes of the femur and the tibia, which are defined as the 

line connecting the hip joint center and knee joint center and the line connecting the knee 
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joint center and ankle joint center, respectively. A deviation of the HKA is expressed 

with a positive value for varus alignment and a negative value for valgus alignment. The 

standard deviation of the HKA angle is 8 in osteoarthritic patients [19]. To investigate 

the influence of the frontal plane alignment, models were created in this study with 

different HKA alignments ranging from -8 valgus to +8 varus, at 4 increments. This 

was achieved by rotating the proximal part of the femur (hip joint center and proximal 

quadriceps) and distal part of the tibia (ankle joint center) by one half of the HKA 

alignment angle for each component while keeping knee joint geometry unchanged 

(Figure 4.2.4). Thus, HKA alignment angle equal to the summary of Hip and Ankle, 

according to Figure 4.2.4. 

 

Figure 4.2.4 Frontal malalignment in FE model 

The knee alignment in the axial plane was measured by the angle of femoral version (FV) 

and tibial torsion (TT) [20]. FV is the intersection angle between the femoral neck axis 

and the posterior condylar axis, while TT is the intersection angle between the proximal 

tibial line and the bimalleolar line. The reported average values of FV and TT in healthy 

adults measured with CT are in a wide range from 6 to 24 and from 26 to 35, 

respectively [8, 24-29]. Although the exact normative values of FV and TT are 
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controversial [29], according to previous studies [9, 21, 29], osteotomies are employed 

for patients with increased inward femoral torsional deformity or outward tibial torsional 

deformity greater than 20. The average corrective angles reported in a previous study 

were 25 in the femur and 30 in the tibia [29].  

Moreover, a patient with combined excessive femoral anteversion, external tibial torsion, 

squinting patella, and increased Q-angle is defined as having miserable malalignment 

[22-23]. With miserable malalignment, the squinting patella (inwardly facing patella) can 

be observed with the foot facing forward (Figure 4.2.5), while external tibial torsion can 

be seen with the patella anterior. 

 

Figure 4.2.5 Top view of miserable malalignment ( a combination of femoral 

anteversion and external tibial torsion) of FE model (Left) and simple figure 

(Right). 

Although the specific angles of FV and TT in this model were unknown because the 

actual bone shape of the proximal femoral head and distal tibia did not exist in this FE 

model, the reported corrective angle for osteotomies in previous studies could be used in 

this study. Therefore, to simulate miserable malalignment, the distal femur and proximal 

tibia were simultaneously rotated inward by the averaged corrective angle of 30 (Figure 

4.2.6), in line with the values reported in Stevens et al. [29]. In this way, the patella was 

facing inward while the foot was facing forward. To keep this posture during squatting 

for patients with miserable malalignment, the abduction-adduction (A-A) rotation of the 
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hip joint was constrained in some degrees by the A-A torsional spring with different 

levels of stiffness: 

(1) Baseline 01 and Miserable 01: stiffness of 0.373 Nm/deg; 

(2) Baseline 02 and Miserable 02: stiffness of 1.12 Nm/deg; 

(3) Baseline 03 and Miserable 03: stiffness of 1.87 Nm/deg. 

The flexion-extension axis of the knee joint was established using the midpoints of the 

medial and lateral condyles. The center of the knee joint was the midpoint between the 

medial and lateral condyles. The superior-inferior axis of the femur was established to be 

parallel to the femur shaft, while the anterior-posterior axis was established to be 

perpendicular to the other two axes.   

 

Figure 4.2.6 Top view of rotation angle (=30) in the FE model between pelvis 

and femur (Left) and between foot and tibia (Right). 

4.2.3  Data Analysis 

To study the influence of frontal malalignment, contact stress distributions in both 

tibiofemoral and patellofemoral joints at 20, 45, and 90 degrees of flexion were plotted 

for the baseline model, 8 for the valgus-aligned model and 8 for the varus-aligned 

model. Moreover, the medial, lateral loads, and medial force ratio (medial load/total load) 

during squatting were reported for all frontal malalignment models and baseline model to 

study the force distribution in the tibiofemoral joint. Also, the total tibiofemoral and 

patellofemoral contact forces were plotted from 20 to 90, at 10 increments for all 

models. In addition, the average difference and root mean square error (RMSE) between 

the frontal malalignment models and baseline model were calculated based on the medial 
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and lateral tibiofemoral forces at 10 increments (eight points) from 20 to 90 degrees of 

flexion.  

