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Abstract 

Given the growing interest of using musculoskeletal (MSK) models in a large number of clinical 

applications for quantifying the internal loading of the human MSK system, verification and 

validation of the model’s predictions, especially at the knee joint, have remained as one of the 

biggest challenges in the use of the models as clinical tools.  

This thesis proposes a methodology for more accurate quantification of knee extensor forces 

by exploring different experimental and modelling techniques that can be used to enhance 

the process of verification and validation of the knee joint model within the MSK models for 

transforming the models to a viable clinical tool.  

In this methodology, an experimental protocol was developed for simultaneous measurement 

of the knee joint motion, torques, external forces and muscular activation during an isolated 

knee extension exercise. This experimental protocol was tested on a cohort of 11 male 

subjects and the measurements were used to quantify knee extensor forces using two 

different MSK models representing a simplified model of the knee extensor mechanism and a 

previously-developed three-dimensional MSK model of the lower limb. The quantified knee 

extensor forces from the MSK models were then compared to evaluate the performance of 

the models for quantifying knee extensor forces. The MSK models were also used to 

investigate the sensitivity of the calculated knee extensor forces to key modelling parameters 

of the knee including the method of quantifying the knee centre of rotation and the effect of 

joint translation during motion.  

In addition, the feasibility of an emerging ultrasound-based imaging technique (shear wave 

elastography) for direct quantification of the physiologically-relevant musculotendon forces 

was investigated.  

The results in this thesis showed that a simplified model of the knee can be reliably used during 

a controlled planar activity as a computationally-fast and effective tool for hierarchical 

verification of the knee joint model in optimisation-based large-scale MSK models to provide 

more confidence in the outputs of the models. Furthermore, the calculation of knee extensor 

muscle forces has been found to be sensitive to knee joint translation (moving centre of 

rotation of the knee), highlighting the importance of this modelling parameter for quantifying 
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physiologically-realistic knee muscle forces in the MSK models. It was also demonstrated how 

the movement of the knee axis of rotation during motion can be used as an intuitive tool for 

understanding the functional anatomy of the knee joint.  

Moreover, the findings in this thesis indicated that the shear wave elastography technique can 

be potentially used as a novel method for direct quantification of the physiologically-relevant 

musculotendon forces for independent validation of the predictions of musculotendon forces 

from the MSK models.
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Chapter 1.  Introduction
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1.1 Aims and scope of the thesis 

Musculoskeletal (MSK) modelling techniques have been widely used to quantify the internal 

loading of the MSK system and provide a quantitative simulation of human movement. These 

techniques have been used in a broad range of applications including sports biomechanics, 

orthopaedic surgery, product design and various diagnoses and treatments of MSK disorders.   

As a result, MSK models have evolved in recent years by incorporating a sophisticated amount 

of detail to characterise the complexity of the MSK system and provide more physiologically-

realistic and clinically-relevant simulation of the system for subject-specific applications. 

However, the process of verification and validation of the model’s outputs to ensure that the 

simulations accurately represent the essential factors of the system to make trustworthy and 

clinically-relevant conclusions remains as one of the biggest challenges for clinical application 

of the models.  

This issue becomes more apparent in the knee joint models due to the complexity of the joint. 

Although advanced MSK models have been used in many studies to quantify knee forces 

during various activities, there is a lack of consistency among the models, and a large 

discrepancy is observed in the reported knee muscle forces in the literature (Wagner et al., 

2013). This is mainly due to the complex functional anatomy of the knee joint and the presence 

of uncertainty in the assumptions and underlying methods of the knee models.  

There is therefore a paucity of information on accurate quantification of knee forces and the 

in-vivo knee muscle forces have yet to be accurately quantified and the process of verification 

and validation of the knee forces estimated from the large-scale MSK models needs to be 

enhanced for clinical applications of the models. 

This thesis explores different experimental and modelling techniques that can be employed 

for accurate quantification of knee extensor forces, and evaluation of the performance of the 

knee joint models to provide more confidence in the models’ outputs and enhance the clinical 

applicability of the models. The experimental and modelling techniques proposed in this thesis 

can be used to assess the estimation of knee forces from the MSK models and also to identify 

the sensitive modelling parameters of the knee joint that should be controlled in the models 

to provide more confidence in quantification of knee forces, and therefore enhance the 

clinical applicability of the models. 
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Therefore, the aims of this thesis are to: 

• design an experimental protocol for developing a simplified deterministic model of the 

knee extensor mechanism that includes the essential modelling parameters of the 

knee joint for accurate quantification of knee extensor muscle forces;  

• quantify the knee extensor muscle forces using the simplified model of the knee 

extensor mechanism and a previously-developed three-dimensional MSK model of the 

lower limb, and investigate the viability of using a simplified model for assessing the 

performance of the knee joint model in a large-scale complex MSK model;  

• investigate the sensitivity of the calculation of the knee extensor muscle forces to the 

method of quantifying the knee centre of rotation (CoR) and joint translation as a key 

modelling parameter of the knee; and 

• investigate the feasibility of using an emerging ultrasound imaging method for 

quantifying the physiologically-relevant musculotendon forces as an additional 

technique for validating the estimation of musculotendon forces from the MSK 

models. 

1.2 Layout of this thesis  

The structure of this thesis is divided into eight chapters as follows. 

Chapter 2 presents a review of the common techniques for developing, implementing and 

assessing the MSK models. The review outlines the general principles of MSK modelling 

techniques that are used in the subsequent chapters, the applications of the models in 

different fields of study, and also the methods of verification and validation of the models. 

This chapter highlights the motivation behind this thesis with respect to the current limitations 

of the MSK modelling of the knee joint and justifies the work presented in the following 

chapters of this thesis.  

Chapter 3 provides an overview of the experimental methods that are used in this thesis for 

quantifying the knee extensor muscle forces using MSK modelling techniques. In this chapter, 

an experimental design for simultaneous measurement of the knee joint motion, torques, 

external forces and muscular activations during an isolated knee extension exercise is 

presented. The data acquired from the measurement techniques in this chapter are used for 
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implementing the MSK models of the knee in the subsequent chapters to quantify the knee 

extensor muscle forces.  

Chapter 4 describes the MSK modelling techniques that are employed in this thesis for 

quantifying the knee extensor muscle forces. These techniques are described in terms of two 

different MSK models including a simplified deterministic model of the knee extensor 

mechanism and a previously-developed three-dimensional MSK model of the lower limb.  

Chapter 5 presents a comparison between the estimated knee extensor muscle forces using 

the two employed MSK models, and the results are discussed to identify how the experimental 

and modelling factors can affect the quantification of knee forces in the models. In this 

chapter, the reliability of using a simplified model during a controlled experimental task as a 

computationally-fast and effective tool for hierarchical verification of the performance of the 

knee joint model in a large-scale MSK model is presented.  

Chapter 6 investigates the effect of the method of quantifying the knee CoR and joint 

translation (as a key modelling parameter in the knee joint models) on the calculation of the 

knee extensor muscle forces. This chapter also shows how the movement of the knee axis of 

rotation (AoR) due to joint translation during motion can provide an insight into the functional 

anatomy of the knee joint.  

Chapter 7 investigates the feasibility of using an emerging ultrasound-based imaging 

technique (shear wave elastography) for quantifying the musculotendon forces under 

physiologically-relevant loading as a potential method for direct validation of MSK models. 

Chapter 8 concludes the thesis by presenting a summary of the work presented in the previous 

chapters along with the concluding remarks, limitations and suggestions for future directions.  
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 Chapter 2.  Review of musculoskeletal 

modelling techniques focusing on the 

knee
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2.1 Chapter overview 

This chapter provides a review of the techniques used in the literature for developing, 

implementing and evaluating MSK models. The review is divided into three main parts. Firstly, 

the general principles of MSK modelling techniques are described, focusing on the knee joint. 

This includes a brief historical background about the models, the common techniques and the 

key modelling parameters used to construct the models. Secondly, the applications of MSK 

models are outlined to highlight the importance of using the models. This includes the clinical 

applications of the models in different areas such as sports biomechanics, orthopaedic 

surgery, product design and muscle force modification strategies for management of MSK 

pathologies.  Thirdly, the methods and the challenges for evaluating the predictions from the 

MSK models are reviewed. This consists of the various approaches used for verification and 

validation of the outputs and underlying modelling parameters of each component of the 

large-scale MSK models. Finally, the current limitations of the knee joint models and the 

approaches taken in this thesis for accurate quantification, verification and validation of knee 

joint forces are described.  

2.2 Musculoskeletal modelling techniques  

MSK models of the human body have been widely used as a fundamental tool to quantify the 

internal loading of the MSK system, and provide a quantitative description for neuromuscular 

and MSK interactions in production of movement during various activities. To achieve this, 

different modelling techniques have been employed for the development of the models. This 

section provides a description of the models and a review of the modelling techniques that 

are commonly used.    
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2.2.1 Historical background  

The use of biomechanical models as a tool to understand the mechanics of the human MSK 

system has a rich history (Paul, 2005). The models have evolved considerably over centuries, 

since the mechanics of bodily movement (the mechanical interactions within the MSK system 

and with the external environment) has received a great deal of attention from early on. 

Palladino et al. (2012) described how this interest started to grow by the key discoveries about 

basic human physiology and classical mechanics from some of the early scholars such as Galen 

(129-199), da Vinci (1452-1519), Vesalius (1514-1564), Newton (1642-1727) and Euler (1707-

1783). Galen was a Greek physician who realised that muscle contraction is required for 

producing motion. His work was further improved by Vesalius who produced a complete 

description of human motion (published as “The Fabric of the Human Body”) and described 

that the motion produced from muscle contraction is due to the change in the length and 

thickness of the muscle. The knowledge of anatomy and human body movement was 

advanced by the innovative works of Leonardo da Vinci in the 15th century. He was one of the 

first pioneers who provided a mechanical description of the human MSK system by integrating 

his engineering knowledge and observations of human movement into his anatomical 

drawings and paintings of the human body (Jastifer et al., 2012). Furthermore, the application 

of classical mechanics in the development of biomechanical models was codified by Euler who 

generalised Newton’s laws of motion to continuum mechanics and described the motion of 

rigid bodies relative to each other. All these efforts have come to form a foundation for 

developing sophisticated biomechanical models of the human MSK system.   

Alexander (2003) reviewed various types of biomechanical models used in the literature. He 

classified the models into three categories of conceptual, physical and mathematical or 

computational models. The conceptual models include the analogy between a phenomenon 

and human functions to understand the human motion without any mathematical or 

empirical analysis. The physical models have been used to demonstrate the actual mechanism 

of interest to enhance the understanding of human movement. The third category, 

mathematical and computational models, has been used to build the models based on the 

mathematical description of human motion and use the computational processing to quantify 

the biomechanical parameters during various activities. This thesis is primarily concerned with 
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this category of models and the term “MSK model” is used hereinafter to refer to 

mathematical and computational models. 

2.2.2 Kinematics and kinetics  

The primary function of MSK models is to analyse the motion of the body segments to 

determine the kinematics and kinetics parameters of the movement. Kinematics involves the 

study of the description of motion and kinetics entails the study of forces associated with 

generation of the motion. The quantitative description of segments’ position and orientation 

relative to each other and the velocity and acceleration of the segments are typically 

measured as the kinematics parameters of the motion. The kinetics parameters of segmental 

movement are typically analysed in terms of the forces (both internal and external) acting on 

the segments. These forces include the forces acting from an external body to the segments 

(for example, the ground reaction forces in walking), the gravitational and inertial forces, and 

the joint reaction forces and moments. The construction of the models and the modelling 

techniques to calculate the kinematics and kinetics parameters are described in the following 

sections. 

2.2.3 Rigid multi-body models 

Calculation of the kinematics and kinetics parameters in the models are commonly performed 

based on the assumption that the human body segments can be idealised as a series of linked 

rigid bodies joined together by frictionless joints (Winter, 1990). Each rigid segment can then 

be analysed using the principles of classical mechanics to provide information (kinematics and 

kinetics) about the individual segment and joint or the segments as a whole during motion. 

The number of segments, joints and the complexity of the model depend on the purpose of 

the study and the motion being analysed. This modelling approach has been taken by several 

researchers to develop models for the full human body (Anderson et al., 1999; Anderson et 

al., 2001a; van den Bogert et al., 2013) or with a focus on the upper limb (van der Helm, 1994; 

Langenderfer et al., 2005; Charlton et al., 2006) or lower limb (Brand et al., 1982; Cleather et 

al., 2015). For instance, van den Bogert et al. (2013) developed a full body model that consists 

of 16 rigid body segments that are linked with joints with a total of 44 kinematic degrees of 

freedom (DoF) to analyse human gait. Charlton et al. (2006) developed an upper limb model 

with 6 rigid body segments and used it to analyse selected activities of daily living, and 
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Cleather et al. (2015) established a lower limb model with 5 rigid segments articulated with 4 

joints and used the model for gait and sports analysis (Cleather et al., 2013a, b).  

2.2.4 Multi-body dynamics models  

The dynamic motion of the rigid body models has been usually analysed based on two main 

approaches, known as forward- and inverse-dynamics, to calculate the kinematics and kinetics 

of the motion under investigation. In forward dynamics, the driving forces are specified and 

the resulting motion is derived (Buchanan et al., 2004). In inverse dynamics, the motion is 

measured and the forces that produce the observed motion are determined (Winter, 1990). 

These approaches are briefly described in the following sections.  

2.2.4.1 Forward dynamics  

The models based on forward dynamics approach use the estimation of muscle forces to 

determine the resultant body motions. The muscle forces are normally estimated from 

measurement of muscle activations using electromyography (EMG) and muscle contraction 

dynamics models (Buchanan et al., 2004). The muscle forces can then be used along with the 

measured external forces and the description of the MSK geometry to calculate the joint 

moments and reaction forces during motion. The kinematics parameters of the body 

segments (acceleration, velocity and position) can then be calculated using the resultant joint 

moments through multiple integration of the equations of motion (Figure 2.1). 

Muscle 
Activations

Muscle Forces
Musculoskeletal 

Geometry
Joint Forces and 

Moments
Kinematics

External Forces

Muscle 
Contraction 
Dynamics

Motion

 

Figure 2.1. Forward dynamics process. 

2.2.4.2 Inverse dynamics  

The inverse dynamics-based models intend to estimate the muscle forces that produce a given 

motion according to the experimentally measured kinematics and kinetics of the motion 

(Winter, 1990). In this approach, once the model of the rigid body segments is generated, the 
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segmental kinematics (segment positions, velocities and accelerations) are calculated using 

the empirically measured motion of the segments. The resultant joint reaction forces and 

moments (intersegmental forces and moments) are then calculated using the measured 

kinematics and external forces. Finally, the calculated joint moments are used in conjunction 

with a description of the MSK geometry to derive the muscle moment arms and calculate the 

individual muscle and joint contact forces by optimising a physiological cost function. A 

summary of the multistep modelling process of the inverse dynamics approach is illustrated 

in Figure 2.2.  

Motion Data

Joint Forces and 
Moments

Musculoskeletal 
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Figure 2.2. Inverse dynamics process. 

2.2.4.3 Forward versus inverse dynamics  

Both forward and inverse dynamics models have a number of limitations. A key limitation of 

forward dynamics is that EMG measurements are used to estimate the muscle activations 

during multi-joint motor tasks; these have a high variability, and prediction of muscle forces 

from muscle activation has not been yet completely understood (Buchanan et al., 2004; Hug, 

2011). It is only possible to directly measure a subset of the muscles that produced the 

movement using EMG, and therefore some assumptions need to be made about other muscle 

contributions. Also, in this approach multiple integrations are required to describe the motion 

(relative position and orientation of the segments) from the measured muscle forces which 

lead to a high computational cost of this approach. On the other hand, in inverse dynamics-

based models, the measurement of motion and calculation of segment kinematics may be 

subjected to measurement errors and inaccuracies (Cappozzo et al., 1996). In addition, the 

measured kinematics (positions) data are normally differentiated to determine segment 

velocities and accelerations. This operation makes the method sensitive to measurement 

noise which is amplified during the differentiation process.  
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One of the major advantages of the inverse dynamics approach is that the calculation of 

muscle forces from the measured kinematics and external forces can be made to be 

independent for each time sample of the motion. This means that the muscle forces that 

caused the motion at one time sample can be estimated (using the optimisation techniques 

that are described in Section 2.2.11) independently from the forces that caused the motion at 

the next time sample. In the forward dynamics approach, however, the empirical estimation 

of muscle forces at one time sample may affect the motion of the entire set of linked 

segments, and therefore the muscle forces, at the next time sample. This makes forward 

dynamics much more complex than inverse-dynamics and also increases the possibility of 

having major errors in the predictions. Also, a minor error in the calculation of segmental 

kinematics, for example due to inaccurate description of the MSK geometry, can accumulate 

over time and lead to major errors in the predictions, even with valid time histories of muscle 

forces. It should be also noted that both approaches require adequate description of joint 

kinematics and MSK geometry, for example the number of DoF of the joint and muscle 

parameters, for accurate estimation of moment arms and muscle forces.  

Erdemir et al. (2007) reviewed the studies that developed models based on these approaches 

to quantify the internal loading of the MSK system during various activities. It has been shown 

that the choice of the modelling approach depends on the purpose of the study and the 

research question that needs to be answered. For example, the forward dynamics approach 

can be effectively used in those studies where the muscle force-length-velocity relationship is 

important, such as the study by Arnold et al. (2013) that investigated the difference in the 

muscle contraction velocity during the transition from walking to running. Nevertheless, the 

inverse dynamics approach has been incorporated in a wide range of MSK models (Winter, 

1990; Mow et al., 2005) and it is known as a computationally-efficient approach that can 

provide an acceptable understanding of the MSK forces and joint moments that act during 

various activities. The MSK modelling techniques employed in this thesis are based on the 

inverse dynamics approach, and the multistep processes that are commonly used to develop 

the models based on this approach are described in the following sections. 

2.2.5 Model inputs and outputs  

Generally, the inputs into the models consist of the motion of the body segments and the 

external forces acting on each segment, and the outputs typically contain the joint and muscle 
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forces (Figure 2.2). However, the outputs of interest may vary according to the application of 

the models, for example, there are models that may be used to estimate the joint kinematics 

parameters or moments only. A review of the applications of the models including various 

uses of the outputs is presented in Section 2.3. The motion data is typically used to construct 

the body segments (based on the position of anatomical landmarks) and joint kinematics 

models to describe the relative motion of the segments and calculate the segments’ positions, 

velocities and accelerations. The external forces are usually described as force vectors that are 

applied at a point on the segments, and then used as one of the parameters in the segments’ 

equations of motion to calculate joint moments and reaction forces (intersegmental moments 

and forces). The common measurement techniques to obtain the motion data and the 

external forces are briefly described below with a focus on the lower extremity and the knee 

joint, the subject matter of this thesis. The reconstruction of body segments, joint kinematics 

models, calculation of intersegmental forces and moments and muscle and joint forces are 

explained in the subsequent sections. 

2.2.6 Kinematics and kinetics measurement techniques 

A variety of techniques have been developed to measure the lower limb segment and joint 

kinematics. Some of the common examples include optical motion tracking systems (Borzikov 

et al., 2015), electromagnetic devices (An et al., 1988; Migaud et al., 1995; Bull et al., 1998b), 

different types of radiographic imaging techniques (Eberhardt et al., 1986; Jonsson et al., 

1989; Nilsson et al., 1991; Anderst et al., 2009), Magnetic Resonance Imaging (MRI) techniques 

(Gilles et al., 2004; DeFrate et al., 2006; Blemker et al., 2007), inertial measurement units 

including accelerometers (Morris, 1973; Hayes et al., 1983) and electrogoniometric devices 

(Townsend et al., 1977; Kaufman et al., 1991b). The choice of appropriate technique can vary 

according to the intended use of the model, the employed joint kinematics models and the 

accuracy required. Bull et al. (1998a) presented a comprehensive review of different methods 

for measuring knee joint kinematics. Optical motion tracking is used in this thesis as imaging 

techniques are too slow and do not have the resolution and field of view required, 

electromagnetic devices and inertial measurement units do not have the requisite accuracy, 

and electrogoniometers are too physically restrictive. 

Optical-based motion tracking systems have been used as one of the most common systems 

for capturing segment motion for developing MSK models in a wide range of activities such as 
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gait analysis and sports activities (Winter, 1990). In this method, multiple cameras and 

anatomical markers are used to track the position of the anatomical landmarks of the 

segments during motion. Two different types of anatomical markers have been typically used 

with this technique which include passive (reflective) marker systems (An et al., 1991) or active 

(for example light-emitting diodes) markers (Berchuck et al., 1990). The anatomical markers 

can be either invasively attached to the bones using the bone pins (Reinschmidt et al., 1997a; 

van den Bogert et al., 2008), or placed on the skin to measure the relative motion of the bones 

with respect to the position of the markers (Söderkvist et al., 1993; Cereatti et al., 2006). 

Figure 2.3 shows a typical example of the optical motion tracking cameras, reflective skin 

markers and bone pins. An optical motion tracking system with reflective skin markers are 

used as one of the experimental techniques to measure the knee motion in this thesis (Chapter 

3). The accuracy of the measurements and the details of the system used in thesis are 

discussed later. 

 

Figure 2.3. Optical motion tracking system. The cameras (left) are used to capture the 
position of the reflective skin markers (middle) or the markers attached to the bone pins 
(right1). 

The external forces acting on the segments have been typically measured using different types 

of instrumented devices with force transducers that can convert the mechanical load exerted 

on the segments into a force vector and a point of application. The choice of the measurement 

technique is highly dependent on the employed experimental techniques and the activity 

under analysis. For example, the reaction force between the ground and the foot of the 

                                                      
1 Image was adapted from van den Bogert et al. (2008), "Helical axes of skeletal knee joint motion during 
running." Journal of Biomechanics 41(8): 1632-1638. Copyright © 2008 Published by Elsevier Ltd. 
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subject (ground reaction force) is one of the most common measures of the external forces 

acting on the lower limb segments during a wide range of daily and sports activities (such as 

walking and running). The ground reaction forces have been typically measured synchronously 

with motion data using commercial force plate systems that are located on - or embedded 

within - the ground (Bobbert et al., 1990; Psycharakis et al., 2006; Lees et al., 2007). The design 

and application of these instrumented devices may be customised for experimental tasks for 

which the ground reaction force is not the only external force acting on the segments. For 

example, a chair can be equipped with force plate systems and other types of force 

transducers to analyse the external forces acting on the feet, thighs and hands during sit-to-

stand activity (Turner et al., 2004; Gagnon et al., 2008; Nadeau et al., 2008), or an 

instrumented rowing ergometer can be used for measuring the reaction forces from the 

handle, seat and foot plates during rowing (Buckeridge et al., 2016).  