To study the influence of axial malalignment (miserable malalignment), we compared the 

contact stress plots between the baseline and miserable malalignment models with the 

same torsional stiffness at adduction-abduction of the hip joint, in tibiofemoral and 

patellofemoral joints at 20, 45 and 90. Also, contact stress distributions in the 

tibiofemoral and patellofemoral joints were compared in the miserable malalignment 

models with different torsional springs at 20, 45 and 90. Furthermore, the rotational 

(adduction-abduction) kinematics of the hip joint were plotted over the flexion to study 

the influence of the stiffness value of the A-A torsional spring at the hip. To quantify the 

changes of force distribution, the medial contact force and lateral contact force were 

plotted during squatting. Also, the medial force ratio errors, including average error and 

RMSE in models with the same torsional stiffness, were calculated based on the values 

from 20 to 90 at 10 increments (eight points) for all models. The total tibiofemoral and 

patellofemoral contact forces were plotted from 20 to 90 at 10 increments for all 

models. 

4.3 Results 

4.3.1  The influence of knee deformity in the frontal plane 

In the tibiofemoral joint, contact stress shifted to the lateral compartment in the valgus-

aligned knee, while it shifted to the medial compartment in the varus-aligned knee during 

squatting (Figure 4.3.1). In the patellofemoral joint, the contact stresses were larger in the 

medial patellar cartilage in the varus-aligned knee, while they shifted to the lateral side in 

the valgus-aligned knee (Figure 4.3.2). The influence of malalignment on contact stress 

distribution was more significant at the lower flexion than at the higher flexion angle in 

both joints.  
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Figure 4.3.1: Contact stress distributions in the tibiofemoral joint during 

squatting at 20, 45 and 90 in the baseline model, valgus 8 model and varus 

8 model. 
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Figure 4.3.2: Contact stress distributions in the patellofemoral joint 

during squatting at 20, 45 and 90 in the baseline model, valgus 8 

model and varus 8 model. 

Deviation of frontal plane alignment redistributed the medial and lateral force in the 

tibiofemoral joint (Figure 4.3.3 and Figure 4.3.4). Medial force magnitude increased as 

the valgus-aligned angle increased, while the lateral force magnitude decreased as the 
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varus-aligned angle increased. The medial force ratio was significantly different from the 

baseline model at a lower flexion angle. To be more specific, it decreased by 27% in the 

8 valgus-aligned model and increased by 30% in the 8 varus-aligned model at 20 

degrees of flexion. 

  
(a) (b) 

Figure 4.3.3: Medial (a) and lateral (b) tibiofemoral contact force during 

squatting in models with deviation of frontal alignment from 8 valgus to 8 varus, 

at 4 increments. 

 

Figure 4.3.4: Medial force ratio (Medial force/Total force) in the baseline model 

and frontal plane malalignment models. Deviation of alignment from 8 valgus to 

8 varus, at 4 increments. 

Deviation of frontal plane alignment had a weak effect on total tibiofemoral contact force 

with errors within 0.1x bodyweight in low flexion angles and with errors around 0.15x 
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bodyweight after 70 degrees of flexion (Figure 4.3.5a). It also had a weak effect on total 

patellofemoral contact force with errors within 0.1x bodyweight during squatting from 20 

to 90 degrees (Figure 4.3.5b). 

 (a) 

 (b) 

Figure 4.3.5: Total tibiofemoral contact force (a) and Total patellofemoral 

contact force (b) in the baseline and frontal malalignment models. Deviation of 

alignment from 8 valgus to 8 varus, at 4 increments. 

Specifying the difference of medial force ratio (medial load/total load) between the 

baseline model and frontal malalignment models in Table 4.3.1, the average difference 

during squatting from 20 to 90 was -1.5 %/deg in valgus-aligned knees and +1.7 %/deg 

in varus-aligned knees, while the RMSE was around 1.9 %/deg. The difference of medial 

force and lateral force between the baseline model and frontal malalignment models are 

shown in Table 4.3.1. In valgus-aligned knees, the medial force magnitude decreased by 

0.03 BW/deg, while lateral force magnitude increased by 0.016 BW/deg. In varus-aligned 

knees, the medial force magnitude increased by 0.03 BW/deg, while the lateral force 

magnitude decreased by 0.027 BW/deg. 
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Table 4.3.1 Average difference and RMSE in frontal malalignment models 

 
Valgus 8 Valgus 4 Varus 4 Varus 8 

Average 
Difference 

RMSE 
Average 

Difference 
RMSE 

Average 
Difference 

RMSE 
Average 

Difference 
RMSE 

Meidal force 
[×BW] 

-12.47  14.33  -5.97  6.95  6.92  7.91  13.79  15.66  

Lateral force 
[×BW] 

0.13  0.15  0.05  0.06  -0.11  0.11  -0.21  0.22  

Medial force 
ratio [%] 

-12.47  14.33  -5.97  6.95  6.92  7.91  13.79  15.66  

The varus alignment model significantly increased internal tibial rotation, while the 

valgus alignment model decreased internal tibial rotation (Figure 4.3.6b). However, the 

frontal plane malalignment had weak effects on knee adduction rotation, especially at a 

higher flexion angle ( 70), as shown in Figure 4.3.6a. 

 
(a) 

 
(b) 

Figure 4.3.6: Knee joint adduction (a) and internal rotation (b) during 

squatting from 20 to 90 degrees in the baseline model and frontal 

malalignment model. 

4.3.2  The influence of knee deformity in the axial plane 

Miserable malalignment changed the contact stress in the tibiofemoral joint, with 

increased stresses in the medial compartment and decreased stresses in the lateral 

compartment compared to the baseline model (Figure 4.3.7a, Figure 4.3.8a, Figure 

4.3.9a). The model with miserable malalignment had higher lateral patellar contact 

pressure (Figure 4.3.7b, Figure 4.3.8b, Figure 4.3.9b). Higher stiffness of the adduction-

abduction torsional spring at the hip level induced more stress shift to the medial 
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compartment in the tibiofemoral joint, while it did not affect contact stress distribution in 

the patellofemoral joint (Figure 4.3.10). The hip adduction angle decreased as the 

stiffness of the torsional spring at the hip joint increased (Figure 4.3.11). This influence 

was significant in the miserable malalignment models, in which the model with the 

stiffness of 0.373 Nm/deg had adduction angles within 12 degrees while the model with a 

stiffness of 1.87 Nm/deg had abduction angles within 4 degrees.  
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Figure 4.3.7a: Contact stress distributions in the tibiofemoral joint during 

squatting at 20, 45 and 90 in the baseline model (Baseline 01) and 

miserable malalignment model (Miserable 01) with A-A hip torsional spring 

stiffness of 0.37 Nm/deg. 
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Figure 4.3.7b: Contact stress distributions in the patellofemoral joint during 

squatting at 20, 45 and 90 in the baseline model (Baseline 01) and 

miserable malalignment model (Miserable 01) with A-A hip torsional spring 

stiffness of 0.37 Nm/deg. 
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Figure 4.3.8a: Contact stress distributions in the tibiofemoral joint during 

squatting at 20, 45 and 90 in the baseline model (Baseline 02) and miserable 

malalignment model (Miserable 02) with A-A hip torsional spring stiffness of 

1.12 Nm/deg. 
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Figure 4.3.8b: Contact stress distributions in the patellofemoral joint during 

squatting at 20, 45 and 90 in the baseline model (Baseline 02) and 

miserable malalignment model (Miserable 02) with A-A hip torsional spring 

stiffness of 1.12 Nm/deg. 
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Figure 4.3.9a: Contact stress distributions in the tibiofemoral joint during 

squatting at 20, 45 and 90 in the baseline model (Baseline 03) and miserable 

malalignment model (Miserable 03) with A-A hip torsional spring stiffness of 

1.87 Nm/deg. 
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Figure 4.3.9b: Contact stress distributions in the patellofemoral joint during 

squatting at 20, 45 and 90 in the baseline model (Baseline 03) and 

miserable malalignment model (Miserable 03) with A-A hip torsional spring 

stiffness of 1.87 Nm/deg. 
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Figure 4.3.10a: Contact stress distributions in the tibiofemoral joint during 

squatting at 20, 45 and 90 in miserable malalignment models with A-A hip 

torsional spring stiffness of (01) 0.37 Nm/deg; (02) 1.12Nm/deg; (03) 1.87 Nm/deg. 
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Figure 4.3.10b: Contact stress distributions in the patellofemoral joint during 

squatting at 20, 45 and 90 in miserable malalignment models with A-A hip 

torsional spring stiffness of (01) 0.37 Nm/deg; (02) 1.12Nm/deg; (03) 1.87 

Nm/deg. 
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Figure 4.3.11: Adduction-abduction rotation angles of the hip joint in baseline 

models (solid lines) and miserable malalignment models (lines with stars) with 

different stiffness values: (1) 0.373 Nm/deg (black lines); (2) 1.12 Nm/deg (red 

lines); (3) 1.87 Nm/deg (blue lines). 