Joint moments and external forces during controlled experimental tasks (such as isolated knee 

extension against resistance) can be also measured directly using dynamometers 

(Baltzopoulos et al., 1989). In this approach, dynamometers are employed to quantify the 

resultant moment throughout a joint range of motion based on a resistance force applied to 

the segments. This technique has been particularly used for analysing the forces in the knee 

joint (Herzog, 1988; Kaufman et al., 1991a; Baltzopoulos, 1995; Kaufman et al., 1995; Chow, 

1999), as well as other lower limb joints including the hip (Diamond et al., 2016; Morcelli et 

al., 2016) and ankle (Lentell et al., 1990; Andrade et al., 2016). The external forces acting on 

the segments can be derived from the measured joint moments using simple analytical models 

(Nisell et al., 1986; Herzog, 1988), or using a force transducer placed on the dynamometer 

(Kaufman et al., 1991a; Chow, 1999). Figure 2.4 shows the use of a dynamometer along with 

a tri-axial electrogoniometer for analysing the knee joint kinematics and kinetics during a knee 

extension exercise. A dynamometer is used as one of the experimental measurement 

techniques in this thesis for analysing the knee extensor forces and measuring the external 

forces acting on the lower limb which is discussed in more detail in Chapter 3. 
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Figure 2.4. Experimental setup for analysing knee kinematics and kinetics using a 
dynamometer and a tri-axial electrogoniometer during knee extension exercise2. 

2.2.7 Body segment reconstruction 

Accurate information regarding the body segment parameters (BSPs) including the size, 

dimension, mass, location of centre of mass and the inertial properties of the segments is 

required for reconstructing the segments in the models and calculating the joint forces and 

moments. 

Several approaches have been proposed in the literature for estimating these parameters that 

include using regression equations derived from cadaveric studies (Dempster, 1955; Chandler 

et al., 1975), medical imaging techniques such as MRI (Martin et al., 1989; Cheng et al., 2000) 

and radiographic-based techniques (Zatsiorsky et al., 1983; Pearsall et al., 1996; Durkin et al., 

2002; Ganley et al., 2004), and geometric and mathematical models (Hatze, 1975; Yeadon, 

1990; Pataky et al., 2003; Davidson et al., 2008). These techniques have been typically used to 

develop generic anthropometric datasets that can be scaled to represent the anthropometry 

of the individual subjects (de Leva, 1996); some methods such as imaging techniques can be 

directly used on a subject-specific basis to measure the BSPs. For example, Durkin et al. (2002) 

                                                      
2 Image was adapted from Kaufman et al. (1995), "A comparison of intersegmental joint dynamics to isokinetic 
dynamometer measurements." Journal of Biomechanics 28(10): 1243-1256. Copyright © 1995 Published by 
Elsevier Ltd. 
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proposed a method for direct measurement of subject-specific BSPs that is based on a clinical 

X-ray imaging method which has been conventionally used for measuring the body 

composition, bone density and mass distribution of the segments. 

The reliability of using the generic anthropometric datasets derived from cadaveric studies 

has been questioned by some researchers as they are limited to the number of cadaveric 

specimens and they may not accurately estimate the BSPs of certain populations and subjects 

with pathologies (Cheng et al., 1998; Durkin et al., 2003; Pataky et al., 2003). It was therefore 

suggested that the accuracy of the estimations depends on how well the morphology of the 

subjects can match the specimens used in those studies and the generic datasets should be 

selected according to the population-specific parameters (for example, age, gender, race and 

morphology) of the subjects under investigation (Pearsall et al., 1994). Measurement of BSPs 

using imaging techniques has been found to provide more accurate estimation of BSPs, 

however, these techniques are usually expensive and time consuming, and also in some cases 

include radiation exposure (Zatsiorsky et al., 1983) which may not be feasible to be used in 

routine motion analysis setups (Martin et al., 1989; Pearsall et al., 1994). Mathematical and 

geometric models have been alternatively used by combining the data obtained from one of 

the aforementioned techniques and empirically-measured anthropometry of the subjects. In 

this approach, the generic datasets are typically adjusted to the geometry of the subjects for 

estimating subject-specific BSPs and it has been commonly used for reconstructing the body 

segments in MSK models with an accepted accuracy (de Leva, 1996; Pavol et al., 2002; Dumas 

et al., 2007b). For example, the anthropometric model developed by de Leva (1996) is one of 

the most comprehensive models for estimating subject-specific BSPs of young adults 

according to the position of anatomical landmarks of each segment. This model was 

developed by adjusting the original dataset of Zatsiorsky et al. (1983) obtained from studying 

114 living young adults using imaging techniques and nonlinear regression equations.   

2.2.8 Joint kinematics models 

Joint kinematics models are developed as a key part of MSK models to provide a mathematical 

description for the motion of the body segments. The description of motion is then used to 

quantify the kinematics parameters including the linear and angular displacements, velocities 

and accelerations of the segments. The description of motion consists of the relative motion 

of two rigid body segments at an anatomical joint. This can be applied to all anatomical joints, 
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including those with two bones moving relative to each other (for example, the motion of the 

femur relative to the pelvis at the hip joint), or those that can be simplified to two bones 

moving relative to each other. For example, the knee joint motion that consists of the 

interaction between patella, femur and tibia can be described using the tibiofemoral and 

patellofemoral joint models (Ramsey et al., 1999). Consequently, development of joint 

kinematics models depends on the definition of the anatomical joint model and the method 

of description of motion which are explained in the following sections.  

2.2.8.1 Anatomical joint models 

There has been a plethora of studies exploring the kinematics of various anatomical joints 

ranging from the joints of the upper limb, such as the finger (Jindrich et al., 2004), wrist 

(Andrews et al., 1979), elbow (London, 1981) and shoulder (Lempereur et al., 2014) to the 

lower limb joints such as the hip (Costa et al., 2016), knee (Lafortune et al., 1992) and ankle 

(Kidder et al., 1996) during different activities of daily living. Kinzel et al. (1983) presented a 

comprehensive review of different types of anatomical joint models that can be incorporated 

in the kinematics models.  

In general, all joints can theoretically move with six independent DoF consisting of three 

rotations and three translations. Figure 2.5 depicts an example of the six-DoF and the planes 

of motion for the knee joint.  
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Figure 2.5. Six-DoF of the knee joint including three rotational and three translational 
motions3. 

However, the theoretical six-DoF are typically simplified to less than this based on the 

functional anatomy of the joint. Figure 2.6 presents three common types of simplified joint 

models used for modelling the anatomical joints. For example, the hip joint has been 

commonly modelled using a three-DoF spherical (ball and socket) joint (Figure 2.6) by 

considering the joint rotations only and eliminating the translations as they are small 

compared to the rotations (Begon et al., 2007; Weinhandl et al., 2014; Costa et al., 2016). 

However, it should be noted that if the model is considering pathologies, then pathological 

motion must be permitted within the model; frequently the DoF of a model is restricted to 

                                                      
3 Image was adapted from Kaufman et al. (1995), "A comparison of intersegmental joint dynamics to isokinetic 
dynamometer measurements." Journal of Biomechanics 28(10): 1243-1256. Copyright © 1995 Published by 
Elsevier Ltd. 
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only permit anatomical motion. The knee joint has been characterised using various types of 

joint models with different DoF due to its complex functional anatomy (Hefzy et al., 1988; Bull 

et al., 1998a; Ramsey et al., 1999). 

 

Figure 2.6. Different simplified joint models used for modelling the anatomical joints4.  

In a large number of investigations, the knee joint motion has been characterised in the 

sagittal plane using a two-dimensional (2D) planar joint model. Many of these investigations, 

including recent clinical studies, used a planar knee (tibiofemoral) joint model with one-

rotational DoF (hinge) joint (Figure 2.6) in which the three joint translations (medial-lateral, 

anterior-posterior and distraction-compression translations), and the remaining two rotations 

(adduction-abduction and internal-external rotations) are neglected, and the relative motion 

of the tibia to femur is characterised by flexion-extension rotation about a single fixed CoR 

which is obtained as the intersection point between the flexion-extension axis and the sagittal 

plane (Komura et al., 2004; McLean et al., 2004; Jonkers et al., 2006; De Groote et al., 2009; 

Lewis et al., 2009; Correa et al., 2010; Richards et al., 2010; Correa et al., 2011; Laughlin et al., 

2011; Sandholm et al., 2011; Worsley et al., 2011; Dao et al., 2012). Figure 2.7 shows an 

example of this type of knee joint model.  

                                                      
4 Image was adapted from Lenarčič et al. (2013), Robot Mechanisms. Dordrecht, Springer Netherlands: 61-89. 
Copyright © 2013 by Springer Science+Business Media Dordrecht.  
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Figure 2.7. One-DoF hinge joint knee model. In this model, the tibia is moving relative to 
femur, and the motion is characterised by flexion-extension rotation angle of 𝛉 around the 
fixed CoR5.            

Some other studies employed a planar knee joint model with three-DoF which includes two 

translational (anterior-posterior and distraction-compression) and one rotational (flexion-

extension) motions for representing both rolling and sliding (gliding) motion of the knee. 

(Duke et al., 1977; Gerber et al., 1983; Yamaguchi et al., 1989; Zavatsky et al., 1992; Steele et 

al., 2012). This type of knee joint model is represented in Figure 2.8. In this model, the flexion-

extension rotations are characterised in terms of the rotations around the joint CoR, and the 

translations of tibia relative to femur is modelled based on the change of location of the joint 

CoR as a function of knee flexion angle (CoR is moving during the joint motion). The methods 

of calculating the joint CoR and the effect of moving CoR will be discussed further in Chapter 

6.  

                                                      
5 Image was adapted from Bull et al. (1998), "Knee joint motion: Description and measurement." Proceedings of 
the Institution of Mechanical Engineers, Part H: Journal of Engineering in Medicine 212(5): 357-372. Copyright © 
1998 by SAGE Publications. 
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Figure 2.8. Three-DoF planar knee joint model. In this model, the femur is moving relative 
to tibia. The rolling and sliding (gliding) motion of the knee is represented by one rotation 
and two translations of element X6. 

The knee joint has been also modelled using a three-DoF spherical joint (as is commonly used 

for the hip joint) in which the joint rotations only are considered while neglecting the 

translations (Strathy et al., 1983; Kowalk et al., 1996). The joint in this case is characterised by 

considering the motion of tibia relative to femur on a concentric sphere about a fixed CoR. 

Some other studies used a special case of the spherical knee joint model with two-DoF. For 

example, Reichl et al. (2010) used a two-DoF universal knee joint model with two-rotational 

DoF including the flexion-extension and internal-external rotations. The sole use of two-DoF 

universal joint models is not a common method for characterising the knee, however, it has 

been typically used for characterising the ankle joint (McLean et al., 2004; Sandholm et al., 

2011; Dao et al., 2012).  

Moreover, several studies developed their knee joint models by customising the number of 

DoF according to the application of the model and the importance of a specific DoF for the 

activity under analysis. For instance, Saxby et al. (2016) used a knee joint model with four-DoF 

(two rotations and two translations) for analysing sidestepping. Their model was developed 

by using the three-DoF planar knee joint model of Yamaguchi et al. (1989) to characterise the 

flexion-extension rotations, and anterior-posterior and distraction-compression translations 

                                                      
6 Image was adapted from Bull et al. (1998), "Knee joint motion: Description and measurement." Proceedings of 
the Institution of Mechanical Engineers, Part H: Journal of Engineering in Medicine 212(5): 357-372. Copyright © 
1998 by SAGE Publications. 
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along with a modified one-DoF universal joint to include the internal-external rotations and 

restrict the adduction-abduction rotations. Similarly, the combination of a three-DoF planar 

joint with a two-DoF universal joint has been also used in several studies for characterising the 

tibiofemoral joint with five-DoF (Donnelly et al., 2012; Gerus et al., 2013; Weinhandl et al., 

2014). In these studies, the flexion-extension rotations and the sagittal plane translations 

(anterior-posterior and distraction-compression) were modelled using the three-DoF planar 

joint model (Figure 2.8) while the adduction-abduction and internal-external rotations were 

characterised using the universal joint with the same moving flexion-extension CoR derived 

from the planar knee joint model. This type of model allows the tibia to translate relative to 

the femur as a function of knee flexion angle while neglecting the medial-lateral translations. 

All types of the reviewed joint models are simplified by reducing the number of DoF and 

assuming the ligaments and geometry of the joint can restrict the motion of the neglected 

DoF. Although this simplification may be valid for some joints, the neglected rotational and 

translational movements in the knee joint can be substantial for analysing the joint kinematics 

(Freeman, 2001; Freeman et al., 2003; Freeman et al., 2005), particularly for investigating 

pathological conditions (Stewart et al., 2010; Ozada, 2016). Thus, various researchers 

developed a knee joint model with full six-DoF including all rotations and translations 

(Wismans et al., 1980; Lafortune et al., 1992; Navacchia et al., 2016; Ozada, 2016). The 

importance of using six-DoF knee joint models and the effect of reducing number of DoF on 

estimation of knee muscle forces, in particular the impact of joint translations and the moving 

CoR, will be investigated as part of this thesis in Chapter 6.  

2.2.8.2 Description of joint motion  

The mathematical description of joint motion has been typically represented in terms of the 

position and orientation of the segments relative to one another at each time frame of the 

motion. This can be obtained by defining a coordinate reference frame (coordinate frame) for 

each individual segment using its anatomical landmarks and taking one segment as a fixed 

reference while the adjacent segment can move relative to it. A coordinate frame can be 

defined using an origin and a triad of mutually orthogonal basis vectors that are all fixed in a 

particular body (Figure 2.9). The relative displacements of coordinate frames can then be 

characterised in terms of relative positions and orientations of one coordinate frame with 

respect to another (one of which is referred to as moving while the other is referred to as 
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fixed) as a function of the DoF of the joint to determine the joint translations and rotations. 

The linear and angular velocities and accelerations of the segments can then be calculated 

using the first and second time derivatives of the joint translations and rotations.  

The relative displacements of coordinate frames may be either described with respect to a 

static fixed coordinate frame in space (space-fixed), such as the laboratory (global) coordinate 

frame, or with respect to a local coordinate frame fixed in a moving body segment (body-

fixed). Although the body-fixed coordinate frame may move, it is considered fixed relative to 

another moving coordinate frame such that the observer is located in a stationary position 

within the body-fixed coordinate frame. The local body-fixed coordinate frame is typically 

employed for the analysis of joint kinematics in order to include the motion of each segment 

relative to one another.  

The mathematical calculations for describing the relative position, orientation and 

displacements of two segments that are most commonly applied to joint kinematics models 

(Winter, 1990; Waldron et al., 2008) are exemplified in the following sections. The 

mathematical conventions described in the following sections are used throughout this thesis 

and employed for developing the knee joint kinematics model in Chapter 4. 

Position and translation  

The relative position of the body segments can be expressed as the position of their 

coordinate frames with respect to each other. This can be quantified in terms of the position 

of the origin of one coordinate frame relative to another using a position vector. Figure 2.9 

shows the position of a moving body (A) with respect to a fixed body (B) with their embedded 

coordinate frames. The position of the origin of moving coordinate frame A (OA)  relative to 

the fixed coordinate frame B (OB) can be expressed using a position vector as:  

OA
B = [

OAx

OAy

OAz

]

B

 2.1 
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where the vector OA
B represents the origin point of coordinate frame A (denoted as the 

subscript) described relative to coordinate frame B (denoted as the superscript). The 

components of this vector represent the coordinates of the origin of coordinate frame A (OAx
, 

OAy
, OAz

) in coordinate frame B, which are the projections of the vector OA
B onto the 

corresponding axes (XB, YB, ZB).  

 

Figure 2.9. Representation of the relative position of one moving and one fixed body in 

space using their coordinate frames. 𝐎𝐀
𝐁 is the vector representing the position of the origin 

of the moving coordinate frame 𝐀 in the fixed coordinate frame 𝐁. Position vectors 𝐩𝐀 and 
𝐩𝐁 represent the position of the same point (𝐩) in coordinate frames 𝐀 and 𝐁 respectively.  

Similarly, a position vector can be used to describe the position of any arbitrary point in space 

relative to a coordinate frame. For instance, in Figure 2.9, the position of point p can be 

described with respect to coordinate frame A or B using position vectors pA and pB. It should 

be noted that point p is not necessarily required to be within the boundaries of the finite rigid 

body, but rather any point in space can be defined to be rigidly fixed in a body and can be 

described with respect to any coordinate frame during motion. This representation of position 

is used in Chapter 4 to quantify the position of CoR of the knee within the femur with respect 

to tibia as a point that is out of the boundaries of the tibia.   



 

25 

Translation along of a body is defined as a displacement in which no point within the body 

remains in its initial position while any straight line within the body remains parallel to its 

initial orientation (Waldron et al., 2008). Therefore, the translation of a body relative to 

another body can be represented using the position vectors as the combination of its positions 

prior to and following a displacement.   

Orientation and rotation 

The relative orientation of the body segments can be expressed as the orientation of their 

coordinate frames with respect to each other. This can be determined using the mathematical 

relationships between the basis vectors of the coordinate frames by describing the basis 

vectors of one coordinate frame in terms of the basis vectors of the other coordinate frame. 

In Figure 2.9, the orientation of coordinate frame A relative to coordinate frame B can be 

denoted by describing the basis vectors XA, YA and ZA in terms of the basis vectors XB, YB and 

ZB using a matrix as:   

 RA
B = [XA

B YA
B ZA

B] = [
XA. XB YA. XB ZA. XB

XA. YB YA. YB ZA. YB

XA. ZB YA. ZB ZA. ZB

] = [

XAx
YAx

ZAx

XAy
YAy

ZAy

XAz
YAz

ZAz

]

B

 2.2 

This matrix is referred to as the rotation matrix between coordinate frames A and B (or 

coordinate frame A relative to B). The rotation matrix RA
B  contains the orientation of each axis 

of coordinate frame A (XA, YA, ZA) described in coordinate frame B, and its components 

represent the dot product of basis vectors of the two coordinate frames. The trailing 

subscripts (x, y, z) in the right term of Equation 2.2 represent the components of the basis 

vectors of coordinate frame A in coordinate frame B, and the superscript B is used to indicate 

that the orientation is described relative to coordinate frame B. Therefore, for example, XAx
 

shows the  x component of the X axis of coordinate frame A described with respect to 

coordinate frame B. 

The rotation matrix RA
B  can be used to rotate any vector described in coordinate frame A to a 

vector described in coordinate frame B. In other words, it gives a mathematical representation 

of the rotations from coordinate frame A to coordinate frame B. As the basis vectors are unit 

vectors, the dot product of any two unit vectors equals the cosine of the angle between them. 
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This relationship between the axes of the coordinate frames is then used to calculate the 

rotation angles between the two coordinate frames, which is described in the next section.   

Also, the matrix RA
B  is composed of mutually orthonormal vectors as the basis vectors of both 

coordinate frames A and B are mutually orthonormal and each column is formed by the dot 

products of these vectors. Hence, the rotation matrix RA
B  is an orthogonal matrix which has 

the property such that its inverse equals its transpose. The transpose (or inverse) of this matrix 

in which the rows are clearly the columns of the matrix RA
B  provides a representation of the 

coordinate frames in reverse order. Therefore, the rotations from coordinate frame B to 

coordinate frame A (or the orientation of coordinate frame B relative to coordinate frame A) 

can be expressed as:  

RB
A = [RA

B]
T

= [RA
B]

−1
  2.3 

where the superscripts T and −1  denote the transpose and inverse of the matrix respectively. 

Euler angles  

The representation of the relative orientation of two coordinate frames (expressed as a 

rotation matrix) can be described in terms of three ordered rotations and three angles which 

are known as Euler angles (Figure 2.10). Each of these angles represents a rotation about an 

axis of the moving coordinate frame to reach to the final orientation of the fixed coordinate 

frame. Theoretically, there are twelve different possible sequence of rotations depending on 

the order of the axes about which the rotations occur, to describe the rotations between two 

coordinate frames (Winter, 1990). Since the orientation of the axis of each successive rotation 

depends on the preceding rotation, the resulting rotations depend on the order of the 

rotations and the rotation angles are sequence-dependent. The extent of this effect has been 

investigated by several studies in the literature (Blankevoort et al., 1988; Woltring, 1991, 

1994). 



 

27 

Figure 2.10 demonstrates an example of the Z-X-Y rotation sequence to describe the three 

ordered rotations between coordinate frames A and B mentioned in the previous section. 

Taking the moving coordinate frame A and the fixed coordinate frame B to be initially 

coincident, α represents the first rotation about the Z axis of coordinate frame A (ZA), β 

represents the second rotation about the rotated X axis of coordinate frame A (XA
′ ) and γ 

shows the third rotation about the twice-rotated Y axis of coordinate frame A  (YA
′′).  

 

Figure 2.10. Representation of Euler rotations using the Z-X-Y sequence. The intermediate 
systems (𝐗𝐀

′ , 𝐘𝐀
′ , 𝐙𝐀

′ ) and (𝐗𝐀
′′, 𝐘𝐀

′′, 𝐙𝐀
′′) are indicated with blue and green.  

In Figure 2.10, the rotated axes XA
′ , YA

′  and ZA
′  can be mathematically expressed in terms of 

rotation angle α as: 

XA
′ = [

cos(α)

sin(α)
0

]   YA
′ = [

−sin(α)

cos(α)
0

]   ZA
′ = [

0
0
1
]         2.4 

thereby, the first rotation of coordinate frame A about the ZA axis through an angle α can be 

expressed using a rotation matrix as: 

RZA
(α) = [

cos(α) −sin(α) 0

sin(α) cos(α) 0
0 0 1

] 2.5 

similarly, the second rotation of coordinate frame A about the XA
′  axis through an angle β is: 

RXA
′ (β) = [

1 0 0
0 cos(β) −sin(β)
0 sin(β) cos(β)

] 2.6 
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and the third rotation about the YA
′′ axis through an angle γ is: 

RYA
′′(γ) = [

cos(γ) 0 sin(γ)
0 1 0

−sin(γ) 0 cos(γ)
] 2.7 

where the leading subscripts denote the respective axes about which the rotation occurred, 

and the trailing subscripts represent the corresponding coordinate frame. 

Therefore, the rotations from coordinate frame A to B (the final orientation of coordinate 

frame A relative to coordinate frame B) represented in Equation 2.2, can be described as a 

function of the three rotation angles (α, β, γ) by combining Equations 2.5, 2.6 and 2.7:  

RA
B = RZAXA

′ YA
′′(α, β, γ) = [RZA

(α)][RXA
′ (β)][RYA

′′(γ)] =    

= [

c(α). c(γ) − s(α). s(β). s(γ) −c(β). s(α) c(α). s(γ) + c(γ). s(α). s(β)

c(γ). s(α) + c(α). s(β). s(γ) c(α). c(β) s(α). s(γ) − c(α). c(γ). s(β)

−c(β). s(γ) s(β) c(β). c(γ)
] 2.8 

where c refers to cosine and s refers to sine of the corresponding angles.  

Given the general form of a rotation matrix as:  

RA
B = [

r1,1 r1,2 r1,3

r2,1 r2,2 r2,3

r3,1 r3,2 r3,3

] 2.9 

each of the rotation angles representing the rotations of one coordinate frame relative to 

another can be extracted from Equation 2.8. This can be performed using an arc sine (sin−1) 

and a two-argument arc tangent (atan2(𝑥, y)) function that computes the arc tangent of 
𝑥

𝑦
 

(tan−1(
𝑥

𝑦
)) using the sign of both 𝑥 and 𝑦 components to calculate the quadrant in which the 

resulting angle lies. Therefore:  

β =  sin−1(r3,2) =  sin−1(s(β))  2.10 

α = atan2 (
−r1,2

c(β)
,
r2,2

c(β)
) = atan2(

c(β). s(α)

c(β)
,
c(α). c(β)

c(β)
) 2.11 
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γ = atan2 (
−r3,1

c(β)
,
r3,3

c(β)
) = atan2(

c(β). s(γ)

c(β)
,
c(β). c(γ)

c(β)
) 2.12 

The calculated rotation angles can also be described in term of the rotations about the axes 

of the fixed coordinate frame B. In this case, the three rotations about the three axes of the 

moving coordinate frame A define the same orientation as the same three rotations occurring 

in the opposite order about the three axes of the fixed coordinate frame B. This means the Z-

X-Y sequence of rotations about the axes of the moving coordinate frame A is equivalent to 

the Y-X-Z sequence of rotations about the axes of the fixed coordinate frame B which yields 

the same orientation of the two coordinate frames relative to each other. Therefore, the 

rotation angles can be either described as the rotations about the moving or the fixed 

coordinate frame.   

The Euler angles representation of motion can be used to fully describe three-dimensional 

(3D) rotations of one segment relative to another, and it has been used to describe knee 

rotations (Lewis et al., 1977; Chao, 1980). However, the joint translations are not described 

by this method and they need to be described separately using the position vectors as 

described previously. Alternatively, homogenous transformation matrices can be used to 

describe both rotations and translations using a single matrix which is described in the next 

section.  

Moreover, in this method the rotations are sequence-dependent and also the clinical 

description of Euler rotations may be challenging. Blankevoort et al. (1988) showed that the 

effect of a different sequence of rotation on the knee rotation angles can be small when the 

adduction-abduction and internal-external rotations are small. Grood et al. (1983) proposed 

a technique based on Euler angles which is independent of the order of rotations and it also 

includes joint translations and facilitates the clinical description of joint motion. This technique 

is described in the subsequent sections.  

Homogenous transformation  

The relative position and orientation of coordinate frames explained in the previous sections 

can be combined together in a compact notation to include both translations and rotations 

using a transformation matrix. In this way, any vector described relative to a coordinate frame 
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can be transformed to another coordinate frame and described relative to that coordinate 

frame. 

Considering the previous example (Figure 2.9), vector pA described relative to coordinate 

frame A can be transformed and described relative to coordinate frame B (pB) using the 

relative position and orientation of the two coordinate frames found in Equations 2.1 and 2.2 

as:  

pB = RA
B  pA + OA

B 2.13 

This can be written in matrix form as: 

[p
B

1
] = [RA

B OA
B

0 1
] [p

A

1
] 2.14 

where,  

TA
B = [RA

B OA
B

0 1
] =

[
 
 
 
XAx

YAx
ZAx

OAx

XAy
YAy

ZAy
OAy

XAz
YAz

ZAz
OAz

0 0 0 1 ]
 
 
 
B

 2.15 

is the homogenous transformation matrix between coordinate frames A and B. This matrix 

contains a position vector (OA
B) and a rotation matrix (RA

B ) to fully describe the translations 

and rotations between the coordinate frames. The matrix TA
B can be used to transform any 

vector described in coordinate frame A to a vector described in coordinate frame B, and its 

inverse ([TA
B]

−1
) can be used to transform any vector from coordinate frame B to coordinate 

frame A:  

TB
A = [TA

B]
−1

  2.16 

Transformation matrices can be also combined through a series of successive matrix 

multiplications to obtain transformations between multiple bodies and coordinate frames 

(Figure 2.11). Thus, the transformation between coordinate frame A to a new coordinate 

frame C can be determined by cascading of the transformation matrices as:  

TA
C = [TB

C][TA
B] 2.17 
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which shows a series of transformation from right to left is equivalent to a single 

transformation from the originating coordinate frame (A) to the destination frame (C). The 

transformation matrix TA
C can be used to transform any vector in coordinate frame A to 

coordinate frame C, just as in the case of transformation matrix TA
B . This method is also used 

to describe the relative displacement of coordinate frames which is described in the following 

section.  

 

Figure 2.11. Transformation between multiple bodies and their embedded coordinate 

frames. 𝐓𝐀
𝐂 shows the transformation between coordinate frame 𝐀 and 𝐂 (the position and 

orientation of coordinate frame 𝐀 relative to 𝐂). Similarly, 𝐓𝐀
𝐁 and 𝐓𝐁

𝐂 represent the 
transformations between respective coordinate frames. 

Displacement and helical (screw) transformation   

Transformation matrices can be used to describe the displacement of a body segment from 

one position to another with respect to any coordinate frame. The displacement of the moving 

body A from position 1 (at time frame i) to position 2 (at time frame i + 1) relative to the fixed 

body B is represented using their respective coordinate frames in Figure 2.12.  
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Figure 2.12. Representation of displacement of the moving body 𝐀 from position 1 (at time 
frame 𝐢) to position 2 (at time frame 𝐢 + 𝟏) with respect to the fixed body 𝐁, and illustration 
of helical transformation. The helical axis is described by vector 𝐧, rotation 𝛚 and 
translation 𝐭. 𝐏𝐁(𝐢) and 𝐩𝐁(𝐢 + 𝟏) are the vectors representing the positions of point 𝐩 
within the moving body 𝐀 at two different positions (𝐢 and 𝐢 + 𝟏) with respect to fixed body 
𝐁.  

Figure 2.12 illustrates the initial and final positions of point p at two different time frames of 

motion (i and i + 1) relative to the coordinate frames. The position of point p undergoing a 

displacement relative to coordinate frame B at time frames i and i + 1 can be expressed 

according to Equation 2.14 as:  

[P
B(i)
1

] = [TA
B(i)] [p

A(i)
1

]  2.18 

[p
B(i + 1)

1
] = [TA

B(i + 1)] [p
A(i + 1)

1
] 

 2.19 
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Since point p is fixed relative to coordinate frame A, it has constant coordinates with respect 

to coordinate frame A. Therefore: 

pA(i) = pA(i + 1) = pA  2.20 

Combining Equations  2.18, 2.19 and  2.20 yields:  

[p
B(i + 1)

1
] = [TA

B(i + 1)][TA
B(i)]

−1
[p

B(i)
1

] = [TA
B(i + 1)][TB

A(i)] [p
B(i)
1

] 
2.21 

where, 

[TA(i)
A(i+1)

]
B

= [TA
B(i + 1)][TB

A(i)] 
2.22 

is the transformation matrix representing the displacement of coordinate frame A from 

position 1 (at time frame i) to position 2 (at time frame i + 1) with respect to coordinate frame 

B (indicated as the superscript), and Equation 2.21 expresses the displacement of point p as a 

function of its position with respect to coordinate frame B. In Chapter 4, displacement of the 

tibia with respect to the femur at the knee joint is described using this method. 

The spatial displacement of a body segment can be also described as a helical (or screw) 

transformation. In this representation of motion, the displacement of a body from one 

position to another is described in terms of a rotation (ω) about, and a translation (t) along, a 

unique axis known as helical or screw axis (Figure 2.12). This method is independent of the 

order of rotations and translations between coordinate frames and is based on the Chasles’ 

theorem which states “any displacement of a body in space can be accomplished by means of 

a rotation of the body about a unique line in space accompanied by a translation of the body 

parallel to that line” (Waldron et al., 2008).   

The helical axis (HA) can be represented in any coordinate frame using a unit vector (n) parallel 

to it and the position vector of any point lying on the axis (Figure 2.12). These parameters of 

HA can be determined from the transformation matrix representing the displacement 

between coordinate frames found in Equation 2.22. Several algorithms (Kinzel et al., 1972; 

Spoor et al., 1980; Woltring et al., 1985b; Stokdijk et al., 1999) have been reported in the 

literature for calculating the HA parameters using the transformation matrix. Ehrig et al. 

(2007) presented a review of the various algorithms used in the literature.  
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The HA has been used to describe the motion, and to quantify the functional AoR of various 

joints including the wrist (Salvia et al., 2000), elbow (Veeger et al., 1996; Stokdijk et al., 1999), 

neck (Woltring et al., 1994), jaw (Gallo et al., 2000), ankle (Sancisi et al., 2009) and knee (Shiavi 

et al., 1987; Blankevoort et al., 1990; Johnson et al., 2004; Sheehan, 2007; van den Bogert et 

al., 2008; Wilson et al., 2014). 

The knowledge of orientation and position of the HA axis is important for analysing the joint 

kinematics and forces as any changes in the HA parameters during dynamic motion can affect 

the moment arm of muscle forces (where the moment arm is calculated relative to such an 

axis), and consequently the joint forces (van den Bogert et al., 2008; Pohl et al., 2010; Colle et 

al., 2012). Chapter 6 presents an investigation of this effect for the knee joint. 

Joint coordinate system  

Joint coordinate systems (JCSs) have been established to provide a standardised 

representation for anatomical joint motion and to facilitate the clinical interpretation of the 

kinematics data and comparison of datasets between different investigators. The 

International Society of Biomechanics presented a set of recommendations for defining the 

JCS at various anatomical joints by adapting the knee JCS proposed by Grood et al. (1983) as 

a standard coordinate system for describing the joint motion (Wu et al., 1995; Wu et al., 2002; 

Wu et al., 2005). These recommendations have been used by many researchers as a 

framework for defining the coordinate reference frames using the anatomical landmarks of 

each segment and representing the clinical description of motion. 

The knee JCS proposed by Grood et al. (1983) has the advantage of reporting both rotations 

and translations in clinically relevant terms and also describing the joint displacements 

independent of the order of rotations and translations. This overcomes the challenge of 

clinical interpretation of motion using HA or Euler angles, also the requirement of specifying 

the order of rotations that is necessary for defining the Euler angles, although, because it is 

defining the coordinate frames and how they move relative to each other, their rotations can 

be interpreted as a single sequence Euler angle representation.  

This JCS can be used to define a set of independent generalised coordinates for describing the 

rotations about and translations along the defined coordinate axes that can be expressed 

using the common clinical terminology. In this method, a coordinate reference frame is 
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defined for each of the two adjacent segments using their bony landmarks that are either 

palpable or recognisable from medical images. The common origin of the two coordinate 

frames is taken as the point of reference for defining the linear translations of the joint from 

its initial neutral position. A system of axes is then defined using the embedded axes of the 

two segments such that two of the axes are fixed in each segment, while the third axis is 

defined as the mutual-perpendicular to each of those axes (Figure 2.13). The third axis is 

known as the floating axis as it is not fixed in any of the segments. Figure 2.13 illustrates the 

knee JCS of Grood et al. (1983) based on the embedded axes of the femur and tibia.  
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Figure 2.13. The knee JCS. Joint rotations and translations are defined using the rotations 
about, and translations along the three axes of the JCS. Flexion-extension rotations and 
medial-lateral translations occur about and along the body-fixed axis in the femur. 
Adduction-abduction rotations and anterior-posterior translations occur about and along 
the floating axis which is defined as mutually perpendicular to the other axes. Internal-
external rotations and distraction-compression occur about and along the body-fixed axis in 
the tibia7. 

The method of Grood et al. (1983) is based on a special representation of Euler angles where 

the rotations occur about the axes of the JCS such that the first and last rotations occur about 

the body-fixed axes while the second rotation occurs about the floating axis. The rotation 

angles in this case are sequence-independent as the sequence is defined by the mechanism 

and the Euler sequence becomes independent of the order of rotation once the sequence is 

                                                      
7 Image was adapted from Grood et al. (1983), "A Joint Coordinate System for the Clinical Description of Three-
Dimensional Motions: Application to the Knee." Journal of Biomechanical Engineering 105(2): 136-144. Copyright 
© 1983 by ASME. 
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defined. The mathematical calculations of the knee joint rotations using this method are 

explained in Chapter 4.   

A number of different ways have been used in the literature for defining the knee JCS and 

standardising the description of knee motion (Blacharski et al., 1975; Grood et al., 1983; 

Pennock et al., 1990; Lafortune et al., 1992). In these studies, different ways have been 

proposed for defining the axes of motion based on the anatomical landmarks. Typically, in the 

knee JCSs flexion-extension rotations and medial-lateral translations share a common axis, 

adduction-abduction rotations and anterior-posterior translations share a common axis and 

internal-external rotations and compression-distraction translations share a common axis.  

The knee JCS of Grood et al. (1983) is the most commonly used JCS in the literature, and it is 

used in Chapter 4 for developing a knee joint kinematics model and describing the rotations 

and translations of the knee; the results are then described in Chapters 5 and 6.  

2.2.9  Intersegmental forces and moments  

Once the body segments are reconstructed and the kinematics parameters and external forces 

are determined, the intersegmental forces and moments can be calculated by analysing the 

forces and moments acting on each segment using the principles of classical mechanics (F =

m. a;  M = I. α). This has been typically performed by applying the Newton-Euler equations of 

motion recursively to each segment from distal to proximal (Winter, 1990). The net reaction 

forces and moments at the proximal joint can then be expressed as a function of kinematics, 

inertial parameters of the segment and the forces and moments at the distal joint (Figure 

2.14). This inverse dynamics can be computed using number of different methods. Dumas et 

al. (2007c) classified the methods of calculating the kinematics parameters and 

intersegmental forces and moments based on four distinct methods including vectors and 

Euler angles (Apkarian et al., 1989; Kadaba et al., 1989; Davis iii et al., 1991), wrenches and 

quaternions (Dumas et al., 2004), homogenous matrices (Doriot et al., 2004) and generalised 

coordinates and forces (Silva et al., 2002; Dumas et al., 2007a). The most commonly used 

method in MSK models is based on vectors and Euler angles in which the kinematics 

parameters are calculated using Euler angles and their derivatives, and the joint forces and 

moments are described using vectors at each time frame of motion. Other methods are mostly 

used in the field of robotics for analysing multi-body mechanics where the kinematics 

description of motion are determined from quaternion and homogenous matrix algebra 
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(Chou, 1992; Legnani et al., 1996). Alternative methods and the effect of choice of the method 

on calculation of forces and moments have been explained further in the work of Dumas et 

al. (2007c) and Cleather et al. (2010a); this is also briefly discussed as part of verification of 

the models in Section 2.4. 

 

Figure 2.14. Inverse dynamic process for calculating intersegmental forces and moments of 
four body segments8. The reaction forces and moments at each joint from distal to proximal 
are indicated by 𝑭 and 𝑴. The subscripts represent the number of the respective joint.  

                                                      
8 Image was adapted from Cleather (2011), Forces in the knee during vertical jumping and weightlifting. PhD 
Thesis, Imperial College London. 
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2.2.10  Musculoskeletal geometry models 

A detailed description of MSK geometry including the geometry of the bones and 

musculotendon parameters (such as number of muscle elements and muscle paths defined 

by origin and insertion points) is necessary for calculating the moment arms and therefore 

joint forces. Several approaches have been used in the literature to determine these 

parameters, ranging from simple to complex methods. Ideally, medical images can be directly 

used to measure the parameters of interest and develop subject-specific MSK geometry 

models with high accuracy. Blemker et al. (2007) presented a review of different imaging 

techniques used for developing MSK geometry models. This approach has been used by many 

researchers (Reilly et al., 1972; Chow, 1999; Sharma et al., 2008), however, it is time 

consuming and expensive and may not be readily available to all researchers. Alternatively, 

some studies used regression equations to calculate the moment arms and muscles’ lines of 

actions as a function of joint angle (Herzog et al., 1993; Menegaldo et al., 2004; Thambyah, 

2008). The moment arms have also been calculated using a range of other approaches. An et 

al. (1984) and Tsaopoulos et al. (2006) reviewed various techniques for calculating the 

moment arms including geometric measurements (from medical images or direct digitisation), 

tendon displacement calculations and direct load measurement techniques.  

Some other studies used a simple approach to determine the geometric parameters from 

average normative data (Flynn et al., 1995; Zwerver et al., 2007), however, the reliability of 

this method has been questioned for investigating the knee joint (Tsaopoulos et al., 2007b). 

Another common approach is to use scaled-generic geometry models to estimate subject-

specific geometries (Delp et al., 1990b; Hoy et al., 1990; Barr et al., 2000; Arnold et al., 2001; 

Klein Horsman et al., 2007; Arnold et al., 2010). The generic models are typically developed 

based on medical images (Scheys et al., 2005; Scheys et al., 2006; Blemker et al., 2007), 

cadaveric (Wickiewicz et al., 1983; Arnold et al., 2000; Klein Horsman et al., 2007) or dried 

skeletal specimens (Kepple et al., 1997), and scaled linearly to match to the subject under 

investigation. In addition, advanced non-linear scaling approaches (such as statistical shape 

modelling) have also been used for developing subject-specific geometry models (Nolte et al., 

2016).   
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There have been few generic MSK geometry models of the lower limb that have been 

advanced and frequently used in development of lower limb MSK models. The model of Delp 

et al. (1990b) has been commonly used in many studies, which consists of 43 muscle elements 

representing 34 muscles obtained from previous anatomical studies  (Wickiewicz et al., 1983; 

Brand et al., 1986; Friederich et al., 1990). Another frequently used generic model is based on 

the work of Klein Horsman et al. (2007) which is derived from the dissection of a single 

complete lower limb cadaver to include more internally consistent geometry. This model is a 

comprehensive model in terms of the details of the muscle parameters which incorporates 

163 muscle elements representing 38 muscles. 

MSK model predictions can be highly sensitive to changes in MSK geometry (Brand et al., 1982; 

Hoy et al., 1990; Lenaerts et al., 2009) due to the inter-individual variability of MSK geometry 

(Duda et al., 1996). Therefore, the sensitivity of the models’ predictions to the choice of the 

method used to develop the geometry model is crucial for verifying the models. This effect is 

discussed in Section 2.4 as part of the verification process of the models.  
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2.2.11  Optimisation process 

The calculated intersegmental moments and forces (net joint moments and reaction forces) 

represent the net effect of muscles, ligaments and joint contact forces which can be used 

along with the description of the MSK geometry (moment arms) to calculate the individual 

forces. However, the number of the force-carrying structures (number of unknowns) is 

normally more than the number of available equations of motion and there are many possible 

combinations of forces that can generate the determined moments and forces (the system is 

indeterminate). This indeterminate problem has been commonly solved through an 

optimisation process. In this process, the optimal solution can be found by optimising a given 

physiological cost function independently at each time frame of motion (using static 

optimisation) or during the entire motion (using dynamic optimisation). Anderson et al. 

(2001b) investigated the effect of static and dynamic optimisation on the estimated forces 

and found both methods yield similar estimation of forces during walking. The cost function 

is typically formulated by assuming a specific physiological criterion and muscle coordination 

strategy for the activity under investigation. For example, humans are thought to select 

uniform muscular activation patterns to minimise fatigue or energy during walking and this 

has been used in the formulation of the cost functions in many studies (Bianchi et al., 1998; 

Sparrow et al., 1998; Ackermann et al., 2010).  The physiological cost function proposed by 

Crowninshield et al. (1981) is one of the most common cost functions used in the models 

which is based on minimising muscle stresses and maximising muscular endurance. Erdemir 

et al. (2007) presented a complete review of various cost functions and optimisation 

techniques used in the models.   

Alternatively, the muscle indeterminacy problem can be solved by making simplifying 

assumptions to reduce the number of unknowns and convert the system to one or more 

determinate systems which can be readily solved using simple analytical models. This 

approach has been particularly used for analysing simplified experimental tasks such as the 

knee extensor mechanism, for example, by assuming the quadriceps are the only knee 

extensor muscle forces during knee extension (Chow, 1999; Sharma et al., 2008; Cleather et 

al., 2014). 
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2.2.12  Musculoskeletal software platforms  

In recent years, multibody MSK modelling techniques have been integrated into commercially- 

and publicly-available interactive software packages to facilitate collaboration among 

researchers and also extend the range of applications of the models in clinical practice. These 

software platforms have been developed as the standard engineering software may not be 

always sufficient to include all of the modelling parameters required for analysing the 

mechanics of the human MSK system. Also, many researchers develop their own MSK models 

that cannot be easily used and shared by others. These software packages can be used for 

analysing almost any MSK system and consist of a complex set of modelling parameters and 

underlying components (as described in the previous sections) that can be used as a standard 

tool to combine experimental data and computational processing for conducting further 

research and providing a general framework for MSK modelling. The software allows the users 

to analyse their experimental data, visualise their results and perform different types of 

analytical analyses. Examples of these software packages include AnyBody Modelling System 

(Damsgaard et al., 2006), OpenSim (Delp et al., 2007; Reinbolt et al., 2011; Sherman et al., 

2011), SIMM (Delp et al., 1995a; Delp et al., 2000), HBM (van den Bogert et al., 2013) and 

FreeBody lower limb model (Cleather et al., 2015). Visual representations of these models are 

shown in Figure 2.15.  
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Figure 2.15. Screenshots from AnyBody9, SIMM10, FreeBody, HBM11 and OpenSim12 models 
illustrating various MSK structures in the software platforms.   

Although these models can provide high fidelity representations of the complexities in the 

human MSK system and have been used in a wide range of clinical applications, they usually 

include a number of assumptions and uncertainties within their underlying modelling 

techniques and components which should be carefully considered in an evaluation of the 

reliability of the models. However, these assumptions and uncertainties have not been always 

                                                      
9 Image from Damsgaard et al. (2006), "Analysis of musculoskeletal systems in the AnyBody Modeling System." 
Simulation Modelling Practice and Theory 14(8): 1100-1111. Copyright © 2006 Elsevier B.V. All rights reserved. 

10 Image from Delp et al. (2000), "A computational framework for simulating and analyzing human and animal 
movement." Computing in Science & Engineering 2(5): 46-55. Copyright © 2000, IEEE. 

11 Van den Bogert et al. (2013), "A real-time system for biomechanical analysis of human movement and muscle 
function." Medical & Biological Engineering & Computing 51(10): 1069-1077.   