The miserable alignment increased medial contact force compared to the baseline model 

with the same torsional spring, while it decreased the lateral contact force. This influence 

was more significant as the stiffness of the A-A torsional spring at the hip joint increased 

(Figure 4.3.12). The greatest difference between the baseline and miserable model was 

with a torsional stiffness of 1.87 Nm/deg. However, it weakly affected the total 

tibiofemoral contact force value with errors between models with the same torsional 

springs within 0.1x bodyweight (Figure 4.3.13a). Also, miserable malalignment had weak 

effects on the total patellofemoral contact force values with errors within 0.2x 

bodyweight (Figure 4.3.13b). Medial force ratio errors between the baseline and 

miserable malalignment models increased as the stiffness value of the A-A torsional 

spring at the hip joint increased (Figure 4.3.14). 
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(a) (b) 

Figure 4.3.12: Medial (a) and lateral (b) contact force in baseline models (solid 

lines) and miserable malalignment models (lines with stars) with different 

stiffness values: (1) 0.373 Nm/deg (black lines); (2) 1.12 Nm/deg (red lines); (3) 

1.87 Nm/deg (blue lines). 

(a) 

(b) 

Figure 4.3.13: Total tibiofemoral (a) and patellofemoral (b) contact forces in 

baseline models and miserable malalignment models with different stiffness 

values: (01) 0.373 Nm/deg; (02) 1.12 Nm/deg; (03) 1.87 Nm/deg. 
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Figure 4.3.14: Average error and RMSE between the miserable malalignment 

and baseline models with the same torsional spring stiffness. Error 01: 0.373 

Nm/deg; Error 02: 1.12 Nm/deg; Error 03: 1.87 Nm/deg. 

Kinematics in the knee joint is shown in Figure 4.3.15. The knee adduction angle 

increased in the miserable malalignment models compared to the baseline models. The 

stiffness of the A-A torsional spring at the hip joint had weak effects in the baseline 

models, while it induced slightly increased adduction angles at low flexion angles (before 

70 degrees) as the stiffness value increased. In addition, miserable malalignment induced 

greater internal rotation during squatting compared to the baseline models. Also, the 

stiffness of the A-A torsional spring at the hip joint significantly increased internal 

rotation in the miserable models, while it had weak effects on internal rotation in the 

baseline model. The most significant error was the internal rotation of 5.4 between the 

miserable malalignment and baseline models with an A-A torsional spring stiffness of 

1.87 Nm/deg at the hip joint. 
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(a) (b) 

Figure 4.3.15: Knee joint adduction (a) and internal rotation (b) during squatting 

from 20 to 90 degrees in baseline models (solid lines) and miserable malalignment 

models (lines with stars) with different stiffness values: (1) 0.373 Nm/deg (black 

lines); (2) 1.12 Nm/deg (red lines); (3) 1.87 Nm/deg (blue lines). 

4.4 Discussion 

This chapter aimed to investigate the influence of frontal and axial malalignment on 

stress distributions in the tibiofemoral and patellofemoral joints, medial load, lateral load, 

and medial force ratio in the tibiofemoral joint. To achieve this aim, the hip center, ankle 

center, and proximal quadriceps were rotated 8 valgus-varus around the knee center in 

the frontal plane while the geometries of the knee joint remained unchanged. Also, the 

distal femur and proximal tibia were rotated inward 30 in the axial plane to simulate 

miserable malalignment, adding adduction-abduction torsional spring with different level 

of stiffness at the hip joint to avoid knees knocking.  

The sensitivity of the average medial force ratio error to the frontal alignment angle was -

1.5 %/deg in valgus-aligned knees and +1.7 %/deg in varus-aligned knees, while the 

RMSE was around 1.9 %/deg. In valgus-aligned knees, the medial force magnitude 

decreased by 0.03 BW/deg, while the lateral force magnitude increased by 0.016 

BW/deg. In varus-aligned knees, the medial force magnitude increased by 0.03 BW/deg, 

while the lateral force magnitude decreased by 0.027 BW/deg. This is difficult to directly 

compare with previous studies as most previous research studied the influence of frontal 
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malalignment during gait [12-14, 30-32]. The same tendency was found in these 

publications in that varus malalignment increases the medial load and decreases the 

lateral load, while valgus malalignment increases the lateral load and decreases the 

medial load. Specifically, Lener et al. (2015) found changes of -0.62x bodyweight and 

+0.37x bodyweight over 8 valgus malalignment during walking [13]. In addition, Smith 

et al. (2016) predicted changes of over 0.5x bodyweight in medial and lateral loads over 

4 valgus-varus alignment range. They also found that frontal malalignment had weak 

effects on net knee joint contact force, which is in line with the results of this study. 

According to our knowledge, only one previous publication [10] has studied the influence 

of varus and valgus alignment during activities including squatting. However, this study 

only reported the correlation between the frontal alignment angle and the medial force 

ratio through different activities. Although the sensitivity of the medial force ratio to the 

frontal alignment angle is unknown, the directly measured medial force ratio ranges 29% 

to 53% during knee bend with an average knee flexion angle of 93(SD 11) among 

patients with an alignment of 4.5 valgus and 7 varus. In this study, the medial force 

ratio was 37% in 4 valgus model and 45% in the 8 varus model at 90 degrees of 

flexion.  