12 Image from Delp et al. (2007), "OpenSim: Open-Source Software to Create and Analyze Dynamic Simulations of 
Movement." IEEE Transactions on Biomedical Engineering 54(11): 1940-1950. Copyright © 2007, IEEE. 

https://www.sciencedirect.com/science/article/pii/S1569190X06000554#!
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evaluated for different applications of the models (the verification and validation process for 

evaluating the models is further explained in Section 2.4). For the purposes of this thesis, a 

modelling platform was required that was fully flexible and did not have assumptions 

regarding a fixed AoR of the knee. As such, the FreeBody lower limb model that has been 

recently developed in the form of a software package by Cleather et al. (2015) is used as one 

of the modelling tools in this thesis (Chapter 4), and its verification and validation process with 

focus on the knee joint is addressed as part of this thesis (Chapters 5 and 6).  

2.3 Applications of musculoskeletal models  

MSK models of the human body have been used in a large number of applications. The 

purpose of this section is to outline some of the key categories for applications of the models 

and to highlight the importance of using the models’ predictions. In this section, five different 

categories of applications of the models are considered (Table 2.1). These categories include 

the general applications of the models in biomechanics research, clinical applications of the 

models in sports biomechanics, various orthopaedic surgeries, designing several types of 

products, and muscle force modification strategies for management of MSK pathologies. Table 

2.1 summarises these categories and their examples that are described in this section.  
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Application of the 

models 

Example Section 

number 

General principles: 

understanding MSK 

biomechanics 

Understanding the role of uni- and bi-articular 

muscles and the synergistic contraction of muscles, 

the complex interaction between muscles, 

ligaments and articular surfaces for producing 

motion, development of subject-specific models  

2.3.1 

Sports biomechanics 
Assessment and optimisation of performance, 

reduction and prevention of injuries   

2.3.2 

Orthopaedic surgeries 

Simulation of tendon lengthening, tendon transfer, 

osteotomy, joint replacement and ligament 

reconstruction surgeries  

2.3.3 

Product design 

Design and enhancement of ergonomic products, 

sports equipment, orthotic products and 

orthopaedic implants  

2.3.4 

Muscle force 

modification strategies 

for management of MSK 

disorders 

Designing FES control strategies, rehabilitation 

programs and retraining exercises 

2.3.5 

Table 2.1. Categories of applications of the MSK models. 

2.3.1 General principles: understanding musculoskeletal biomechanics  

The fundamental application of MSK models is in biomechanics research to understand the 

mechanics of the MSK system. The models have been universally used to gain more insight 

into the complex interaction between the neuromuscular and skeletal systems to understand 

the mechanics of motion during different activities. As a result, more physiologically-realistic 

models have been developed that can be more effectively implemented in the potential 

clinical applications.  

For example, the advancement in modelling techniques has allowed investigations of the 

contribution of individual muscles to the function of various activities, and it has provided 

insight into the synergistic contraction of muscles and the complex role of uni- and bi- articular 

muscles  (Fregly et al., 1996; Raasch et al., 1997; Neptune et al., 2000a; Cleather et al., 2011d).  
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Furthermore, MSK models have been traditionally developed based on the assumption that 

muscular loading is the only contributor to the movement which neglects the role of other 

structures crossing the joints in production of movement and joint stability. The 

improvements in MSK modelling techniques have enabled researchers to include the 

interaction between muscular loadings and other structures (such as ligaments) into the 

models and therefore provide more physiologically-realistic simulation for the MSK loading. 

For instance, Cleather et al. (2011b) developed an improved MSK model with the capability of 

analysing the muscular, ligamentous and articular interactions for producing motion and 

creating joint stability, which improved the clinical relevancy of the model.  

Moreover, evolution of MSK modelling techniques has allowed the generic models to be 

refined by including different levels of personalised data, which has led to considerable growth 

of development of patient-specific models (Neal et al., 2010). These models have been built 

with the intention of direct application to treatment of individual patients, which is the 

ultimate objective of many MSK models, and can provide personalised clinical data about the 

MSK system including the inter- and intra-patient variability. Several investigations have been 

performed to incorporate patient-specific parameters into the MSK models using various 

techniques such as medical imaging (Jonkers et al., 2008; Scheys et al., 2008) for more 

accurate prediction of clinical data. Blemker et al. (2007) reviewed potential imaging 

techniques for capturing patient-specific parameters that can be integrated into MSK 

modelling framework. These parameters include MSK geometry (Lenaerts et al., 2009), inertial 

parameters (Pearsall et al., 1996; Ganley et al., 2004) and muscle architecture (Sinha et al., 

2002; Blemker et al., 2005) which all can affect the output of the models. MSK models have 

also allowed researchers to analyse the dependency of the model predictions on the level of 

details of patient-specific parameters, and therefore enhance the clinical applicability of the 

models for individual patients. 

2.3.2 Sports biomechanics   

Another key application of MSK models is in the field of sports biomechanics. The models have 

been frequently employed in a wide range of sports activities for optimising and assessing 

human performance or preventing and reducing sports injuries. These areas of applications of 

the models are described in this section.  
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2.3.2.1 Performance assessment  

Several studies have used MSK models to characterise the particular movements or 

techniques used in sports activities in order to identify the biomechanical quantities (for 

example kinetics, kinematics and muscle forces) that can optimise the performance variables. 

The performance variables vary according to the type of activity, which could be the height of 

a jump in vertical jumping (Nagano et al., 2001), the joints’ angular rotations in diving 

(Sprigings et al., 2004; Schüler et al., 2011),  the muscular power output and fatigue in cycling 

(van den Bogert; Neptune et al., 1999), the take-off parameters in long jumping (Alexander, 

1990), the release parameters (such as joint angle and angular velocity) in projectile activities 

such as basketball (Schwark et al., 2004) and javelin throw (Hubbard et al., 1989), or a 

combination of complex variables in gymnastics (Gervais, 1994). The models allow the effect 

and the significance of changing one biomechanical quantity on the outcome of the 

performance to be quantified, thus providing quantitative instructions for improving training 

or optimising the performance. For instance, Nagano et al. (2001) developed a 2D MSK model 

to quantify the effect of lower limb muscular activation on jumping performance. They used 

the model to manipulate the muscular activation to simulate the effect of muscular strength 

training on jumping performance, and found that strength training of the knee extensor 

muscles can effectively improve the jumping performance. In another study, Kong et al. (2008) 

used a multi-body MSK model to optimise the take-off characteristics of the diving 

performance by maximising the forward rotational capability of the diver. They used the 

model to quantify the effect of muscular activation on the rotational capability of the diver. It 

was found that changing the timing of muscular activation without any change in muscular 

strength can significantly increase the rotational capability of the diver. They concluded that 

the take-off techniques used by the diver (for example early or late activation of hip flexors), 

regardless of the muscular strength, can significantly improve the performance.  

2.3.2.2 Sports injuries  

MSK models have also been widely used in the reduction and prevention of sports injuries. 

The incidence and type of injury depend on the loading characteristics of the MSK system (for 

example joint or muscular overloading) during activity. Therefore, the models have been used 

to analyse the loading characteristics of the MSK system during various sports activities, to 

elucidate the mechanics of injury and identify the relationship between biomechanical factors 
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and the incidence of injury. This has been used for designing injury prevention protocols and 

technical training.  

Many studies used the models to investigate the biomechanical quantities such as joint 

kinematics and kinetics that are associated with typical injuries in different sports including 

basketball (Leppanen et al., 2016), football (Bedi et al., 2016; Leppanen et al., 2016), volleyball 

(Salci et al., 2004), javelin throwing (Dai et al., 2015), tennis (Hong et al., 2014), running 

(Noehren et al., 2013), skiing (Pauli et al., 2016), weightlifting (Cleather et al., 2013a) and 

dancing (Simpson et al., 1997a; Simpson et al., 1997b). The incidence of injury has been 

examined based on the particular movement or technique that is involved in each sport. For 

example, lower limb injuries (specially knee and ankle injuries) are known to be prevalent 

among various sports that involve jump-landing, side-cutting and sudden direction change 

manoeuvres (Hootman et al., 2007). Weiss et al. (2015) reviewed 15 studies that investigated 

the biomechanical variables associated with patellofemoral pain syndrome and Anterior 

Cruciate Ligament (ACL) injuries, in sports that involve these type of manoeuvres. In their 

review, 10 out of 15 studies used MSK models to evaluate the biomechanical variables related 

to the injuries. Several biomechanical variables such as hip internal rotation (Boling et al., 

2009; Souza et al., 2009; Bedi et al., 2016), knee adduction-abduction moments (Hewett et al., 

2005; Myer et al., 2010), knee flexion-extension moments (Boling et al., 2009) and ankle 

plantar-flexion (Boden et al., 2000) have been identified as risk factors contributing to the 

incidence of the injuries. The models have been further employed to find the preventive 

factors, such as muscular contraction, that can alter the high risk biomechanical factors, such 

as excessive knee adduction-abduction moments. This highlights the key advantage of using 

the models in development of subject-specific training to reduce or prevent the risk of a 

specific injury, which is exemplified in the following paragraphs.  

Salci et al. (2004) investigated the lower limb joint mechanics in landing performance of male 

and female volleyball athletes, to identify the differences in their landing strategy for 

determining the main factors causing the higher prevalence of ACL injuries in females. They 

used a model to quantify the joint kinematics and found significant differences in the knee 

and hip kinematics during landing of female players, which they proposed as the potential 

reason for the known high risk of ACL injuries in females. Similarly, Chappell et al. (2002) 

developed a 3D MSK model to estimate the knee joint forces and moments during different 
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types of stop-jumping tasks of male and female recreational athletes. In their study, they 

aimed to identify whether there are altered motor control strategies in females that may 

result in excessive strain on the ACL and thus cause ACL tears. Their results showed that female 

subjects exhibited increased proximal tibial anterior shear force, knee extension moments and 

knee valgus moments than men in landing for all types of stop-jumping tasks. They used the 

model to investigate different knee muscle forces (for example quadriceps and hamstrings) 

that can potentially cause the altered knee kinetics in females, and suggested training 

techniques for the stop-jumping tasks that can assist in prevention of ACL injuries in females. 

Pflum (2004) developed a 3D MSK model to analyse the ACL loading characteristics of athletes 

during the jump-landing task to understand the intrinsic and extrinsic factors responsible for 

ACL injury. They investigated the interaction between lower limb muscles, joints and ground 

reaction forces with ACL loading. Their results showed that the maximum ACL force during 

landing is caused by a complex interaction between patellar tendon, tibiofemoral and ground 

reaction forces. Their results suggest that the ACL injury cannot be solely described by the 

loading pattern of quadriceps (which is often implicated in ACL injury as the main muscles to 

pull the tibia anteriorly to overstrain the ACL) and the contribution of other forces is important 

and should be taken into account in the injury prevention protocols.  

Moreover, Wan et al. (2016) reviewed the potential use of MSK modelling in prevention of 

sports muscle strain injuries. In their study, different tasks including football kicking and 

baseball pitching were analysed using MSK models to investigate the possible mechanism of 

injury and develop prevention strategies for athletes. In particular, they used the models to 

quantify the interaction between joints’ ranges of motion and the related dynamic 

lengthening of leg and shoulder muscles during football kicking and baseball pitching. This was 

used to identify the muscles at risk of injury and the biomechanical factors that can lead to 

these injuries. Their results suggest a number of potential factors such as duration, frequency 

and the strength of muscular loading that can jointly contribute to the development of muscle 

injuries. They used these data to establish an effective injury prevention training for the 

athletes, and concluded that the models can be effectively used in prevention of sports 

injuries.     
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2.3.3 Orthopaedic surgeries 

MSK models have been used widely to assist in surgical treatment of orthopaedic and 

neuromuscular disorders. The models allow the effect of structural changes due to surgical 

interventions on the function of the MSK system to be quantified, and therefore can assist in 

planning, evaluating and improving the surgical procedures. For example, several studies used 

the models to simulate the biomechanical consequences of tendon lengthening and transfer, 

osteotomy, joint replacement and knee reconstruction surgeries. In this section, the 

applications and implementation of the models in these surgical procedures are explained.     

2.3.3.1 Tendon lengthening and transfer surgeries 

Patients with neuromuscular diseases such as cerebral palsy, paralysis and poliomyelitis are 

often treated with tendon lengthening or transfer surgeries to correct their biomechanical 

functions like gait abnormalities (Skalsky et al., 2012; Fitoussi et al., 2015). 

Delp and colleagues (1990b) developed a computational model of the lower limb MSK system 

and used the model in a series of studies (Delp et al., 1992; Delp et al., 1994; Delp et al., 1995b; 

Delp et al., 1996a; Arnold et al., 2006) to simulate different types of tendon lengthening and 

transfer surgeries. In these studies, the simulation was used to investigate the mechanical 

effect of tendon lengthening and transfer on the force- and moment- generating capacity of 

the muscles. In one investigation by Delp et al. (1992), the model was employed to change the 

length of the lower limb muscle-tendon complexes that are commonly targeted during the 

surgeries to quantify the sensitivity of the muscle forces to the changes in tendon length. They 

found that the forces and moments developed by some of the ankle muscles (for example 

plantar-flexors) were highly sensitive to small changes in tendon length. Conversely, some of 

other lower limb muscles (for example rectus femoris) were found to be insensitive to the 

change in tendon length. These findings were used to provide practical recommendations for 

tendon lengthening and transfer surgeries. For example, it was suggested that lengthening or 

transferring the Achilles tendon (the plantar-flexor muscle tendon) may reduce the force-

generating capacity of the muscles and this should be taken into account by the surgeon to 

avoid weakness in the muscles after surgery. On the other hand, lengthening or transferring 

the muscles that were insensitive to the length change (such as rectus femoris) could be 

performed more aggressively without significant reduction in the muscle force-generating 

capacity after surgery. Following this, Delp et al. (1994) used the model to evaluate the 
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effectiveness of transferring the rectus femoris in the treatment of patients with decreased 

knee range of motion. They used the model to analyse the dependence of the postoperative 

knee moment arms on the tendon transfer sites, and found the most effective transfer site to 

increase the knee joint moments and range of motion after surgery. In a further study by Delp 

et al. (1996a), their model was used to examine the length of the muscles during normal and 

pathological gait to distinguish individuals with short muscles that may cause their 

pathological gait (muscles that are shorter than normal) and therefore select them for 

lengthening surgery. The model has also been used to assess the outcome of the lengthening 

surgery by analysing the postoperative length and function of the muscles (Arnold et al., 

2006). 

2.3.3.2 Osteotomy surgery  

Osteotomy has been known as one of the oldest orthopaedic procedures (Insall, 1993). This 

procedure has been used for the correction of limb deformities, especially at the knee joint. 

The procedure includes correcting the abnormal angulation of the joint (for example varus or 

valgus deformity) by surgically removing or adding a wedge of bone and reshaping the joint 

to relieve joint contact forces and thereby prevent the occurrence of degenerative arthritis. 

In particular, osteotomy has been implemented on the pelvis (Delp et al., 1990a), tibia 

(Prodromos et al., 1985; Wang et al., 1990) and femur (Schmidt et al., 1999) to correct joint 

alignments. Since the major effect of this procedure is mechanical (Koshino et al., 1972), MSK 

models have been used as an effective method to assess the deformity and the postoperative 

alignment.  

Delp et al. (1990a) used a model to investigate the reasons for the postoperative limp of 

patients after pelvic osteotomy. They used the model to assess the effect of the surgical 

technique on the postoperative geometry of the pelvis and the hip abductor muscles. They 

identified a number of surgical parameters such as angulation of the osteotomy and internal 

rotation of the pelvis that can affect the hip abductor muscles and therefore cause the 

postoperative limp.   

Schmidt et al. (1999) developed a model to evaluate the effect of surgical corrections from 

the femoral osteotomy on the muscle lengths of patients with cerebral palsy. They identified 

some muscles such as hamstrings that were unlikely to be altered substantially by the 
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osteotomy procedure, therefore, it was concluded that the osteotomy procedure may not 

affect the previous muscular alterations (muscle lengthening surgeries) of the patients.  

Prodromos et al. (1985) used a lower limb MSK model to determine the relationship between 

pre- and post-operative characteristics of walking for patients with high tibial osteotomy. 

Their results showed that the pre-operative knee abduction moments during walking can be 

used as a predictive parameter to assess the post-operative clinical results and the patients 

with low pre-operative knee abduction moments exhibited better clinical performance. Their 

study was followed up by Wang et al. (1990) using another MSK model to evaluate the original 

findings and describe the effect of passage of time on the clinical performance of the same 

patients who had tibial osteotomy surgery. They found that the long term results were 

persistent and there was a significant correlation between the pre-operative knee joint 

abduction moments and the long term clinical results. 

2.3.3.3 Joint replacement surgery 

Joint replacement surgeries have become one of the most common orthopaedic procedures 

for patients with joint diseases to reduce pain and restore the joint function (Insall, 1993). 

MSK models have been used in a substantial number of studies to investigate the function of 

prosthetic joints (for example hip and knee implants) to evaluate the surgical procedure and 

the clinical outcome of the surgery. The models allow fundamental parameters to be 

quantified such as joint kinematics, kinetics and muscle forces to compare the performance 

of the prosthetic and healthy joints, and therefore assess the functional characteristics of the 

prostheses.    

Various studies (Delp et al., 1993; Delp et al., 1996b; Free et al., 1996; Madsen et al., 2004) 

used the models to examine the effect of mechanical alterations induced by hip replacement 

on the force- and moment-generating capacity of the hip muscles. For example, Delp et al. 

(1993) employed a model to study the effect of anatomical location of the hip implant (the 

hip CoR) on the moment-generating capacity of hip abductors, adductors, flexors and 

extensors. They found the anatomical locations for the hip joint prosthetic that can maximise 

or minimise the force-generating capacity of the hip muscles. Similarly, Delp et al. (1996b) 

used a 3D MSK model in another study to suggest an optimal position for the hip prosthesis 

to restore the length and force-generating capacity of the hip muscles. Furthermore, Madsen 

et al. (2004) investigated the influence of different types of surgical approaches on the gait 
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characteristics of patients with total hip replacement six months after surgery. In their study, 

an MSK model was used to quantify the gait characteristics of the patients. They found that 

patients who had hip replacement surgery using a specific surgical procedure deviated more 

from normal gait characteristics. 

Moreover, many studies have employed the models to evaluate the outcome of the knee joint 

replacement surgeries. Smith et al. (2016) developed a subject-specific knee model for a 

patient with total knee replacement to study the effect of knee prosthetic alignment and 

uncertain ligament properties on the joint contact forces during walking. They found that the 

coronal plane alignment of the knee implant was relatively insensitive to the net knee joint 

contact forces, but significantly sensitive to the medial-lateral load distribution during walking. 

In another study by Okamoto et al. (2015) a model was used to evaluate the effect of sagittal 

plane alignment of the knee implant (the tibial posterior slope) on the knee muscle and joint 

forces. Their analysis demonstrated that increasing the tibial slope in the surgery may increase 

the risk of knee instability, however, it can improve the efficiency of the knee extensor muscles 

and reduce the joint contact forces. They used these data to identify the optimal tibial slope 

angle for the surgeons to be used on the sagittal alignment of the knee implants.     

2.3.3.4 Anterior Cruciate Ligament reconstruction   

The ACL rupture is one of the most common knee joint injuries (Andriacchi et al., 1993). Both 

surgical and rehabilitation treatments have been performed for management of the ACL 

injuries. However, it is often difficult to determine the extent of functional knee impairment 

due to loss of this ligament by simple physical examination and decide if surgery is necessary. 

Therefore, models have been used to assess the effect of ACL deficiency on the short- and 

long-term function of the knee joint as well as the effectiveness of the ACL reconstruction 

surgery. For example, Andriacchi and co-workers employed a model in a series of studies 

(Andriacchi, 1990; Berchuck et al., 1990; Andriacchi, 1993; Andriacchi et al., 1993; Wexler et 

al., 1998) for functional testing of the patients with an ACL-deficient knee to quantify the 

muscular adaptation associated with ACL-deficient knees and assess the potential of long-

term degenerative changes in the knee joint. It was suggested that these data can provide 

meaningful clinical information for making decision on the treatment of ACL injuries. 

In addition to muscular activations that are the primary outputs of the models, kinematics 

variables obtained from the models have also been shown to be useful for treatment of ACL 
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injury. For instance,  Georgoulis et al. (2003) used a 3D model to assess the effectiveness of 

ACL reconstruction surgery in restoring normal knee kinematics. The model was used to 

calculate the knee rotations in three different anatomical planes of subjects with ACL-

deficient, ACL-reconstructed and uninjured knees during walking. They highlighted the 

importance of using a 3D model to calculate the 3D kinematics of the knee for sufficient 

examination of knee function. Their results showed similar knee kinematics in subjects with 

uninjured and ACL-reconstructed knees, and statistically different kinematics in subjects with 

ACL-deficient knees. This finding was used to suggest that the ACL reconstruction of the knee 

can be an effective treatment for restoring normal knee kinematics. Also, the ACL deficiency 

without surgical reconstruction could lead to development of further pathological knee 

conditions. 

2.3.4 Product design  

MSK models have also been used for designing various types of products. Examples include 

ergonomic products, sports equipment, orthotic products and orthopaedic implants. These 

examples are described in this section.  

2.3.4.1 Ergonomic products  

MSK models have shown a great potential for developing and optimising ergonomic products 

(Rasmussen et al., 2003; Rasmussen et al., 2012). Particularly, the advent of commercially 

available MSK modelling software packages (Section 2.2.12) has advanced the application of 

the models in the field of ergonomics. As an example, AnyBody MSK modelling software 

(Damsgaard et al., 2006) is a widely used MSK software for ergonomic optimisation purposes. 

For instance, Rasmussen et al. (2009) used the AnyBody MSK software along with a generic 

model of a chair to investigate the biomechanics of seating for designing ergonomic chairs. 

They measured individual muscle forces for different design parameters of the seat and 

quantified the biomechanical consequences of different design choices for ergonomic chairs. 

Their results showed that the MSK models can be effectively used for designing ergonomic 

chairs that can minimise the spinal loads and improve occupational health. Similarly, Grujicic 

et al. (2010b) used the AnyBody MSK software along with a car seat model to quantify the 

effect of car seat adjustments, such as back rest and inclination angle, on long-distance driving 

fatigue. They measured muscle and joint forces during driving and found various adjustments 

for the car seat that can affect the comfort of the driver. They concluded that the results from 
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MSK models can improve the design of new high-comfort car seats, and thus reduce the time 

consuming and costly prototyping process that has been used to date. 

2.3.4.2 Sports equipment 

The obtained knowledge of internal loading of the MSK system from the models has also been 

used for designing enhanced sports equipment. In the work of Krüger et al. (2012) a model 

was utilised to quantify the lower limb joints loading during snowboarding to design enhanced 

snowboard equipment. They identified the critical joint moments and forces that require the 

snowboard to release the leg and therefore reduce the risk of injury.  

In addition, Buckeridge et al. (2016) investigated the use of an MSK model for improving the 

design of athletic rowing boats or ergometers. They used a model to examine the effect of the 

foot-stretcher position on the rower’s joint kinetics and kinematics, and their relationships 

with the foot force application technique. Their results showed that although increasing the 

foot-stretcher height may reduce some of the good-performance parameters such as the 

resultant foot force, it can, however, improve the overall mechanical efficiency and reduce 

the low back and lower limb joint forces of the rower. Therefore, raising the foot-stretcher 

height can be beneficial in designing enhanced rowing boats or ergometers for optimising the 

rowing propulsive efficiency.  

2.3.4.3 Orthotic products 

There is an overwhelming amount of clinical and scientific studies that investigated the effect 

of using orthotic products on the treatment of lower limb pathologies (Chevalier et al., 2011). 

Many of these studies used the models as a tool to determine the clinically-relevant variables 

of interest to assess the design and application of orthoses. For instance, Pustoc'h et al. (2011) 

used a 3D MSK model of the lower limb to calculate the muscle and joint contact forces in an 

osteoarthritic hip joint during walking, and assessed the influence of foot orthoses in the 

loading conditions of the joint. These data were used to evaluate the treatment of 

osteoarthritis (OA) using foot orthoses as a replacement for conventional treatments such as 

using anti-inflammatory drugs. In addition, Lindenfeld et al. (1997) used a model to assess the 

use of a knee brace to reduce the joint loads as a replacement for surgical treatment of 

degenerative knee joints. They calculated the knee joint forces of patients before and after 

using the brace and compared the results with healthy subjects. Their findings suggest that 
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the brace can alter the functional loading of the knee joint and reduce the knee contact forces; 

this can therefore be used as an alternative treatment for degenerative knee joint diseases.   

2.3.4.4 Orthopaedic implants 

The models have also been employed to optimise the design of internal fixation devices and 

joint replacement implants. Grujicic et al. (2010a) used an MSK model to optimise the design 

of a femoral-fracture fixation plate. They applied the model during a cycling activity to 

determine the physiologically-relevant loads experienced by the fractured bone to calculate 

the optimal design parameters (for example, the thickness) of the implant.  

Andriacchi et al. (1997) presented a review of the key parameters that can be calculated and 

used in design criteria of the knee and hip joint replacement implants. They showed how the 

quantified joint forces using MSK models can be implemented for failure analysis and 

assessment of new materials for the implants and therefore develop more complex designs 

that can retain joint function during daily activities. 

A direct application of the MSK models for enhancing the design of the knee joint implants 

and preserving the natural knee muscle forces during motion to improve the clinical outcome 

of total knee arthroplasty (TKA) is demonstrated in Chapter 6. 

2.3.5 Muscle force modification strategies 

As muscle activation characteristics of the MSK system contribute to joint loading, changes in 

muscle forces can significantly alter joint forces and MSK function (Shelburne et al., 2006; 

Winby et al., 2009). This can considerably impact the development and progression of MSK 

pathologies by initiating and perpetuating aberrant loading on the joints. Consequently, 

movement and muscle force retraining have been used for management of many MSK 

pathologies to modify muscle activations and apply appropriate loading that is needed to 

maintain healthy joint and MSK function. The effect of alterations in muscle activation during 

various activity on the joints, ligaments and remaining muscles crossing the joint is crucial for 

management of the pathology and can be simulated quantitatively using MSK models. The use 

of MSK models in various approaches of modifying the muscular activation, such as designing 

functional electrical stimulation (FES) control strategies, rehabilitation programs and 

retraining exercises are explained in this section.  
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FES is a technique that uses electrical current for direct activation of selected muscles to 

manipulate the activation characteristics of the muscles. This technique has been used to 

restore normal MSK function in patients with neuromuscular diseases such as paraplegia, or 

to change the joint loading patterns in patients with joint diseases such as OA (Yamaguchi et 

al., 1990; Rane et al., 2016). MSK models can be used to simulate the application of FES to 

specific muscles and evaluate the effect on the MSK function and identify the primary muscles 

that contribute to joint forces. For instance, the contraction of hip muscles during walking, in 

particular the gluteal muscle group, is known to be effective in reducing the medial knee joint 

forces and has been incorporated in the management of knee OA (Thorp et al., 2010). 

Following this, Rane et al. (2016) used an MSK model to quantify the effect of increasing the 

forces of gluteus medius (GM) muscle on the medial knee joint forces and assess the feasibility 

of using FES control strategies in the treatment of knee OA. Their result showed that 

contraction of GM using FES can significantly reduce the knee joint forces which highlights the 

major role of this muscle in protecting the knee, and the effectiveness of applying FES to this 

muscle in management of knee OA. Similarly, Yamaguchi et al. (1990) simulated FES-assisted 

gait using an MSK model to assess whether FES can be used as a practical tool to control the 

lower extremity muscles to restore normal gait of paraplegics. The use of the MSK model 

allowed the investigators to identify the relevant muscle groups that can be stimulated to 

attain improved gait function of paraplegics.  

Rehabilitation training and retraining exercises (for example gait modification strategies) are 

another non-invasive approach to modify human motor control loading characteristics for 

management of MSK disorders (Simic et al., 2011; Fregly, 2012). MSK models have shown a 

great potential to simulate the effect of movement modifications on MSK loading (Dao, 2015), 

and have been used in the selection of suitable exercises and rehabilitation training, 

particularly for knee pathologies such as OA, ACL injury, and patellofemoral or tibiofemoral 

pain (Neptune et al., 2000a; Fregly et al., 2007; Fregly, 2008; Fregly, 2012; Adouni et al., 2016). 

For example, a pedalling exercise has been shown to be a viable rehabilitation training for 

common knee pathologies such as ACL injury, and patellofemoral and tibiofemoral pain 

(Neptune et al., 2000b). However, different types of pedalling exercise may provide divergent 

MSK loading patterns and it is important to know if a particular type of exercise could offer 

more advantages over alternative exercises. Neptune et al. (2000b) used an MSK model to 
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simulate different types of pedalling exercises (forward and backward pedalling) to assess the 

efficacy of a type of exercise in the rehabilitation of common knee disorders. The model 

allowed the authors to simulate each type of exercise and quantify the effect of different 

muscle recruitment patterns on the knee forces. Their results showed that backwards 

pedalling can reduce tibiofemoral forces, but increase patellofemoral loads, which suggests 

this exercise could be detrimental for patellofemoral pain, though beneficial for tibiofemoral 

pain. It was also found that backwards pedalling may not be suitable for patients with ACL 

injury as this exercise can increase the ACL strain. Their findings suggest that selection of 

rehabilitation program, in particular the pedalling exercise, needs to be injury-specific due to 

the difference in biomechanics of exercises. This can be achieved by employing MSK models 

that can provide the knowledge for choosing the appropriate rehabilitation program and 

therefore improve management of various joint diseases.  

In another study by Adouni et al. (2016) an MSK model was utilised to investigate the influence 

of different levels of gastrocnemius muscle activation on ACL loading during walking. The 

model was used to quantify the extent to which the activation of gastrocnemius  can reduce 

ACL loading, and if it can be incorporated in designing the rehabilitation programs in addition 

to other muscles (quadriceps and hamstrings) that are conventionally known to be effective 

in reduction of ACL loading (Solomonow et al., 1987). They found that gastrocnemius can act 

as an antagonist of ACL and therefore should be considered in the design of rehabilitation 

programs for ACL injury. 

Moreover, gait modification strategies have been used as an effective approach to alter joint 

forces for management of joint diseases, in particular knee OA (Fregly, 2012). In a review 

presented by Simic et al. (2011), it was shown that various gait parameters such as step width, 

knee angles, toe-out angle or speed can affect the knee joint forces, and these parameters 

have been used in the development of different forms of gait modification exercises to change 

knee forces. Thus, MSK models have been employed in a number of studies to evaluate the 

effect of gait modifications on knee forces (Fregly et al., 2007; Fregly, 2008; Shull et al., 2015). 

As an example, Fregly (2008) used an MSK model and showed that walking with medial thrust 

gait modification can reduce the knee abduction torque in patients with knee OA. It was also 

shown that the observed decrease of the knee torque produced from medial thrust gait was 
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relatively insensitive to foot path alterations; this can now be used to improve gait 

modifications for knee OA.   

2.4 Verification and validation of musculoskeletal models   

Verification and validation of MSK models is a multi-step challenging process. This is because 

of several fundamental reasons. Firstly, the models are inherently used to quantify mechanics 

of the internal structures of the MSK system which are not directly accessible and the variables 

and their interactions cannot be readily measured. Secondly, the process for ensuring the 

clinical accuracy and reliability of the models is difficult due to the complexity of the MSK 

system and the presence of significant levels of intra- and inter-person variability in the 

physiological systems. This complexity is usually modelled up to a certain level of accuracy 

that involves complicated underlying modelling parameters. Therefore, identifying which part 

of the model works accurately and how to improve its reliability becomes very difficult. 

Thirdly, the models are typically generic and have not always been established with all inputs 

adjusted, modified or measured for the specific individuals, hence the model uncertainties 

may be exacerbated when the subject-specific parameters are incorporated in the model (Dao 

et al., 2012). Consequently, the verification and validation process needs to assess the scope 

and assumptions of the modelling parameters as well as the capacity of the model to predict 

clinically-relevant outputs in individual subjects.  

Another key challenge is defining a true standard (gold standard) for assessment of MSK 

models. Although a gold standard could be established in many engineering areas (such as 

solid mechanics or fluid dynamics) through modelling of simple problems and precise 

experimental methods, it is extremely difficult to develop a verification and validation process 

with respect to a gold standard for biological (such as multi-body MSK) systems (Henninger et 

al., 2010; Lund et al., 2012). True validation of the models has been suggested to be 

impossible, and it was argued that the models can only be falsified rather than proven valid 

(Henninger et al., 2010; Lund et al., 2012). As a result, the term “validation” was omitted by 

some researchers and replaced by “evaluation” (Nigg et al., 2007) or “corroboration” (Rykiel, 

1996) for assessing MSK models. This is in accordance with the argument in philosophical 

meaning of validation for a scientific model, which states that the models based on scientific 

theories may not be verified or validated and can be falsified or corroborated through the 
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confidence obtained from failed attempts of falsifying the models (Popper, 2005; Anderson et 

al., 2007; Lund et al., 2012). Therefore, the verification and validation process may not be 

meaningful for obtaining an absolute truth about MSK models, and it can be implemented to 

assess the random and bias errors in the models to provide confidence in the outputs of 

interest (Henninger et al., 2010).  

However, given the huge potential for clinical applications of the models as described in 

Section 2.3, a rigorous verification and validation process is necessary to implement MSK 

models on a wide scale in clinical practice and use them for personalised applications. This 

means that all assumptions and uncertainties in the underlying methods (such as joint 

kinematics and MSK geometry models), as well as the outputs of the models (such as muscle 

and joint contact forces) must have been sufficiently assessed with the intention to direct 

application, before implementing the models as a versatile clinical tool (Henninger et al., 2010; 

Lund et al., 2012). The methods that are conventionally used for assessing MSK models are 

typically cursory with the aim of providing a general description for the model or a general 

sense for the estimated outputs only, and the accuracy of the underlying modelling methods 

and direct applicability for individuals are often an extended goal. For example, many studies 

have only evaluated their models’ outputs based on the collected data from previous 

publications without considering the underlying modelling techniques for the current 

intended use of the models (Erdemir et al., 2007). Also, there has not been a consistent 

methodology reported for all MSK models, and the methods of assessment vary among 

different MSK models (Erdemir et al., 2007).  

Even though developing a true standard for assessment of multi-body MSK models may be an 

elusive goal, a great deal of attention has been drawn to achieve a framework for verification 

and validation in the context of MSK modelling. In recent years, several studies have laid the 

groundwork for establishing this framework based on best practices, and providing practical 

guidelines for assessing MSK models (Anderson et al., 2007; Henninger et al., 2010; Lund et 

al., 2012; Petrella et al., 2013; Hicks et al., 2015). For example, in a recent study by Hicks et al. 

(2015), the verification and validation process for each component of MSK models was 

reviewed and a comprehensive set of practical guidelines for evaluating MSK models at 

different scenarios was made.  
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In the following sections, the definitions for verification and validation within the context of 

MSK modelling and the methods used in this thesis are described, and common approaches 

for verifying and validating each step in constructing the models are reviewed.   

2.4.1 Terminology 

The concept of verification is inextricably linked to validation and distinguishing between the 

definition of verification and validation has been an issue of much debate. However, several 

studies have tried to define these terms separately within the context of MSK models 

(Anderson et al., 2007; Lund et al., 2012). The definitions based on the American Society of 

Mechanical Engineering guideline on verification and validation of computational models in 

solid mechanics (Thacker, 2001) have been commonly adapted for MSK models, which are 

explained as follows:  

Verification can be defined as: “the process of determining that a computational model 

accurately represents the underlying mathematical model and its solution” (Thacker, 2001), 

or in other words the verification process includes evaluation of the mathematical description 

of the model to check if the equations are solved correctly (Hicks et al., 2015).  

Validation can be defined as: “the process of determining the degree to which a model is an 

accurate representation of the real world from the perspective of the intended uses of the 

model” (Thacker, 2001), or in other words the validation process includes the task of assessing 

if the correct mathematical descriptions are chosen for representing the MSK system and if 

the correct equations are solved (Hicks et al., 2015).  

In this thesis the term verification refers to assessment of the precision of the underlying 

modelling parameters and the accuracy of the outputs of each component of the model. This 

includes all types of error and sensitivity analysis of underlying modelling parameters to 

provide evidence for robustness of model predictions and to ensure the mathematical 

equations of sub-models are solved within the required accuracy. Validation refers to 

assessment of the reliability of the predictions of the desired outputs through comparing them 

with independent measurements which were not used in constructing the model.  

The process of verification and validation is directly dependent on the intended use of the 

model and the outputs of interest (Hicks et al., 2015). This means that the validation process 

should be focused on particular output variables according to its relative importance, and the 
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verification should be focused on the relevant underlying modelling techniques. For example, 

if the model is used to calculate the joint rotations, such as the work by Georgoulis et al. 

(2003), the estimated joint rotations should be validated and the employed joint kinematics 

model should be verified; in this case evaluation of the MSK geometry model and predicted 

muscle forces may be of less immediate concern. However, if the model is used to quantify 

joint contact forces during a specific activity, such as the study by Cleather et al. (2013a), the 

estimated joint forces need to be validated, and the joint kinematics model along with the 

MSK geometry model should be verified.  

Therefore, the process of verification and validation can be applied to each step of 

constructing the models to assess each component and underlying modelling parameters. 

Several techniques can be used to verify and validate BSPs, joint kinematics and kinetics data, 

MSK geometry, and muscle and joint contact forces. These techniques are summarised in 

Table 2.2 and reviewed in the following sections. 
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Verification process Validation process 

Modelling 

parameters 
Verification method 

Sub-model 

outputs 
Validation method 

BSPs, 

kinematics 

and kinetics 

input data 

Sensitivity and error 

analysis, calibration 

techniques, 

reducing soft tissue 

artefacts, testing 

the kinematic and 

dynamic 

consistency. 

BSPs, kinematics 

and kinetics 

measurements 

Comparison with the literature 

data, and direct independent 

measurement techniques. 

Joint models 

Analysing the errors 

and sensitivity of 

simplifications and 

assumptions.   

MSK geometry 

Comparison with the literature 

data, and with direct 

independent measurement 

techniques (imaging methods). 

MSK 

geometry 

model 

Analysing the errors 

and sensitivity of 

simplifications and 

assumptions.   

Joint contact 

forces 

Comparison with the literature 

data, and with direct 

independent measurement 

techniques (instrumented joint 

implants). 

  

Musculotendon 

and ligament 

forces 

Comparison with the literature 

data, EMG, various types of 

direct measurement techniques 

(strain gauges and force 

transducers), and indirect 

validation using measurements 

from instrumented joint 

implants. Potential alternative 

methods include: using 

measurements of mechanical 

properties from imaging 

techniques, and metabolic, 

physiological and brain 

activation responses to 

muscular contraction. 

Table 2.2. The multi-step process of verification and validation of the models. 
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2.4.2 Verification process 

Verification has been mainly performed by analysing errors, uncertainties and sensitivity of 

the models through the use of different numerical and statistical methods. Laz et al. (2010) 

presented a review of different methods of statistical and sensitivity analyses that can be used 

for quantifying the accuracy and verifying the models. These methods are mainly used to 

quantify errors and uncertainties in the modelling parameters and to investigate the effect of 

uncertain variables on the outputs. The choice of the method can vary from simple to complex 

according to the level of accuracy required in the application of the model (Lund et al., 2012; 

Hicks et al., 2015). For example, one common method is analysing the sensitivity of the 

outputs of interest to the variables with high uncertainties (such as kinematics data or joint 

models). In this process, the effect of amending uncertain modelling parameters on the 

outputs of interests is evaluated to identify the critical parameters that must be carefully 

characterised and controlled to ensure the expected accuracy. The model can then be verified 

once the outputs of interest are found to be insensitive to those variables with high 

uncertainty. This provides a valuable insight into the potential sources of errors and helps to 

calculate the range of confidence in the outcomes, particularly with the presence of large 

variability in the modelling parameters. Sensitivity analysis and statistical methods can also 

help to choose the level of complexity that is required to be included in constructing the 

model, and to evaluate the robustness of the outputs to particular modelling assumptions and 

simplifications (for example, reducing the number of muscles or neglecting the effect of 

muscle activation dynamics). This helps to identify which part of the model requires more 

detailed (subject-specific) information and therefore can optimise the high computational 

cost of the MSK models. In the following sections, common methods for verifying the accuracy 

of different steps in model construction are reviewed.  
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2.4.2.1 Verification of body segment construction, kinematics and kinetics parameters 

The accuracy of the measurements of the input parameters into the models can significantly 

affect the results and need to be verified as the first step in the verification process. These 

parameters include estimated BSPs, and kinematics and kinetics input data (typically 

measured from motion capturing and force plate systems as explained in Section 2.2.6). These 

parameters are prone to errors and uncertainties that may be caused by inaccurate estimation 

of BSP (Rao et al., 2006; Langenderfer et al., 2008), instrumental imprecision (Chiari et al., 

2005; Psycharakis et al., 2006) or inaccurate location of anatomical landmarks (Leardini et al., 

2005). These errors and uncertainties are usually quantified using various types of error and 

sensitivity analysis or calibration techniques, and corrected by applying optimisation 

algorithms. For example, Pàmies-Vilà et al. (2012) investigated the influence of different 

uncertainties in the input parameters (such as BSPs and kinematics input data) using statistical 

and sensitivity analysis to quantify the errors and suggested a number of techniques to verify 

the accuracy of an MSK model. Similarly, Silva et al. (2004) examined the sensitivity of the 

calculated joint moments and forces to a perturbation of different input parameters, including 

BSPs, kinematics and dynamic input data, to evaluate the accuracy of an MSK model. Some of 

the common procedures for assessing the errors and verifying the accuracy of BSPs, 

kinematics and kinetics data are described below.  

Body segment parameters  

The accuracy of BSPs can be verified by analysing the sensitivity of the models’ outputs to the 

method of predicting BSPs. This has been explored by many researchers due to the significant 

variation in the BSPs among different human populations (Durkin et al., 2003).  For example, 

Rao et al. (2006) analysed the sensitivity of the calculated joint kinetics from their model to 

different methods of estimating BSPs to identify the more accurate one. Controversial findings 

have been reported in the literature regarding the influence of BSP errors on the results; some 

studies suggested BSPs can introduce notable errors (Rao et al., 2006; Riemer et al., 2008), 

while others reported the effect of variation in BSPs on the results can be very small (Wu, 

1993; Davis et al.; Silva et al., 2004). Further, some studies have questioned the reliability of 

using fixed inertial models that cannot represent the movement of soft tissues during motion 

(Clark et al., 2010; Pai, 2010). It should be noted that the discrepancies in these results can 

mostly be explained in terms of the dynamic nature of the tasks measured. Where 
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accelerations are higher then errors in BSPs would be expected to have a greater influence on 

the results (Rao et al., 2006).   

Although the results of inverse dynamics-based models have been usually found to be less 

sensitive to BSPs than some other variables (Silva et al., 2004; Pàmies-Vilà et al., 2012), 

optimisation algorithms have been applied in some studies to improve the accuracy of BSPs. 

For instance, Vaughan et al. (1982) proposed a method for optimising the selection of BSPs 

based on minimising the difference between calculated and measured joint kinetics. 

Moreover, Langenderfer et al. (2008) explored the application of probabilistic methods for 

quantifying the effect of errors in BSPs on joint forces and moments and identified that the 

results of the models may be more sensitive to kinematics input data than the method of 

estimation of BSP. 

Instrumental errors  

Instrumental errors may be caused by systematic errors associated with the acquisition 

equipment and experimental setup, for example due to optical distortion in cameras and the 

size of measurement field, or by random errors generated during acquisition process, for 

example due to high-frequency electronic signal noise and flickering of the optical markers 

(Chiari et al., 2005).   

Instrumental accuracy has been usually verified through calibration procedures. The 

calibration procedure may vary based on the employed instruments for acquiring the 

kinematics and kinetics data, and it is normally performed based on the manufacturer 

instructions. Chiari et al. (2005) provided a complete review of studies exploring various 

calibration procedures to verify the accuracy of the motion data. For example, Windolf et al. 

(2008) developed a technique to verify the accuracy and precision of the calibration methods 

for a widely used optical-based motion capturing system, and Gazzani (1993) investigated two 

different protocols for calibrating cameras and improving the accuracy of the motion data. 

The accuracy of the measured external forces (typically measured using force plate systems) 

can also affect the estimation of joint moments and forces and should be verified, although it 

has not been always reported in verification of MSK models (Psycharakis et al., 2006). Some 

researchers used different calibration techniques to assess their force measurements by 

investigating the accuracy of the magnitude and position of the force vectors, and suggested 
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correction algorithms to improve the accuracy (Bobbert et al., 1990; Mita et al., 1993). 

Psycharakis et al. (2006) investigated the possible measurement errors and identified various 

parameters that can influence the force measurements using forces plates. They suggested 

that the effect of different parameters on generation and propagation of errors should be 

carefully considered in the calibration of force plates, and a full calibration protocol should be 

implemented to use the force data in the models.  