Lateral patellar contact pressure increased in the valgus malalignment model with an 

increased Q-angle, while medial patellar contact pressure increased in the varus 

malalignment model with decreased Q-angle, which is partially in agreement with a 

previous study [33]. Mizuno et al. (2001) [33] translated the proximal end of the 

quadriceps laterally and medially to simulate the increased and decreased Q-angle and 

concluded that increasing the Q-angle could increase lateral patellar contact pressures, 

while a Q-angle decrease may not shift the patellar contact pressures medially. However, 

they used in vivo experiments to investigate variations in tibiofemoral and patellofemoral 

kinematics instead of a direct investigation of the changes in contact mechanics under 

deviations of Q-angle. In this study, we investigated the increased lateral contact 

pressures in the miserable malalignment model, which had a Q-angle increase. The same 

correlation was reported in previous studies [8, 9, 34] that excessive femoral anteversion 

or medial femoral rotation may be present in patients with anterior knee pain associated 
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with an increased Q-angle, higher lateral patellar contact pressures and patella tilt. Bruce 

et al. [23] recommended that patients with anterior knee pain associated with miserable 

malalignment perform rotational osteotomies to relieve their pain.  

Compared to the baseline model, the miserable malalignment models in this study had 

increased medial force and decreased lateral force, with the medial force ratio increasing 

at least 8% during squatting, controlling knees to avoid knocking. Previous studies [5-7] 

have found a positive relationship between the knee adduction moment (KAM) and 

excessive rotational deformity of the tibia, including both internal and external torsions in 

experiments. Although they did not directly measure medial loading, KAM has proven to 

be correlated with medial loading and the onset of medial knee osteoarthritis (KOA). 

Huang et al. (2021) [6] reported that external tibial torsion is positively associated with 

external KAM during squatting in patients with moderate KOA while Krackow et al. 

(2011) [5] demonstrated that medial KOA subjects with tibial torsion had greater 

mechanical axis varus and knee varus moment than medial KOA subjects without tibial 

torsion and control groups. Moreover, MacWilliams et al. (2010) [7] concluded that both 

excessive inward and outward tibial torsion adversely affect the frontal moments, 

measuring data from eight subjects with excessive inward tibial torsion and ten subjects 

with excessive outward tibial torsion.  

In the miserable malalignment models in this study, while keeping the feet facing 

forward, the A-A rotation at the hip joint was controlled with a torsional spring to 

simulate the knees remaining apart. The stiffness of the torsional spring was varied higher 

to lower down the varus angle at the hip joint. As a result, a medial force ratio increase in 

the miserable malalignment model ranged from +8% to +20% as the stiffness increased 

from 0.373 Nm/deg to 1.87 Nm/deg. The medial force and medial force ratio increased as 

the varus angle at the hip joint decreased. A similar influence was found in a previous 

study [35]. In this study, Trepczynski et al. (2014) [35] tested external KAM and medial 

tibiofemoral contact force in vivo for patients with TKA and required patients to squat 

naturally or squeeze their knees together (valgus squat) or push their knees apart (varus 

squat), maintaining their feet approximately shoulder-width apart. Consequently, 

Trepczynski et al. (2014) [35] reported a lower medial force and KAM in squat valgus 
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and greater medial force and KAM in squat varus compared to the values in a natural 

squat.  

Miserable malalignment and varus malignment models in this study showed greater tibial 

internal rotation with respect to the femur, while the valgus malalignment model decreased 

internal rotation compared to the baseline models. Also, the miserable alignment model 

with higher A-A torsional stiffness induced higher tibial internal rotation. In addition, knee 

deformity in the axial and frontal planes had weak effects on knee adduction-abduction 

rotation. To date, little is known from previous studies about the influence of knee 

deformity on kinematics. Souza et al. (2010) [34] reported that patients with patellofemoral 

pain (PFP) had lower medial femoral rotation as the angle of flexion decreased. The 

kinematics for this study were obtained from a vertically open magnetic resonance imaging 

system while subjects performed a single-limb squat. Powers et al. (2002) concluded that 

patients with patellofemoral pain (PFP) had less femoral internal rotation than control 

subjects during self-speed walking. On average, patients with PFP had 2.1 external 

femoral rotation, while subjects in the control group had 1.6 internal femoral rotation. The 

authors explained this difference as a compensatory strategy to decrease the Q-angle. 