A substantial number of filtering and smoothing techniques have been proposed for reducing 

the random errors generated during acquisition process (Winter et al., 1974; Hatze, 1981; 

Winter, 1990; D'Amico et al., 1992; Cappello et al., 1996; Cappozzo et al., 1996; Giakas et al., 

1997; Cooper et al., 2002; Chiari et al., 2005). These techniques include various types of 

filtering (such as digital filters) and curve-fitting (such as spline functions and least-square 

polynomials) that have been used effectively to reduce the noise of measured force and 

motion data, as well as the amplified noises generated during differentiation of position data 

to calculate velocity and acceleration. Amongst these techniques, Butterworth low-pass filters 

(Robertson et al., 2003) are the most commonly used method for reducing high-frequency 

noise of kinematics and kinetics data in the biomechanical models (Winter, 1990; Silva et al., 

2002). Different types of filtering and smoothing methods have been extensively reviewed by 

Wood (1982) and Gazzani (1993).  

In this thesis, both calibration and filtering techniques are used to minimise the systematic 

and random errors of kinematics and kinetics data and verify the accuracy of the 

measurements. These techniques are explained in Chapter 3.    

Anatomical position data  

Inaccurate location of anatomical landmarks is another common source of errors when optical 

motion capturing systems are used to acquire kinematics data and reconstruct the body 

segments. This is often because of the errors and uncertainties in locating the bony landmarks 

through manual palpation, placement of anatomical markers and soft tissue artefacts (motion 

of the anatomical markers relative to underlying bone). 

Soft tissue artefacts have been identified as one of the most critical and frequent source of 

errors for measuring kinematics data. Since skin motion artefacts normally have the same 

frequency content as the motion of the underlying bone. Standard techniques for evaluating 
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instrumental errors (mentioned in the previous section) may not be used to distinguish 

between the skin and bone movements, and the false movement patterns of markers and 

kinematics data should also be characterised in the verification process (Cappozzo et al., 1996; 

Leardini et al., 2005). This source of error particularly becomes more significant when using 

skin markers to capture the anatomical position data, as placing the markers on a thick layer 

of skin on a bony landmark is postulated to be a significant source of skin motion artefact. For 

example, Cappozzo et al. (1996) have shown that the use of skin markers on the epicondyles 

of the femur can introduce significant errors (up to 40 mm) in the anatomical position data 

during knee flexion-extension. The accuracy of using the skin markers on the epicondyles of 

the knee is evaluated as part of this thesis by comparing the knee joint muscle forces 

calculated from skin marker-driven data and other potential methods (Chapter 6).   

Locating the bony landmarks through manual palpation can also be subject to error as the 

bony landmarks usually have a specific geometry (the landmarks are not points but relatively 

large areas with curved shapes) and accurate and consistent palpation of them may not be 

always possible (Benedetti et al., 1994). The accuracy of the palpation may be influenced by 

anthropometry of the subjects, intra- and inter-examiner variability and training or experience 

of the examiner, the anatomical location of the landmark of interest (for example, some 

landmarks are more superficial and covered by less soft tissue which makes the palpation 

easier), and the process for identifying the bony landmarks (Della Croce et al., 1999; Della 

Croce et al., 2005; Moriguchi et al., 2009; Adhia et al., 2013). The reliability of the palpated 

landmarks can be evaluated by investigating the effect of these variables on the joint 

kinematics parameters. For example, Della Croce et al. (2005) investigated the effect of intra- 

and inter-examiner variability on identification of the lower limb palpable bony landmarks. 

Their findings showed that the error can range between 6-21 mm for intra-examiner and 13-

25 mm for inter-examiner differences. Similarly, Moriguchi et al. (2009) explored the effect of 

experience and training of the examiner, as well as the anthropometry of the subjects on the 

kinematics parameters. The results of these studies confirm that palpation discrepancies may 

significantly affect the estimation of joint kinematics parameters and it should be carefully 

assessed as part of verification of the models. 

A large number of techniques have been proposed to verify the accuracy of the measured 

kinematics and reduce the errors produced from marker placement and soft tissue artefacts 
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(Cappozzo et al., 1995; Cappozzo et al., 1996; Cappello et al., 1997; Reinschmidt et al., 1997b; 

Andriacchi et al., 1998; Silaghi et al., 1998; Lu et al., 1999; Cappello et al., 2005; Stagni et al., 

2009; Groen et al., 2012). Leardini et al. (2005) presented a comprehensive review of the 

methods for evaluating, minimising and compensating these errors. These methods are 

mainly based on using various experimental protocols for marker placement (Cheze et al., 

1995; Groen et al., 2012), different calibration techniques for calculating the position of 

anatomical landmarks (Cappozzo et al., 1995; Cappozzo et al., 1996; Cappello et al., 1997; 

Cappello et al., 2005; Stagni et al., 2009), several subject-specific and task compensation 

methods, and optimisation algorithms (Cappozzo et al., 1996; Andriacchi et al., 1998; Lucchetti 

et al., 1998; Lu et al., 1999) to reduce the errors.  

A common method to minimise the soft tissue artefacts effectively is based on the Calibrated 

Anatomical System Technique (CAST) proposed by Cappozzo et al. (1995). In this technique, 

the position of the anatomical landmark of interest is calibrated in a static trial relative to the 

respective local body-fixed coordinate frame (LCF) of the segment (that is typically defined 

using a cluster of three markers) by assuming that the position of the landmark remains 

constant and time-invariant relative to the LCF during dynamic motion of the segment. The 

known position of the landmark relative to the LCF of the segment is then used to determine 

the positions of the landmark during dynamic motion from the positions of the LCF of the 

segment. In other words, the CAST method enables the instantaneous positions of the 

anatomical landmarks to be reconstructed by only tracking the position of the LCF of the 

segment during motion. The CAST method has been shown to be advantageous as a practical 

method to reduce the soft tissue artefacts instead of direct use of surface markers for 

individual anatomical landmarks (Cappello et al., 1996; Cappozzo et al., 1996).  

For implementing the CAST method, the position of the landmark of interest during static 

calibration can be determined by using the surface markers directly attached onto the 

landmark, by manual digitisation of the landmark identified through palpation using a 

digitisation-wand (pointer) with known dimensions, or by using geometric approaches based 

on regression equations (for example, the hip joint centre position can be estimated using 

regression equations based on the pelvis geometry; Harrington et al., 2007).   

The reliability of the palpation-driven digitised bony landmarks has been investigated in a 

review by Adhia et al. (2013). Overall, it has been shown that manual digitisation of the 
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landmarks using a digitisation-wand can be used as a reliable technique for acquiring the 3D 

position of the bony landmarks of the lower limb. However, the accuracy of the results can be 

improved by enhancing the design of the digitisation-wand, and analysing the sensitivity of 

the results to different methods of acquiring the anatomical position data. The effect of 

digitised- and marker-driven anatomical position of the femur on the knee joint muscle forces 

is discussed as part of this thesis in Chapter 6.  

Cappello et al. (1997) developed a method based on the Multiple Calibrated Anatomical 

System Technique (MCAST) to improve the accuracy of their own CAST method. This method 

includes multiple calibration of the anatomical landmark with respect to the LCF of the 

segment (similar to the CAST method) at different static calibration postures in the expected 

range of motion. The position of the landmark is then calculated for the entire range of motion 

by linear interpolation. This method assumes that the position of the anatomical landmark 

with respect to the LCF of the segment is constant between the calibration postures. The 

MCAST method is useful for determining the anatomical landmarks that their position relative 

to the LCF of the segment cannot be assumed to be constant during dynamic motion due to 

large skin motion artefacts. Although this method can improve the accuracy of the position of 

the anatomical landmarks (Cappello et al., 1997), it is limited to the assumption of linearity 

and minimal soft tissue artefacts between the calibration postures, as it does not incorporate 

the true dependence of the soft tissue artefacts on the movement pattern during the motion 

under investigation (Andriacchi et al., 1998). This limitation may be addressed by reducing the 

intervals between the static calibration postures (increasing the number of static calibration 

postures in the expected range of motion).     

In this thesis, both CAST and MCAST methods are used to determine the anatomical position 

of the landmarks of the knee joint, and the static position of the landmarks of interest in the 

calibration postures are calculated using manual digitisation through palpation as well as 

geometric approaches (Chapters 3 and 4).    

Kinematics consistency  

Evaluation of the consistency of the kinematics data can also be used for verifying the 

measurements of anatomical landmark positions. This can be performed by checking if the 

underlying kinematics constraints are satisfied in the mathematical equations of the system. 

These constraints, for example, could be the fixed distance between two anatomical 
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landmarks, or the constant angle formed by two vectors based on the bony landmarks (Silva 

et al., 2002). Numerical methods (Silva et al., 2002; Alonso et al., 2010) can then be applied to 

verify these constraints within the motion data, and the inputs can be adjusted to satisfy the 

constraints. For example, Silva et al. (2002) presented a method to investigate the kinematics 

consistency in their model. They corrected their inputs according to the kinematically- 

consistent data which led to improved results of the model. 

Another example to verify the accuracy of the anatomical position data includes the use of 

virtual anatomical markers and optimisation techniques. Once the body segments are 

reconstructed using the measured kinematics data, a virtual set of markers can be placed on 

the anatomical landmarks to determine the difference between the experimentally-measured 

anatomical positions and the virtual markers. Optimisation algorithms can then be applied to 

minimise the difference in the measurements and correct the kinematics data accordingly (Lu 

et al., 1999). This method has also been suggested by several researchers to verify the 

accuracy of the anatomical positions of the body segments (Hicks et al., 2015). For instance, 

Hamner et al. (2010) used a similar approach and calculated the joint angles that minimised 

the difference between the experimentally-measured anatomical positions and the virtual 

marker positions.  

Dynamic consistency    

The models can also be verified by ensuring the measured kinematics and kinetics data are 

dynamically consistent. This means that the calculated kinematics (motion trajectories) and 

kinetics (joint moments and forces) should be consistent with the principles of classical 

mechanics (for example Newton’s second law of motion). In other words, the net forces and 

moments of segments (calculated from measuring external forces) should be equal to the 

product of segments’ masses and accelerations (calculated from inertial parameters and 

motion trajectories). The existence of large discrepancy between these parameters implies 

errors in the model, and the kinematics or inertial parameters of segments can be adjusted to 

reduce the residual forces and moments required for dynamic consistency. Residual reduction 

algorithms (Kuo, 1998) have been proposed for identifying the adjusting parameters for 

dynamic consistency between kinematics and kinetics data. For example, Hamner et al. 

(2010), used residual reduction algorithms to resolve dynamic inconsistencies between 

measured motion data and external forces. They reduced the residuals over the duration of 
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motion by making slight adjustments to the inertial parameters of segments and kinematics 

data. This method of verification of the models is important because the kinematics data are 

usually captured independently from kinetics data, and discrepancy between the data may be 

inevitable (Kuo, 1998).  

2.4.2.2 Verification of mathematical representation of the system    

In general, MSK models are built by constructing the mathematical description of the system 

and then solving the equations based on the known and unknown variables using a variety of 

methods. For example, different methods have been reported for solving the equations of 

motion (Erdemir et al., 2007), inverse dynamics (Dumas et al., 2007c) or optimisation 

(Terekhov et al., 2011) problems. Although many studies have focused on the accuracy of the 

solutions to the mathematical description of the MSK system (Erdemir et al., 2007; Terekhov 

et al., 2011), the standard assumptions and simplifications that are frequently used in 

formulating the mathematical description have not always been verified rigorously.  This is 

crucial in verification of the models, because the errors in formulating the mathematical 

equations based on standard assumptions and simplifications may be independent from the 

potential errors in algorithms, analytical or numerical methods used to find the solutions 

(Cleather et al., 2012a). Therefore, the reliability of the models should be verified by 

interrogating the basis of formulation, in addition to the solution of the mathematical 

representation of the system. This can be performed by analysing the sensitivity of the models 

to the simplifications and assumptions used for constructing the mathematical equations, and 

also to the methods used for solving the equations.  

For example, the results of the model have been found to be sensitive to the cost function 

used in the optimisation process (Rasmussen et al., 2001). As described in Section 2.2.11, cost 

functions have been formulated based on a specific physiological constraint (such as 

minimising muscle stresses) to estimate optimal muscle forces. Verification at this stage can 

be performed by checking the physiological relevance of the cost function for the activity 

under investigation to ensure the theoretical solutions of the optimisation problem are 

physiologically relevant (preventing the solutions that are theoretically possible but have no 

physiological relevance). As an example, Raikova et al. (2001) investigated the sensitivity of 

the predicted optimal muscle forces to different parameters of the cost function of the 

optimisation algorithm using analytical and numerical analyses, to find the more physiological 



 

73 

solutions. Similarly, Ackermann et al. (2010) explored the effect of different physiological 

criteria for formulating the cost function on the estimated kinematics and muscle forces 

during walking, and showed that, whilst minimisation of energy during walking can be an 

important physiological performance, other criteria such as minimisation of fatigue or peak 

joint forces could also be relevant even during walking. They concluded that selection of 

physiological criteria should be performed with respect to the performance under analysis and 

a physiologically-relevant cost function is essential for accurate estimation of muscle forces. 

As another example, Dumas et al. (2007c) explored the influence of different formulations of 

inverse dynamics techniques on estimation of joint forces and moments, and found the knee 

and hip joint forces could be highly sensitive to the employed method of inverse dynamics. 

Nonetheless, Cleather et al. (2010a) argued that all inverse dynamics methods are 

theoretically equivalent as they are based on the same principles of classical mechanics and 

the models should be insensitive to the choice of method. In their study, they explored the 

effect of two different methods of inverse dynamics on the calculation of the lower limb joint 

moments and forces during vertical jumping and weightlifting, and showed that the choice of 

inverse dynamics technique had small effect on the estimated joint moments and forces. 

Cleather et al. (2012a,b) presented a review of the common simplifications and assumptions 

that are used to formulate the mathematical description of the lower limb models. These 

assumptions and simplifications are based on mechanical, anatomical and physiological 

considerations of the system. For example, constructing the equations of motion based on 

either segmental or joint motion, adding constraints based on kinematic, geometric or 

physiological consideration to the equations of motion, simplifying the mathematical 

equations by reducing the number of unknown variables, or reducing the number of DoF of 

the model. In their review, the potential uncertainties in the assumptions at each step of 

constructing the model are outlined.  

In this thesis, the influence of the assumptions and simplifications that are frequently 

employed in formulating the knee joint models (using a 2D sagittal model of the knee and 

reducing number of unknowns and DoF) on the estimated forces are investigated in Chapters 

5 and 6.  
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2.4.2.3 Verification of joint kinematics models  

Inadequate simulation of the joint models is a common source of error in model predictions. 

Uncertainty and variability in the kinematics description of the joints can highly influence the 

calculation of joint angles, joint moments and moment arms of the muscle forces (Valero-

Cuevas et al., 2003; Lenaerts et al., 2009), and therefore can result in erroneous joint forces 

and untrustworthy predictions of the models. This is a key modelling parameter in the 

verification process of MSK models and the assumptions and simplifications in the joint 

models need to be carefully verified.  

Verification of the joint models have been commonly performed by analysing the sensitivity 

of the model to the simplifications, assumptions and limitations of the joint models with 

respect to the functional role of the joint and the activity under investigation. As described in 

Section 2.2.8, joint kinematics models have been frequently simplified by reducing the 

number of DoF of the joint and confining either the rotational or translational motion of the 

joint (Delp et al., 1990b; Anderson et al., 2001a; Fraysse et al., 2009; Arnold et al., 2010). This 

simplification has been typically implemented based on the functional characteristics of the 

joint and the restrictions being applied to the motion by ligaments or geometry of the joint. 

For instance, the hip which is typically modelled as a spherical joint, or the knee which is 

commonly characterised by a hinge joint. However, limiting the DoF of the joint kinematics 

models can have a profound impact on estimation of the joint forces (Glitsch et al., 1997; Li et 

al., 1998; Xiao et al., 2008; Cleather et al., 2011a), particularly for investigating the 

pathological conditions (Stewart et al., 2010), and should be verified to ensure the accuracy 

of the estimated forces.  

Several studies explored the effect of restricting the DoF of the models on the joint forces 

(Glitsch et al., 1997; Xiao et al., 2010; Cleather et al., 2011a). Glitsch et al. (1997) explored the 

effect of 2D- and 3D-lower limb joint models on the estimated forces during walking and 

running. They investigated different types of joint models including hinge (one rotational DoF) 

and spherical joint (three rotational DoF) for characterising the ankle, knee and hip joints, and 

suggested that pure hinge joints may not be appropriate for characterising the knee and ankle 

joints. Their results showed that the hinge joint models can substantially underestimate the 

joint forces (up to 60%) during activities such as walking and running which are commonly 

assumed to be planar. This reflects the importance of 3D stabilisation of the joint provided by 
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muscular activations during these activities which needs to be considered in the verification 

of the joint models. Similarly, in the work of Cleather et al. (2011a) the sensitivity of the knee 

and hip joint contact forces to the number of DoF of the knee joint within an MSK model was 

investigated. They estimated the forces using a 3-DoF and a 1- DoF knee joint model and found 

that characterisation of the knee with a 3-DoF joint can lead to significantly higher knee and 

hip joint contact forces in comparison with 1-DoF, and these forces are highly sensitive to the 

number of DoF of the knee joint model. However, in their study the difference between the 

reported joint contact forces using the 3- and 1-DoF models was significantly smaller (up to 

15%) than the difference in the forces reported by Glitsch et al. (1997). This difference was 

investigated by Cleather et al. (2012a) and it was shown that the difference in the change of 

predicted forces may be caused by the different model of MSK geometry used in their models. 

The model of Glitsch et al. (1997) consists of 47 muscles elements, however, the model of 

Cleather et al. (2011a) consists of 163 muscle elements. This implies that the influence of the 

model of MSK geometry should be taken into account along with the joint kinematics models 

in the verification process, and the capability of the model to provide sufficient information 

about the number and variability of muscle elements and other force-carrying structures 

should be verified to ensure physiologically-relevant force estimation. The effect of MSK 

geometry on the estimation of joint forces is described in the next section.   

Moreover, Xiao et al. (2008) investigated the sensitivity of the hip muscle forces to the two- 

and three-dimensional models of the lower limb joints, and found a significant difference in 

the hip muscle forces and functions between the two modelling approaches. However, in 

contrast to other studies, they found similar muscular activity in the knee and ankle joint using 

the two different modelling approaches. This may be because the number of DoF of the knee 

and ankle joints were similar in both two- and three-dimensional modelling approaches.   

The results of these studies have clearly shown the importance of the effect of limiting the 

DoF of the joint models on the estimated forces. The variability in the estimated joint forces 

using different joint models suggests that the physiological function of the joint in stabilising 

the motion should be also considered for verifying the appropriate choice of DoF of the joint 

models. This was extensively explained in the work of Cleather et al. (2011a) by considering 

the complex interaction between muscular, ligamentous and articular forces to equilibrate 

the knee joint moments. In general, characterisation of the joints with more DoF results in 
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higher muscular activations to equilibrate the moments in more planes and satisfy more 

equations of moment equilibrium. Consequently, the higher level of muscular activations 

leads to greater joint contact forces (Glitsch et al., 1997; Li et al., 1998; Xiao et al., 2008; 

Cleather et al., 2011a). For example, once the knee is modelled using a 3-DoF joint, it is 

assumed that the muscle forces are used to balance the moments in all three dimensions and 

the role of ligaments is only to resist translation or protect the joint. Therefore, in a 3-DoF 

knee joint model the contribution of the ligaments in production of moment is eliminated 

which results in higher joint contact forces, as demonstrated by Glitsch et al. (1997) and 

Cleather et al. (2011a). Conversely, in the models with a 1-DoF knee joint, it is assumed that 

the muscles are solely activated to generate flexion-extension moments and the moments in 

the other planes of motion are assumed to be balanced by the joint geometry and ligament 

forces. As a result, the knee joint with 1-DoF normally predicts smaller contact forces, but 

greater ligament and articular loading to balance the non-sagittal moments. 

In addition, the effect of restricting the joint translational motions in the 3-DoF models should 

be also considered in the verification process, particularly for the knee joint in which the joint 

translations may be crucial for adequate physiological representation of the motion (Freeman, 

2001; Freeman et al., 2003; Freeman et al., 2005). Joint translation can highly influence the 

estimated forces as it can change the magnitude of the muscle moment arms and ligament 

loading (Imran et al., 2000; Tsaopoulos et al., 2006; Im et al., 2015; Ozada, 2015). Therefore, 

as described in Section 2.2.8, some studies used a 6-DoF joint model (which includes both 

rotational and translational motions) for modelling the lower limb joints (Zelik et al., 2015; Zuk 

et al., 2015). Developing a 6-DoF joint model depends on various modelling parameters, such 

as the method of describing the joint spatial motion (Bull et al., 1998a; Millán-Vaquero et al., 

2016), calculating the joint centre or axis of rotation (Holden et al., 1998; Piazza et al., 2000; 

Stagni et al., 2000; Piazza et al., 2001; Most et al., 2004; MacWilliams, 2008; Petrella et al., 

2013) and the techniques for determining the muscle moment arms (Spoor et al., 1990; 

Tsaopoulos et al., 2006), which should be considered in the verification of the joint model. As 

a result, the sensitivity of the models to variation in these parameters has been explored by 

many researchers to simulate the errors and verify the accuracy of the joint models (Holden 

et al., 1998; Nagano et al., 2000; Piazza et al., 2000; Stagni et al., 2000; Piazza et al., 2001; 

Lenaerts et al., 2009).  
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For example, Stagni et al. (2000) investigated the sensitivity of the estimated kinematics and 

kinetics parameters to different proposed methods of calculating the hip CoR to identify the 

most accurate method for reducing the errors in the location of hip CoR. Moreover, Lenaerts 

et al. (2009) showed how the subject-specific location of hip CoR in the model can affect the 

hip joint moments and muscle forces. Similarly, Holden et al. (1998) analysed the sensitivity 

of the knee moments to variation in the location of CoR of the knee and found that it can 

significantly affect the knee moments, particularly at slow speed motions with low joint 

moments. Verification of the knee joint models in terms of the effect of joint translations, 

number of DoF and the method of calculating the CoR on the estimated muscle forces is 

discussed as part of this thesis in Chapter 6.   

2.4.2.4 Verification of musculoskeletal geometry   

MSK geometry models generally include several assumptions and simplifications which also 

need to be assessed as part of the verification process. For example, the muscle geometries 

are typically simplified by simulating the architecture of the muscles as the line segments and 

grouping functionally similar muscles, or by reducing the number of muscles while neglecting 

those muscles that have a small effect on the joint loading during the activity under 

investigation. These simplifications are made to reduce the level of indeterminacy in the MSK 

system (reducing the number of unknowns) and facilitate finding the solutions to the 

mathematical descriptions of the system. This approach has been particularly used in MSK 

modelling of the knee and hip joints (Kuster et al., 1994; Baltzopoulos, 1995; Chow, 1999; 

Heller et al., 2005; Thambyah et al., 2005; Smith et al., 2008; Thambyah, 2008). The effect of 

these simplifications on the results can be assessed by analysing the sensitivity of the outputs 

to the model of MSK geometry with different level of complexity.  

For instance, Cleather et al. (2010b) investigated the sensitivity of their model’s outputs to 

two different commonly used models of MSK geometry; one developed by Delp et al. (1990b) 

which contains 43 muscle elements and the other one developed by Klein Horsman et al. 

(2007) which contains 163 muscle elements. They found markedly different predictions of 

knee joint forces during vertical jumping and weightlifting using the two models. The 

difference was thought to be due to the lower level of redundancy in the model of Delp et al. 

(1990b) which caused higher estimation of muscle activation to equilibrate the joint moments 

in multiple planes. Their findings suggest that the MSK geometry model should include 
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sufficient level of complexity with necessary numbers of muscle elements for analysing knee 

joint forces during activities with high muscular co-activations to represent the muscular force 

sharing and prevent overstated muscle forces. However, reduced numbers of muscle 

elements may be acceptable for analysing basic planar motions for which only a few number 

of muscle groups are known to be activated (such as for the knee extension exercise). This is 

explored in this thesis in a 2D model of knee extension (Chapters 4 and 5). 

Moreover, many other studies have explored the sensitivity of the models to variation in 

muscle geometries in order to quantify the effect of different musculotendon parameters on 

estimation of moment arms and muscle forces (Brand et al., 1986; Nussbaum et al., 1995; 

Duda et al., 1996; Raikova et al., 2001; Scovil et al., 2006; Pal et al., 2007; Blajer et al., 2010; 

Cleather et al., 2010b; Xiao et al., 2010; Southgate et al., 2012). These parameters include 

muscle paths, muscle lines of action and the choice of effective origin and insertion, number 

of muscle elements and the methods of discretising a muscle into separate elements, 

physiological cross-sectional area (PCSA) of muscles and upper force bound and length of 

muscles and tendons.  

For example, Pal et al. (2007) investigated the effect of the origin and insertion of knee 

muscles on the predicted moment arms of the muscles by using probabilistic methods, and 

Brand et al. (1986) studied the sensitivity of estimated muscle forces to muscle PCSA obtained 

from cadaveric specimens and previously published datasets. Similarly, Raikova et al. (2001) 

used analytical and numerical models to analyse the sensitivity of the muscle forces calculated 

from optimisation techniques to variation in the moment arms and PCSA of the muscles and 

found that muscle forces are more sensitive to change in moment arms than to PCSA of the 

muscles. Therefore, in this thesis, the sensitivity of the estimation of knee extensor forces to 

variation in the moment arms of the knee extensor muscles is investigated (Chapter 6).  

2.4.3 Validation process 

As described previously, verification of the models can provide evidence of robustness of the 

models, however it may not be enough to ensure that the model is not giving false predictions. 

Therefore, validation of the models is performed to provide an unbiased assessment of the 

models and evaluate the predictions for the intended use of the models.   
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The validation process has been typically conducted through comparing the outputs of 

interest with direct independent in-vivo measurements, or with the previously validated 

studies exploring the same outputs during similar activity (blind validation). For example, the 

results of gait analysis (such as joint moments, ground reaction forces and muscle forces) have 

been commonly compared with the widely reported gait studies in the literature (Whittle, 

1996; McGinley et al., 2009). Also, estimated joint forces have been frequently compared to 

the publicly available datasets containing a series of comprehensive experimental data of in-

vivo joint forces during various activities collected directly from instrumented joint implants 

(Bergmann et al., 2008; Fregly et al., 2012).  

Nevertheless, many concerns may arise by comparing the literature data including the 

reliability of another experimental data, uncertainties and errors of the experiments, 

differences between experimental protocols and underlying modelling parameters as well as 

subject-variability (Anderson et al., 2007). Therefore, validating the results against direct in-

vivo measurements has been considered as a more favourable approach for validation of the 

models.  

The validation process is directly related to the outputs of interest which can vary according 

the application of the model. As was shown in Section 2.3, the common outputs of interest of 

the models typically include joint kinematics and kinetics parameters, or muscle and joint 

forces. Therefore, the validation process has been typically performed with more focus on 

validating the most desired outputs (such as muscle and joint forces) rather than validating 

other underlying components of the model. However, similar to the verification process, 

validation of the underlying modelling parameters and the relevant outcomes of each sub-

model should also be considered for rigorous validation of the models. In the following 

sections, different methods for validating the outputs of each component of the models 

through comparison with other studies or direct measurement techniques are reviewed.  

2.4.3.1 Validation of body segment construction, kinematics and kinetics parameters 

The estimated BSPs can be validated by comparing them with any of the independent 

measurement techniques described in Section 2.2.7. For instance, the BSP estimates from 

generic approaches (such as regression equations and cadaveric datasets) can be compared 

with the direct imaging techniques available for measuring the BSPs, such as the technique 

proposed by Durkin et al. (2002) as mentioned in Section 2.2.7. However, the reliability of the 
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estimated BSPs is usually investigated through verification of the BSPs (Section 2.4.2.1), and 

there is only a limited number of studies that validated their estimates by means of 

comparison with other independent measurements. For example, Ganley et al. (2004) used 

an X-ray imaging technique to determine BSPs and validated their results by comparing with 

predictions from cadaver-based estimates. Moreover, Pataky et al. (2003) proposed a 

technique for measuring the BSPs using force plates and validated their estimates by 

comparing the results with four commonly used methods from the literature.   

Similarly, the kinematics and kinetics parameters can be validated against the reported 

kinematics and kinetics data in the literature, or other independent measurement techniques 

as outlined in Section 2.2.6.  

For example, kinematics parameters can be obtained directly from advanced imaging 

techniques that can determine the functional kinematics of loaded joints (Shellock, 2003; 

Gilles et al., 2004; Goto et al., 2005; Sheehan, 2007; Anderst et al., 2009), or using simple 

measurements from accelerometers (Morris, 1973; Hayes et al., 1983) or electrogoniometers 

(Kaufman et al., 1995), and then compare these with the results captured with optical motion 

tracking systems. Also, some researchers used the skin markers with optical motion tracking 

systems to determine the kinematics data and then compared the results to simultaneously 

recorded data of the bone pin markers (Fuller et al., 1997; Andersen et al., 2010).  

The calculated joint moments and external forces obtained from the force plate systems can 

also be compared with alternative measurement techniques (Section 2.2.6). For instance, 

Kaufman et al. (1995) compared their calculated knee joint kinetics data with direct 

measurements of joint torques using a dynamometer.  

2.4.3.2 Validation of musculoskeletal geometry  

Validation of MSK geometry depends on the geometry parameters of interest and the 

required level of complexity for the intended use of the models. For example, validation of 

musculotendon parameters (such as muscle paths and fibre lengths) becomes important for 

those models incorporating the dynamic activation of muscles. Equally, the validation of 

moment arms of force-carrying structures around the joints is crucial for estimating muscle 

and joint forces. Similar to the previous modelling parameters, the geometry parameters of 

interest can be validated by comparing them to the results of other studies in terms of both 
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magnitudes and trend throughout the range of motion for the activity under investigation, or 

to the alternative direct measurement techniques (such as medical imaging) as described in 

Section 2.2.10.   

As an example, the determined moment arms in the model can be compared with those 

obtained using the variety of methods available for calculating the moment arms (An et al., 

1984; Tsaopoulos et al., 2006). Buford et al. (1997) validated their estimations of moment 

arms of the knee joint muscles from their cadaveric-based geometry model by comparing 

them with the reported values in other studies. Similarly, Klein Horsman et al. (2006) 

compared their calculations of moment arms as a function of joint angles with those 

determined in the Delp et al. (1990b) geometry model. Moreover, Spoor et al. (1991) 

investigated the validity of determination of the musculotendon parameters (fibre lengths and 

pennation angles) by comparing three different models of geometry to find the reliable model 

for calculating these parameters.  

Several studies validated their calculations of moment arms using MRI-driven geometry 

models. For instance, Spoor et al. (1992) compared the calculations of moment arms at the 

knee joint with MRI data to validate their results, and Arnold et al. (2000) developed a 

cadaveric-based geometry model and then compared the geometry parameters by means of 

the moment arms and musculotendon lengths to the measurements from MRI.  

Some other studies investigated the validity of using scaled-generic geometry models based 

on MRI measurements. For example, Correa et al. (2011) validated the estimations of 

geometry parameters in terms of the moment arms and functional role of the muscles 

(potential contributions of the muscle force to accelerate joints) from a scaled-generic model 

by comparing the parameters with MRI data. They showed that the scaled-generic model 

yielded similar results to MRI measurements. Conversely, Scheys et al. (2008) analysed the 

validity of the scaled-generic MSK geometry model of Delp et al. (1990b) by comparing the 

results of musculotendon lengths and moment arms with an MRI-based subject-specific 

geometry model, and showed that the generic-scaled models may not be capable of full 

inclusion of subject-specific geometry and these models should be rigorously validated to 

allow them to be used in MSK models.  
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2.4.3.3 Validation of joint contact forces  

Joint contact forces are one of the most compelling outputs of the models. Several attempts 

have been made for direct measurement of applied forces on the joints during various 

activities as an independent measure of validity of the predicted joint forces. This method of 

validation has been commonly performed by using the data from instrumented joint 

prostheses that are implanted within the patients and can measure dynamic joint contact 

forces of living subjects to compare with the results of the models. These prostheses are 

instrumented with force transducers that can quantify the joint contact forces in-vivo and 

transmit the signal through bone and soft tissues (Bergmann et al., 1988; Graichen et al., 1991; 

Kaufman et al., 1996; Graichen et al., 1999; Morris et al., 2001; D’Lima et al., 2005; Kirking et 

al., 2006).     

For example, Heller et al. (2001) developed patient-specific MSK models for four patients with 

instrumented femoral prostheses, and used the in-vivo measurements of the instrumented 

implants to evaluate the estimated hip contact forces from their models. Their results showed 

a good agreement between the in-vivo measurements and the calculated hip contact forces 

during walking and climbing stairs. Similarly, Kim et al. (2009) evaluated the predictions of 

knee contact forces during walking using in-vivo measurements of tibial contact forces 

acquired from an instrumented knee implant. Their results also showed a good agreement 

between calculated and measured tibial contact forces.  

The instrumented prostheses have been used in many studies for measuring the hip joint 

forces during a comprehensive range of dynamic movements including walking (Brand et al., 

1994; Lu et al., 1997; Bergmann et al., 2001; Heller et al., 2001; Stansfield et al., 2003; 

Bergmann et al., 2010), running (Bergmann et al., 1993), stair climbing (Bergmann et al., 2001; 

Heller et al., 2001), stumbling (Bergmann et al., 2010), sitting down and standing up 

(Bergmann et al., 2001; Stansfield et al., 2003), as well as for the knee joint forces during 

various activities such as walking (Kim et al., 2009), stationary cycling (D'Lima, 2005; D’Lima et 

al., 2008), squatting (D’Lima et al., 2007), jogging, leg-press and playing golf and tennis (D’Lima 

et al., 2008).  

Despite the advantages of this method for direct quantification of joint loading, 

measurements are taken from patients with joint replacement where the healthy MSK system 

has been altered in a surgical procedure and their performance may not adequately represent 
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the healthy MSK system. Thus, the measured joint contact forces may not be a true 

representation of the estimated joint forces in healthy subjects. Also, this technique may not 

be available to all researchers or for all subjects since the measurements can be obtained from 

instrumented implants only. However, there have been several efforts for providing high-

fidelity datasets from these measurements to be used by other investigators for comparing 

their results as a blind validation approach.  

The Grand Challenge Competition (Fregly et al., 2012) and Orthoload (Bergmann et al., 2008) 

databases are two examples of the most frequently used publicly available datasets for 

validation of joint contact forces. These datasets contain comprehensive experimental data 

with synchronous measurements of kinematics data and joint forces acquired by 

instrumented implants during various daily activities which provide an indirect set of 

independent validation benchmarks. The Grand Challenge Competition datasets (Fregly et al., 

2012) include measurement of in-vivo knee loading characteristics during various activities 

which have been used as a source of top-level validation benchmark for various MSK models 

in the literature (Hast et al., 2013; Marra et al., 2015; Ding et al., 2016). Similarly, the 

Orthoload (Bergmann et al., 2008) database integrated a series of direct measurements of 

instrumented prostheses from the hip, knee, shoulder and spinal joints which has been used 

in validation of MSK models’ predictions (Modenese et al., 2011).  

2.4.3.4 Validation of musculotendon and ligament forces  

Direct measurement 

Many different experimental techniques have been developed for direct measurement of 

muscle, tendon and ligament forces that can be used for direct validation of the models’ 

predictions. In these techniques, forces or strains in tendons and ligaments have been 

measured directly using a variety of transducers. These transducers are typically implantable 

and can be attached or inserted into the fibres of the tissue to quantify the loading of the 

collagenous tissue. Various types of force transducers and strain gauges have been tested for 

measuring the forces of different ligaments and tendons in animal (Landjerit et al., 1988; 

Herzog et al., 1991; Holden et al., 1994), cadaver (Markolf et al., 1990) and human (Henning 

et al., 1985; Komi, 1990; Schuind et al., 1992; Roberts et al., 1994; Finni et al., 1998; Finni et 

al., 2000; Finni et al., 2003b; Bull et al., 2005) studies. For example, in animal studies, this 

technique has been implemented to measure the loading of the elbow tendons of a monkey 
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(Landjerit et al., 1988), digital flexor tendon of a horse (Platt et al., 1994) and ACL of adult 

goats during walking (Holden et al., 1994). In cadaveric and human studies, this technique has 

been used to measure the loading of patellar and Achilles tendon in cadaveric specimens 

(Fleming et al., 1999; Erdemir et al., 2003), as well as the in-vivo loading of the ACL (Henning 

et al., 1985; Beynnon et al., 1992; Beynnon et al., 1994; Roberts et al., 1994; Fleming et al., 

1998), Achilles tendon (Komi, 1990; Finni et al., 1998), patellar tendon (Sheehan et al., 2000),  

subscapularis tendon (Bull et al., 2005) and finger tendons (Schuind et al., 1992).   

The measurements have been typically performed using different designs of implantable force 

transducers, such as pressure sensors and optical-based probes (Komi et al., 1996; Finni et al., 

2000), or strain gauges, such as buckle gauge transducers (Komi, 1990) and other forms of 

micro strain gauges  (Beynnon et al., 1992; Beynnon et al., 1994; Roberts et al., 1994; Fleming 

et al., 1998; Bull et al., 2005).  

Pressure sensors are normally implanted between the fibres of the tissue (ligament or tendon) 

so they can directly measure the transverse forces caused by the axial fibre forces. Holden et 

al. (1994) used a similar approach to quantity the ACL loading in goats. 

Optical-based probes contain a covered optic fibre that can detect the loading based on the 

light intensity modulation (Komi et al., 1996). The probe is normally inserted through the 

cross-section of the tissue so that the deformation of the tissue due to loading can compress 

the optic fibre. The optic fibre consists of a light transmitter-receiver unit which detects the 

change in the light signal that can travel through the optic fibre and converts it into analogue 

signal. Then, the known relationship between the intensity of light passing through the optic 

fibre and the compressive force applied on the optic fibre is used to measure the tissue loading 

(Komi et al., 1996). This approach has been taken in a series of studies by Finni and colleagues 

(Finni et al., 1998; Finni et al., 2000; Finni et al., 2003b) to measure in-vivo Achilles and patellar 

tendon forces. However, calibration of such probes is notoriously difficult with significant 

issues of measurement drift (Fleming et al., 2004). 

Moreover, different forms of strain gauges have been designed as another common technique 

for measuring the in-vivo loading of tendons and ligaments. Strain gauges have been 

employed to measure the strain responses of the tissue at different loading conditions. The 

measured strains are then calibrated with respect to a known force to characterise the load-

displacement behaviour of the tissue. A buckle gauge transducer is a common form of 
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instrumentation used in this approach (Komi, 1990; Schuind et al., 1992). Buckle gauge 

transducers normally consist of a metallic buckle that is instrumented with a strain gauge (An 

et al., 1990). The tissue under investigation is typically looped through the buckle so that once 

the tissue is loaded the buckle can deform and the strain gauge can produce a voltage output 

which is related to the tissue force. This technique has been typically performed on superficial 

tissues during a surgical procedure when the subject is under local anaesthesia. For instance, 

Komi (1990) measured the in-vivo loading of the Achilles tendon during walking, running and 

jumping using buckle gauge transducers. They calibrated the transducer based on the 

estimation of Achilles tendon force using known ankle moments.  Despite the other force 

transducers, buckle transducers can encompass the entire cross-section of the tissue and 

therefore reduce the errors caused by non-uniform forces. However, the size of transducer is 

relatively large and its implementation is highly invasive (Fleming et al., 2004). 

Other types of micro strain gauges have also been customised that can be arthroscopically 

attached onto the tissue and aligned with the fibres (Beynnon et al., 1992; Beynnon et al., 

1994; Fleming et al., 1998), or inserted in between the fibres (Bull et al., 2005), similar to the 

pressure sensors, to determine the strain distribution across the bundles of tissue. These 

strain gauges are small, compliant and more convenient to apply using an arthroscope and 

have been used to measure the loading of ligaments, mostly ACL (Henning et al., 1985; 

Beynnon et al., 1992; Beynnon et al., 1994; Roberts et al., 1994; Fleming et al., 1998), as well 

as tendons such as the subscapularis (Bull et al., 2005). Various calibration procedures have 

been reported for quantifying the relationship between measured strain and the load applied 

to the tissue. For example, in some investigations the strain measurements were calibrated 

using direct application of a load cell to the tissue (Beynnon et al., 1992; Bull et al., 2005), or 

cadaver-based models were used to estimate the true in-vivo forces (Roberts et al., 1994). 

Fleming et al. (2004) presented a comprehensive review of different measurement 

techniques, including the calibration procedures, used in the literature for measuring in-vivo 

loading of ligaments and tendons.  

Although direct measurement techniques have been tested in many investigations, there are 

significant limitations associated with this method and its application for validating MSK 

models is still elusive. This approach is impractical due to highly invasive nature of the 

measurements which limits its applicability in human experiments and may not be used as a 
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versatile tool to validate the models (Lund et al., 2012). In addition, the measurements are 

normally limited to particular tissues of the MSK system (for example Achilles tendon), or can 

be only performed during operating surgery where the joints’ full range of motion may not be 

achieved and also local anaesthesia can affect the results (Tsuda et al., 2001; Fleming et al., 

2004). Moreover, measurements are highly sensitive to many parameters and showed poor 

correspondence in some studies. For example, Herzog et al. (1991) tried to validate the 

estimated muscle forces from an MSK model using buckle gauge transducers and their results 

did not show a good agreement. The outputs of transducers are sensitive to placement, 

orientation and anatomical location of the transducer, thus small malalignment or change in 

the position of the transducer can produce large errors. For instance, Xu et al. (1992) showed 

that the position and geometry of the slit used to implant the transducer can highly influence 

the outputs, and Markolf et al. (1990) indicated that small changes in the knee flexion angle 

can affect the output of the transducer more than two times for measuring ACL loading. 

Calibration of the transducers is another challenging process that could produce large errors. 

This is mainly because of the non-uniform complex structure of the soft tissues (such as 

tendons and ligaments) that are made of multiple bundles, so their mechanical properties vary 

at different regions along the tissue and can lead to inconsistent distribution of strains and 

forces. Therefore, the relationship between the actual tensile force of the tissue and the 

output of the transducers may not be easily derived and is subject-dependent (Fleming et al., 

2000). For example, finding the reference length of the tissue for measuring the forces using 

strain gauge-based techniques has been found to be difficult (Fleming et al., 2004). Also, the 

transducer needs to be re-calibrated once removed from the tissue and cannot be used for all 

subsequent experiments. Furthermore, some studies used MSK modelling techniques to 

estimate the true in-vivo forces for calibrating their transducers (Fleming et al., 1999; Finni et 

al., 2000), thereby their measurements may not be useful for independent validation of the 

models’ predictions.    

Electromyography  

Measurement of myoelectric activity of muscles using EMG is one of the most common 

procedures for validating the estimated muscle forces. The EMG recordings can be obtained 

non-invasively using surface EMG from electrodes that are placed on the skin, or invasively by 

using intramuscular EMG in which electrodes are inserted directly to muscles. In a large 
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number of studies, EMG data have been compared to the predictions of muscle forces and 

muscle activation patterns as a method of validation (Cromwell et al., 1989; Collins, 1995; 

Amarantini et al., 2004; de Zee et al., 2007; Erdemir et al., 2007; Hamner et al., 2010; Hug, 

2011; Iida et al., 2011; Modenese et al., 2011; Enguo et al., 2012; Hamner et al., 2013; Ding et 

al., 2015). Erdemir et al. (2007) summarised the common methods used in the literature for 

validating the predicted muscle forces in a wide range of activities such as walking, knee 

flexion-extension, running, jumping, landing, clenching, spinal movements and arm and 

shoulder movements. In their review, it was shown that surface EMG data were used as the 

most common measure of validity for the predicted muscle forces from inverse dynamics-

based models. In their review, of 68 attempts for validating the MSK models, validation of 43 

studies relied on using surface EMG. The other 25 models were either validated based on 

comparisons with other studies, or no validation method was reported.  

Although this method has indicated promising results in understanding the level of muscular 

activations in many studies, several arguments have been put forward questioning the 

reliability of using EMG as the sole method of validation for the estimated muscle forces. The 

use of EMG has been mainly recognised as a qualitative or semi-qualitative validation for the 

estimated muscle forces in which the magnitude of individual muscle forces may not be 

reliably quantified (Erdemir et al., 2007; Lund et al., 2012).  However, the onset-offset timing 

of muscle activation can be compared with the results of muscle forces to check if they agree 

with each other. For example, in the work of Hamner et al. (2013) the predicted muscle forces 

from a model were compared to the onset and offset timing of muscle activation from EMG, 

after corrections were made for the electromechanical delays that reflect the time between 

the onset of muscle activation and the onset of motion (Corcos et al., 1992), and a good 

agreement was found. This method of validation has also been questioned for quantifying 

muscle forces during dynamic multi-joint motors tasks, and for evaluating antagonistic co-

contraction muscular activities (Kellis, 1998; Erdemir et al., 2007; Hug, 2011). Moreover, the 

applicability of surface EMG is limited to superficial muscles, and intramuscular EMG is limited 

for studying the muscular activation timing and for finding the correlation between EMG data 

and muscle forces (Andersson et al., 1997; Erdemir et al., 2007; Hug, 2011). This is of course, 

also highly invasive. In addition, interpretation of measured EMG patterns may be highly 

affected by tissue conductivity, method of EMG signal processing, crosstalk effect (EMG signal 
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might be interrupted by nearby muscular activity) and the EMG electrode location and 

configuration (De Luca, 1997; Hug, 2011). Given the limitations of this approach, additional 

techniques have been explored by several researchers as supplementary methods for 

validating the estimated muscle forces. Some of these techniques are reviewed in the 

following sections. 