However, this disagrees with the study of Mizuno et al. (2001) [33], who reported that a 

Q-angle increase did not influence the tibiofemoral rotational kinematics, including 

adduction-abduction and Internal-External, while a Q-angle decrease induced a lower tibial 

internal rotation. The data in this study were tested in vitro by translating the proximal 

quadriceps medially and laterally to increase and decrease the Q-angle. In this study, the 

model with a greater medial force ratio had higher internal tibial rotation, which is 

speculated to be a strategy to compensate the knee varus orientation. Stief et al. (2014) [37] 

studied the influence of lower limb malalignment based on in vivo measurements of 

subjects with a pathological varus malalignment of the knee and founded a linear 

relationship between lower extremity varus malalignment and internal tibial rotation. In 

addition, previous studies [6, 7] demonstrated the excessive tibial external torsion leaded 

to an increased adduction moment in the coronal plane during gait analysis. 
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4.5 Conclusion 

This chapter aimed to investigate the influence of knee malalignment in the frontal plane 

and axial plane on (1) contact mechanics, including medial and lateral tibiofemoral 

contact force, medial force ratio in the tibiofemoral joint, stress distributions and total 

contact loads in tibiofemoral and patellofemoral joints and (2) rotational kinematics, 

including adduction-abduction and Internal-External.  

For frontal plane malalignment, valgus malalignment induced a greater medial force ratio 

and lateral patellar contact pressures, while varus malalignment induced a smaller medial 

force ratio and medial patellar contact pressures. The sensitivity of the average medial 

force ratio error to the frontal alignment angle was -1.5 %/deg in valgus-aligned knees 

and +1.7 %/deg in varus-aligned knees, while the RMSE was around 1.9 %/deg. For axial 

plane malalignment, the miserable malalignment (combined excessive femoral 

anteversion and tibial external torsion) increased the medial force ratio and lateral patellar 

contact pressures. With the hip adduction angle constrained by a torsional spring, the 

lower hip adduction angle significantly increased medial tibiofemoral load. An increase 

of the medial force ratio in the miserable malalignment model ranged from +8% to +20% 

as the stiffness increased from 0.373 Nm/deg to 1.87 Nm/deg. However, the influence of 

the constrained hip adduction angle on patellofemoral contact redistribution was not 

observed in this study.  

Models with a greater medial force ratio had a higher internal tibial rotation, which is 

speculated to be a compensatory motion to lower the knee varus orientation. In contrast, 

knee deformity was found to have weak effects on adduction-abduction rotation in this 

study.     
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Chapter 5  

5 Summary and Future Work 

5.1 Summary 

This thesis developed a full-leg squatting FE model based on a general FE knee joint 

model (OpenKnee model) and musculoskeletal model (Lenhart 2015) and validated it by 

comparing the contact loads with published data. This model was used to investigate the 

influence of knee deformities in the frontal plane and axial plane on contact mechanics in 

both tibiofemoral and patellofemoral joints and knee joint rotational kinematics during 

squatting.  

In Chapter 3, the development and validation of a full-leg squat model were reported. The 

LCL and lateral tibiofemoral cartilage were modified for better numerical converge of FE 

simulation where the Openknee model was hard to converge in higher flexion angle. The 

model with pre-strain has shown realistic kinematics and contact loads with more 

negligible differences to published data. The parametric analysis was performed to 

investigate outputs (contact and muscle loads) under the inputs (tibiofemoral alignment, 

patella thickness and patella superior-inferior position) in variations. The model with the 

lowest difference to the published data was chosen as the baseline model in this study. 

Chapter 4 outlines the influence of frontal malalignment and miserable malalignment 

during squatting. The medial force ratio (medial force/total force) significantly increased 

in the varus-aligned and miserable malalignment model. In contrast, it decreased in the 

valgus-aligned model. However, the knee deformities had weak effects on total 

tibiofemoral and patellofemoral contact loads. Higher lateral patellar contact pressures 

were investigated in the varus and miserable malalignment modes, while the higher 

medial patellar contact pressures were presented in the valgus model. With the squat 

varus (controlling knees apart), lower hip adduction angle induced a higher medial force 

ratio in the miserable malalignment model. The model with a higher medial force ratio 

had a higher internal tibial rotation, which was speculated as a compensatory motion to 

reduce the varus orientation.  



 

 

104 

 

5.2 Limitations and Future Work 

The FE model in this study predicted the medial/total tibiofemoral contact force with 

reasonable accuracy to in vivo experimental studies but over-estimated the magnitude of 

total contact loads. However, as this model was used to investigate the influence of knee 

deformities, knee deformities have shown weak effects on values of total contact forces, 

while knee deformities have shown significant influence on force and stress distributions. 

Like other Oxford rigs, the quadriceps tendon in this study is an individual meshed part 

with a single line of action instead of separated tendons, as in reality. The tendon forces 

therefore do not exactly match previous data. Thus, data in this study were deemed 

validated based on their similar tendency to previous studies, however absolute 

comparisons were not made due to different loading scenarios. Furthermore, the primary 

consideration for continued work with this FE model is additional simulations for 

comparisons with more experimental studies of the knee joint. 

Hip and ankle joints in this study did not have bone shapes and soft tissues, and they were 

unable to simulate motions in reality. Thus, a separate simulation of external tibial torsion 

was unable to perform in this study due to the lack of anatomical hip joint. Excessive 

internal hip rotation with respect to the foot facing forward should be performed in the 

anatomical hip joint in the case of external tibial torsion. However, kinematics data in hip 

and ankle joints can be calculated in a subject-specific musculoskeletal model based on in 

vivo experiments. The FE model in this study could use these kinematic data as boundary 

conditions to simulate subject-specific analysis of daily activities.  

Pre-strains were taken from previous literature, and the values were in a wide range 

according to different studies. In this study, we only discussed the effect of average pre-

strain values and values of zero during varus and valgus rotations. An interesting future 

application of this FE model is to observe the sensitivity of contact mechanics to pre-

strain values in a wide range taken from previous publications. Higher values of pre-

strains can simulate tight ligaments and muscles as they lead to limited knee motions, 

while lower values of pre-strain can observe the influence of lax ligaments and muscles 

as they induce knee instability and osteoarthritis.    
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5.3 Significance 

This thesis presents a finite element study based on open-resource models for observing 

the influence of knee deformities on knee contact force distributions. This is the first 

study including both frontal and axial plane deformities and their effects on both 

tibiofemoral and patellofemoral joints. To achieve this, the Openknee model was revised 

and validated based on previous literature to develop a full-leg squatting model. Through 

revision and validation, the model can predict the contact force distributions in the knee 

joint to corresponded to lower limb alignment during squatting from 20 to 90 degrees. 

Furthermore, general models were used to represent the knee alignment, so it is still 

possible to reproduce the same trends in results basing the FE model on a new cadaver. 
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Appendices 

Appendix A: The design of simulations for SA 

Runs 
Hip 

offset 
(mm) 

Quadriceps 
offset 
(mm) 

Ankle 
offset 
(mm) 

Medial force ratio during 20 to 90 degrees of flexion 

20⁰ 30⁰ 40⁰ 50⁰ 60⁰ 70⁰ 80⁰ 90⁰ 

1 5 5 5 41.93  41.07  41.29  39.97  38.35  36.56  35.36  34.29  

2 5 10 10 44.06  42.66  42.49  40.87  38.74  36.86  35.55  34.34  

3 5 15 15 46.13  44.22  43.76  41.71  39.23  37.16  35.75  34.45  

4 5 20 20 48.20  45.96  44.88  42.63  39.72  37.54  35.97  34.51  

5 5 25 25 50.12  47.22  46.17  43.47  40.27  37.95  36.18  34.72  

6 5 30 30 51.98  48.47  47.17  44.45  40.92  38.43  36.46  34.86  

7 5 35 35 53.97  49.94  48.07  45.29  41.56  38.86  36.75  34.93  

8 10 5 10 47.11  44.94  44.36  42.40  40.10  38.09  36.71  35.53  

9 10 10 15 49.10  46.45  45.54  43.23  40.56  38.37  36.91  35.60  

10 10 15 20 51.11  48.11  46.63  44.07  41.01  38.72  37.09  35.67  

11 10 20 25 52.84  49.24  47.88  44.92  41.53  39.14  37.30  35.85  

12 10 25 30 54.66  50.45  48.77  45.87  42.16  39.58  37.55  35.93  

13 10 30 35 56.58  51.85  49.56  46.64  42.77  39.99  37.83  35.99  

14 10 35 5 43.16  41.85  41.76  40.40  38.62  36.91  35.71  34.63  

15 15 5 15 52.14  48.77  47.31  44.77  41.87  39.56  38.06  36.79  

16 15 10 20 53.98  50.19  48.43  45.54  42.31  39.91  38.24  36.83  

17 15 15 25 55.66  51.29  49.56  46.43  42.81  40.30  38.43  36.97  

18 15 20 30 57.39  52.48  50.38  47.29  43.42  40.72  38.66  43.42  

19 15 25 35 59.28  53.83  51.11  47.99  44.00  41.14  38.91  37.06  

20 15 30 5 46.10  44.04  43.56  41.89  39.94  38.10  36.87  35.76  

21 15 35 10 48.45  45.81  44.84  42.76  40.41  38.43  37.06  35.86  

22 20 5 20 56.85  52.28  50.27  47.01  43.62  41.12  39.37  38.01  

23 20 10 25 58.48  53.38  51.24  47.89  44.10  41.48  39.55  38.08  

24 20 15 30 60.22  54.56  52.00  48.71  44.67  41.88  39.76  38.18  

25 20 20 35 62.02  55.87  52.68  49.38  45.24  42.27  39.99  38.15  

26 20 25 5 49.09  46.26  45.36  43.37  41.24  39.32  38.01  36.91  
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27 20 30 10 51.30  47.96  46.64  44.24  41.70  39.62  38.19  36.99  

28 20 35 15 53.62  49.77  47.86  45.16  42.20  39.96  38.41  37.13  

29 25 5 25 61.38  55.47  52.90  49.37  45.39  42.67  40.69  39.19  

30 25 10 30 63.08  56.65  53.64  50.13  45.94  43.04  40.86  39.24  

31 25 15 35 64.83  57.95  54.30  50.78  46.47  43.43  41.09  39.22  

32 25 20 5 52.12  48.55  47.16  44.88  42.56  40.51  39.16  38.05  

33 25 25 10 54.28  50.16  48.44  45.71  42.98  40.79  39.31  38.13  

34 25 30 15 56.45  51.95  49.55  46.64  43.45  41.13  39.53  38.22  

35 25 35 20 58.42  53.35  50.93  47.45  44.00  41.55  39.74  38.42  

36 30 5 30 65.97  58.79  55.26  51.56  47.21  44.19  41.99  40.37  

37 30 10 35 67.72  60.06  55.94  52.15  47.71  44.56  42.18  40.29  

38 30 15 5 55.17  50.80  48.98  46.40  43.88  41.72  40.31  39.21  

39 30 20 10 57.27  52.41  50.22  47.19  44.27  41.99  40.42  39.30  

40 30 25 15 59.31  54.07  51.34  48.07  44.72  42.29  40.64  39.29  

41 30 30 20 61.17  55.33  52.61  48.87  45.23  42.70  40.84  39.52  

42 30 35 25 63.07  56.73  53.58  49.87  45.81  43.13  41.12  39.63  

43 35 5 35 70.64  62.22  57.59  53.54  48.96  45.72  43.29  41.38  

44 35 10 5 57.90  53.08  50.88  47.91  45.21  42.91  41.45  40.34  

45 35 15 10 60.26  54.67  51.98  48.73  45.57  43.17  41.56  40.45  

46 35 20 15 62.12  56.13  53.10  49.51  46.00  43.51  41.77  40.47  

47 35 25 20 63.92  57.41  54.27  50.32  46.47  43.86  41.92  40.61  

48 35 30 25 64.20  58.72  55.18  51.26  47.05  44.26  42.18  40.71  

49 35 35 30 65.56  60.22  56.04  52.10  47.68  44.73  40.99  40.83  
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Appendix B: The results of simulations for SA 

Runs RMSE 
Average 

difference 

1 9.43  -9.31  

2 8.54  -8.47  

3 7.70  -7.61  

4 6.91  -6.74  

5 6.23  -5.90  

6 5.63  -5.07  

7 5.17  -4.24  

8 6.84  -6.76  

9 6.10  -5.95  

10 5.45  -5.11  

11 4.93  -4.33  

12 4.55  -3.54  

13 4.35  -2.76  

14 8.87  -8.78  

15 4.62  -4.26  

16 4.20  -3.48  

17 3.93  -2.73  

18 3.00  -1.19  

19 4.02  -1.25  

20 7.19  -7.13  

21 6.30  -6.21  

22 3.38  -1.85  

23 3.50  -1.14  

24 3.81  -0.42  

25 4.32  0.28  

26 5.54  -5.47  

27 4.79  -4.59  
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28 4.19  -3.65  

29 3.86  0.47  

30 4.48  1.16  

31 5.18  1.84  

32 3.99  -3.79  

33 3.49  -2.94  

34 3.29  -2.05  

35 3.37  -1.18  

36 5.59  2.75  

37 6.38  3.41  

38 2.74  -2.11  

39 2.76  -1.28  

40 3.14  -0.45  

41 3.68  0.37  

42 4.38  1.20  

43 7.79  5.00  

44 2.33  -0.46  

45 3.04  0.38  

46 3.80  1.16  

47 4.61  1.93  

48 5.06  2.53  

49 5.92  3.10  
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Appendix C: The optimum sequences and corresponding results 

Runs 
Hip 

offset/mm 
Quadriceps 
offset/mm 

Ankle 
offset/mm 

RMSE 
Average 

difference 

Optimum 
sequence 1 

30 15 15 4.29 1.41 

Optimum 
sequence 2 

30 20 35 6.22 3.18 
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Appendix D: Copyright Approval 
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