Indirect validation of muscle forces using instrumented joint prostheses 

Direct measurements of joint contact forces using instrumented joint implants (described in 

Section 2.4.3.3) can be used as a complementary method for providing an indirect quantitative 

framework to evaluate the predicted muscle and ligament forces (Kim et al., 2009). As 

described in Section 2.2.11, the calculated joint moments and forces through inverse 

dynamics analysis represent the net effect of muscles, ligaments and joint contact forces 

where all of these forces are then calculated using optimisation techniques. Therefore, once 

the estimated joint contact forces in an MSK model is validated against in-vivo contact forces 

obtained from instrumented implants (Section 2.4.3.3), it can be used as indirect evidence of 

the validity of estimated muscle and ligament forces in the same model. 

For example, Kim et al. (2009) used in-vivo measurements of knee joint contact forces 

acquired from an instrumented implant to evaluate their model’s predictions of tibiofemoral 

contact forces as well as knee muscle forces. Similarly, Heller et al. (2005) used direct 

measurements of hip contact forces from instrumented implants to validate both hip contact 

forces and muscle forces from their model.   

2.4.3.5 Alternative techniques 

Given the limitations of the previously mentioned methods for validating the musculotendon 

forces, additional experimental methods have been developed that can potentially be used to 

aid cross-validation of musculotendon forces in the modelling workflow. These methods can 

be used to independently measure the mechanical, physiological and metabolic responses of 

the MSK system to muscular contraction as an alternative measure of characteristics of 

muscular contraction to evaluate musculotendon forces. These measurement techniques are 

reviewed in the following sections.  
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Measurement of mechanical properties using imaging techniques 

The growing applications and advancements in MRI and ultrasound imaging techniques has 

allowed the researchers to directly measure the mechanical properties of MSK tissues 

(muscles, tendons and ligaments) in a range of different motions. In this approach, the imaging 

technique is employed to measure the strains or stiffness of the tissue in response to an 

applied force, and provide a qualitative or quantitative evaluation of the mechanical 

behaviour and function of the tissue.  

For example, ultrasound imaging has been used for measuring the strains and mechanical 

properties of Achilles tendon and gastrocnemius muscles during ankle motion (Muramatsu et 

al., 2001; Maganaris, 2002), and the patellar tendon during knee extension exercise (Pearson 

et al., 2007; O’Brien et al., 2010). Similarly, MRI measurements have been used for measuring 

the patellar tendon elongations and strains during knee extension (Sheehan et al., 2000), and 

ACL strains during jump-landing (Taylor et al., 2011).  

There is a growing body of literature reviewing different methodological aspects and 

applications of these techniques using both MRI and ultrasound measurements. For example,  

Cronin et al. (2013) presented a review of various applications of ultrasound imaging for 

measuring the function of muscles and tendons. Several studies reviewed elastography-based 

methods using MRI (Uffmann et al., 2004; Mariappan et al., 2010) or ultrasound 

measurements (Drakonaki et al., 2012; Bamber et al., 2013; Gennisson et al., 2013; 

Brandenburg et al., 2014) which are among the most popular methods for quantitative in-vivo 

measurement of mechanical properties of musculotendon units that can be potentially used 

for validating the forces from MSK models (this method is explained in more detail in Chapter 

7).  

These methods, however, may be limited to errors in identification of joint position 

corresponding to zero strain (that is, the unloaded length of the tendon or ligament is not 

known) or the limited applicability to subcutaneous tissues. A key limitation of this approach 

for validating the forces from MSK models is the limited knowledge about the direct 

relationship between the measured mechanical properties (stiffness) and the forces of 

musculotendon units. The potential application of an emerging ultrasound elastography 

technique (shear wave elastography) for direct quantification of tendon forces and validation 

of MSK models is investigated as part of this thesis in Chapter 7.   
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Metabolic activities: blood flow, oxygen and glucose uptake and heat production   

The contraction of muscles for producing musculotendon forces requires an adequate blood 

supply to address the metabolic demands of the contracting muscles. This process of 

delivering oxygenated blood to muscles (muscle perfusion) is regulated by a local vascular 

mechanism during contraction (Delp et al., 1998). Therefore, the relationship between the 

metabolic response and muscle contraction can provide an additional measurement for 

evaluating musculotendon forces. Various metabolic variables including the blood flow, 

oxygen consumption, glucose uptake and heat production of contracting muscles have been 

measured in the literature to determine the metabolic response to muscular contraction 

during exercise. These metabolic variables have been measured using different techniques 

including Doppler ultrasound, functional-MRI (fMRI), Positron Emission Tomography (PET) and 

Near Infrared Spectroscopy (NIRS). Examples of using these techniques for measuring the 

metabolic responses of muscular contraction are described below.   

Many researchers have measured variations in the regional blood flow within the contracting 

muscle during exercise using Doppler ultrasound (Rådegran, 1997; Saltin et al., 1998; Hoelting 

et al., 2001), fMRI (Richardson et al., 1998) and PET (Kalliokoski et al., 2000; Pappas et al., 

2001).   

For example, Kalliokoski et al. (2000) measured the blood flow in contracting and resting 

quadriceps muscles using PET, and found that distribution of blood flow is different within and 

among different muscles at rest and during exercise. Ray et al. (1998) investigated the relation 

between muscular recruitment and blood flow, and showed that the increase in muscle blood 

flow during exercise may be because of engaging new muscles, rather than to increase 

perfusion of already engaged muscles. Hoelting et al. (2001) explored the effect of increase in 

muscle contraction on the muscle blood flow during knee extension exercise using Doppler 

ultrasound and showed that the level of muscle contraction can have a profound effect on the 

blood flow into the contracting muscles. Moreover, Saltin et al. (1998) quantified the femoral 

arterial blood inflow at rest and during knee extension exercise using Doppler ultrasound and 

showed how the blood flow increases linearly with dynamic knee extension exercise as a 

function of the power output. Their results also showed a close temporal correlation between 

blood flow and muscular activations.  
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Measurements of other metabolic variables including muscle oxygen consumption, glucose 

uptake and heat production have been also integrated with the blood flow measurements to 

identify how these variables can change with muscle contractions. 

For example, duManoir et al. (2010) measured the oxygen consumption, blood flow and 

deoxygenation of the quadriceps muscles during a knee extension exercise using NIRS. They 

found a temporal correlation between the adjustment of oxygen consumption and blood flow 

during exercise, and showed that the increase in oxygen consumption and blood flow during 

exercise is due to the delivery of oxygen to the contracting muscles, which can vary according 

to the intensity of the exercise. Similarly, several other studies quantified the relationship 

between oxygen uptake kinetics, blood flow and contraction of muscles during knee extension 

using NIRS (DeLorey et al., 2004; Kalliokoski et al., 2005; MacPhee et al., 2005).   

The glucose uptake during muscle contraction has been also measured in several 

investigations using PET (Kalliokoski et al., 2007; Kalliokoski et al., 2011; Laaksonen et al., 

2013). For example, Laaksonen et al. (2013) measured the regional difference in glucose 

uptake and blood flow in the individual quadriceps muscles during knee extension exercise, 

and found that these variables change considerably within contracting muscles during 

exercise.  This technique has been also used to investigate the metabolic activity of tendons 

in terms of the relationship between the glucose uptake and tendon loading. For example, 

Bojsen-Møller et al. (2006) investigated this relationship in Achilles tendon and showed how 

tendon loading induced an increase in glucose uptake in comparison with the tendon at rest.  

Heat production during muscle contraction is another variable that is characterised in various 

studies (González-Alonso et al., 2000; Krustrup et al., 2004; Thomas et al., 2006). For example, 

González-Alonso et al. (2000) quantified the relationship between quadriceps rate of heat 

production, blood flow, oxygen consumption and the mechanical output at the onset and 

during knee extension exercise, and showed how these variables can change with different 

muscular contractions. 

One of the main limitations of these studies is that the metabolic response has not been 

characterised based on quantitative estimation of muscle forces. Hence, the exact relationship 

between the metabolic variables and the musculotendon forces needs to be further 

elucidated. 
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Nonetheless, some investigations characterised the muscular metabolism as a function of the 

power output (Saltin et al., 1998; González-Alonso et al., 2000; Hoelting et al., 2001; duManoir 

et al., 2010) and EMG activity (Andersen et al., 1985; Praagman et al., 2006) which can be 

potentially related to musculotendon forces (Fregly et al., 1996; Lloyd et al., 2003; Buchanan 

et al., 2004). Only a limited number of studies integrated the measurements of metabolic 

activities with estimation of musculotendon forces from MSK models. For example, Praagman 

et al. (2006) measured the oxygen consumption using NIRS and muscular activations using 

EMG activity along with an MSK model to estimate the muscle forces during isometric 

contractions of elbow muscles. Their results showed that EMG and oxygen consumption 

increased linearly with increasing muscle forces and there is a high correlation between these 

variables. Their findings were also used to formulate a new energy-related cost function based 

on muscle energy consumption which was compared with the conventional stress-related cost 

function (Section 2.2.11).    

Brain activation 

Several researchers have drawn attention to the brain activation associated with muscular 

contraction in different motor skills. Brain activation has been typically characterised based 

on the haemodynamic response (process of adjusting blood flow to deliver nutrients such as 

oxygen and glucose) of the brain. This has been used in many studies to explore the correlation 

between muscular contractions and brain activation in terms of changes in level of activation 

as well as the involvement of functional regions to control different contractions (Sahyoun et 

al., 2004). This correlation has been investigated using various measurement techniques 

including fMRI (Liu et al., 2000), PET (Dettmers et al., 1995) and NIRS-based techniques (Leff 

et al., 2011).  

For example, Liu et al. (2000) designed an experimental system for simultaneous 

measurement of handgrip forces, EMG and fMRI to detect the brain signal changes due to 

alteration in the local blood oxygenation level during different muscle contractions. Dai et al. 

(2001) showed that the level of activation of the finger muscles, by means of measuring the 

external forces and EMG activity, is directly related to the amplitude of the brain signal 

measured from fMRI in the entire brain as well as in the motor-function-related cortical fields. 

Their findings suggest that the muscle force in finger is controlled by the brain based on a 

correlated behaviour. Similarly, Ehrsson et al. (2000) used fMRI measurements to quantify the 
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relationship between brain activity and muscle force production during two different types of 

grip tasks (precision-grip and power-grip), and found that different muscular contractions are 

associated with activation of different regions of the brain motor cortex.  

Dettmers et al. (1995) employed PET measurements to investigate the correlation between 

cerebral activation and peak force exerted during finger flexion. Their study demonstrated 

that the level of external peak force in a dynamic force generation task is highly correlated to 

the activation of particular brain regions.  

Also, there have been other studies exploring brain activation by including biomechanics and 

solving the associated optimal control problems (Thickbroom et al., 1998; Lillicrap et al., 2013). 

These studies indicated how the biomechanics of motion contributes in shaping the motor 

cortex neural activity, and how brain activation (neural firing) and recruitment of cortical brain 

regions are associated with changes in contraction of muscles. 

The reviewed studies in this section suggest that there is a correspondence between 

physiological, metabolic and brain activation responses to dynamic muscle contraction which 

can be measured. This correspondence can be potentially employed as an independent 

metabolism-based approach for evaluation and cross-validation of the estimated 

musculotendon forces. However, as stated previously, these measurements have not been 

typically incorporated with MSK modelling techniques and the precise quantitative 

relationship between the physiological variables and individual musculotendon forces during 

various activities has not yet been completely understood, and it needs to be further 

elaborated.  

2.4.4 Hierarchical verification and validation of complex models  

The review in previous sections indicates the variety of techniques that can be used to verify 

and validate each component of the models, and highlights the complexity and the substantial 

number of modelling parameters that can affect the results of multibody MSK models. 

However, as mentioned previously, despite the high sensitivity of the models to various 

modelling parameters of sub-models, the process of verification and validation has not been 

always applied to all components and sub-models of large-scale multibody MSK models. These 

models have been typically verified or validated based on the function of a particular sub-

model (for example one joint), or by using the data from previous studies where the 
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assumptions under which the original sub-models were developed may not be true for the 

current application of the models. For example Taylor et al. (2004) estimated the knee joint 

forces using an MSK model that was previously validated based on the hip joint forces 

measured by instrumented implants (Heller et al., 2001). Although this can provide confidence 

for the results of the model at the top-level, it may not provide any evidence that underlying 

modelling parameters within the sub-models are still correct. This is a grand challenge for 

using the available software packages (Section 2.2.12) which cover a complex MSK system in 

a large-scale (for example the entire human body or lower limbs). Therefore, a consistent 

methodology for verification and validation of all components of large-scale models is 

required. 

The large-scale MSK models can be verified and validated based on a hierarchical approach to 

gain confidence in the model predictions as a whole (Lund et al., 2012).  In this approach, the 

model is divided into a hierarchy of sub-systems that can be verified and validated separately 

and provide confidence in the sub-models and their underlying assumptions which can lead 

to a system-level verification and validation. This approach can be used to capture a wide 

range of complexities in the sub-models (for example joint kinematics models) that can have 

a complex impact on the final outputs of the models, which may not be captured otherwise. 

This is a common approach for verification and validation of complex engineering systems 

such as commercial aircrafts (Oberkampf et al., 2010) and has been favourably recommended 

for MSK models (Henninger et al., 2010; Lund et al., 2012).  

A common approach for implementing hierarchical verification and validation for large-scale 

models is to assess the models using a simplified analytical model during a basic controlled 

experiment, so that the number of unknowns can be reduced and the indeterminate system 

can be converted to a single, or multiple determinant, system that can be readily solved. For 

example, Sandholm et al. (2011) used this approach by using the simplified planar knee joint 

model of Yamaguchi et al. (1989) to evaluate their estimation of knee forces from their 

complex MSK model based on the AnyBody software. This approach is used in this thesis for 

verification of the knee joint model within the FreeBody lower limb MSK model which will be 

discussed in Chapters 5 and 6.  
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2.4.5 Verification and validation of knee models  

Although there are advanced MSK modelling techniques of the knee joint and many studies 

have sought to quantify knee forces during various activities, a large discrepancy has been 

observed in the reported predictions of knee forces (Wagner et al., 2013). The reported forces 

at the knee in the literature varied significantly according to the employed MSK model and 

the type of activity under investigation (Ellis et al., 1984; Nisell et al., 1986; Collins, 1995; Li et 

al., 1998; Taylor et al., 2004; Komistek et al., 2005). For example, the knee joint forces during 

squatting varied between three (Wallace et al., 2002; Sharma et al., 2008) and seven (Reilly et 

al., 1972; Cleather et al., 2011d) times body weight in different studies. Also, a wide range of 

knee forces, ranging from two to seven times body weight, has been reported during level 

walking (Komistek et al., 2005). The large discrepancy in estimated knee forces coupled with 

the methodological limitations of modelling, and verification and validation of the knee joint 

models makes it difficult to establish certainty about the forces experienced by the knee 

during various activities.  

There is therefore a paucity of information on accurate quantification of knee forces and the 

in-vivo knee forces have yet to be accurately quantified and conclusively verified and 

validated. This is mainly due to the large anatomical variations and the complex functional 

anatomy of the knee joint (Tyler et al., 2010) and the presence of many sensitive modelling 

parameters that can have a complex effect on estimation of forces (Section 2.4.2). Therefore, 

the effect of different simplifying assumptions in the modelling parameters of the knee (such 

as ignoring the joint translations) needs to be further investigated and the knee models should 

be carefully verified and validated for more accurate and reliable estimation of knee forces. 

This can help to identify the various modelling parameters that should be controlled to 

enhance the clinical applicability of the models.   

Given the variety of the knee joint models with different DoF in the literature (Section 2.2.8), 

it is not yet clear how the simplifying assumption of reducing the DoF and disregarding joint 

translations (and, therefore, neglecting change in the muscle moment arms) can influence the 

validity of knee muscle forces. Hence, the effect of these parameters in developing knee joint 

kinematics models needs to be further verified. This is investigated as part of this thesis in 

Chapter 6.  
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The review of literature for validating the musculotendon forces (Section 2.4.3.4) clearly 

demonstrates that it would be beneficial to investigate the feasibility of additional 

independent measurement techniques for direct quantification and validation of knee forces, 

as the conventional methods are associated with several limitations. Therefore, the feasibility 

of using an ultrasound-based imaging technique for direct quantification of knee forces is also 

investigated as part of this thesis in Chapter 7.  

2.5 Summary and the approach taken in this thesis 

In the first part of this chapter (Section 2.2), the literature pertaining to MSK modelling 

techniques with a focus on modelling the knee joint were reviewed. In this review, the 

common techniques for measuring the inputs of the models, the modelling parameters and 

assumptions for developing different components of MSK models and their relevant outputs 

were presented. It was established that various types of knee joint models were used in the 

literature, and there is a set of sophisticated modelling parameters involved in developing the 

knee joint models that should be taken into account for accurate quantification of knee forces. 

In particular, there is a number of key parameters involved in modelling the knee joint 

kinematics models and describing its motion which can highly affect the estimation of knee 

forces.  

In the second part of this chapter (Section 2.3), different categories of applications of MSK 

models were reviewed to highlight the great potential of using the models in clinical 

applications and personalised treatments, and also in providing more insight into the complex 

interactions between the MSK structures in order to understand the mechanics of motion. 

This section demonstrates that the verified- and validated-outcomes of the models can be 

used in numerous fields of study.   

In the third part of this chapter (Section 2.4), the concept and importance of verification and 

validation of the models were discussed, and the terminology for the multistep process of 

verification and validation of each component of MSK models was defined. The methods for 

implementing the process of verification and validation with respect to the underlying 

modelling parameters of each component and their relevant outputs was then reviewed. The 

review in this section revealed that the process of verification and validation of the models is 

a grand challenge, and there is a substantial number of parameters and uncertainties that 
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should be rigorously assessed based on the intended use of the models. The review of 

methods for the verification process (Section 2.4.2) indicates that there is a large number of 

sensitive modelling parameters that can influence the accuracy of the models. In particular, it 

was shown how the accuracy of the knee joint models can be compromised according to the 

employed simplifying assumptions and different parameters of the joint kinematics model 

including the definition of the anatomical joint model, calculation of CoR, number of DoF and 

the effect of joint translations which should be carefully evaluated.  The review of techniques 

for the validation process (Section 2.4.3) identifies the challenges and limitations of the 

conventional validation methods, particularly for validating the final outputs of the models 

(muscle and joint forces), and the need for developing additional techniques. In the last part 

of that section (Section 2.4.3.5), some of the potential measurement techniques that can be 

additionally used for validating the estimations of musculotendon forces were reviewed, and 

it was shown that the application of these techniques for direct quantification and validation 

of forces needs to be further investigated.   

The following section specified the need for a consistent methodology for performing the 

verification and validation process of the large-scale MSK models (software packages), and it 

was shown how the reliability of these models can be evaluated through hierarchical approach 

(Section 2.4.4 ).  

In the last section of this chapter (Section 2.4.5), the current limitations of the knee joint 

models were discussed, and it was shown that there is a large discrepancy in the reported 

estimations of knee forces in the literature. There is also evidence to suggest that the 

sensitivity of the knee joint models to the common simplifying assumptions of developing the 

kinematics model including elimination of joint translations and reducing the number of DoF 

of the joint remain unclear, and the effect of these parameters needs to be further elaborated 

for more accurate quantification and verification of knee forces. 

Therefore, in this thesis, an experimental design is developed to measure the kinematics, 

kinetics and muscular activation of the knee joint during an isolated knee extension task 

(Chapter 3). The measurements are then used to quantify the knee extensor muscle forces 

using a previously developed MSK model of the lower limb (FreeBody) and a simplified model 

of the knee extensor mechanism that is developed as part of this thesis (Chapter 4). The 

predictions of the knee extensor forces from the models are then compared to verify the 
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estimation of forces. This approach is used to investigate the viability of using a simplified 

model during a basic experimental task as a simple, computationally-fast and effective tool 

for hierarchical verification of the knee joint model in large-scale complex MSK models, in 

order to provide more confidence in the performance of the knee joint model and estimation 

of knee forces (Chapter 5). The developed simplified model of the knee extensor mechanism 

is then used to assess the sensitivity of the estimated knee forces to the key modelling 

parameters including the method of calculation of knee CoR, number of DoF of the joint, and 

the effect of joint translations and variations in moment arms (Chapter 6). Finally, the 

feasibility of an independent ultrasound-based measurement technique for direct in-vivo 

quantification and validation of knee forces is investigated (Chapter 7).  

In summary, Chapters 3 and 4 present an overview of the experimental and modelling 

methods that are used in this thesis for quantifying knee extensor forces, Chapters 5 and 6 

indicate the use of the experimental and modelling techniques for evaluating the accuracy 

and sensitivity of the knee joint models as an approach for verifying the models, and Chapter 

7 investigates the feasibility of an independent measurement technique using ultrasound 

imaging for quantifying the musculotendon forces as a potential approach for validating the 

models.   
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 Chapter 3. Experimental methods
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3.1 Chapter overview 

This chapter provides an overview of the experimental methods that are used in this thesis to 

acquire the necessary data for the MSK models detailed in the following chapter. The 

experimental methods in this chapter are divided into seven main sections.   

The first two sections of this chapter outline the functional anatomy of the knee extensor 

mechanism and the experimental task for characterising the knee extensor forces. The 

following three sections elaborate the measurement techniques for acquiring the kinematics 

and kinetics parameters, and muscular activations of the knee joint during the experimental 

task. The measurement techniques for obtaining the kinematics parameters include the use 

of a motion capture system, and a process of manual digitisation using a digitisation-wand for 

locating the position of the segments and the landmarks of interests. For kinetics parameters, 

the measurement techniques include implementation of an isokinetic dynamometer to 

quantify the knee joint torques, and a custom-designed scale for measuring the external 

forces. The measurement techniques for monitoring the muscular activations include the use 

of a surface EMG system. All of these measurement techniques are explained in terms of the 

testing instruments and their calibration procedures, the experimental considerations and the 

processes for verifying the accuracy of data acquisition, and the process of synchronisation of 

all measurements. The experimental setup including the setup of the instruments and the 

laboratory for data collection is then described in the subsequent section. Finally, the last 

section of this chapter outlines different trials of the experimental protocol. These trials 

include the preparation of the subjects before data collection, the static and quasi-static trials 

of calibration of the segments and the main dynamic trial that is knee extension exercise 

against resistance with a slow angular velocity.   

3.2 The knee extensor mechanism and knee extensor muscle forces  

The function of the knee extensor mechanism is the main structure to extend the knee joint 

and contributes to a wide range of daily activities (Mulholland et al., 2001) such as sit-to-stand 

(Ellis et al., 1984) and walking and running (Reilly et al., 1972; Chen et al., 2010). This 

mechanism consists of a complex structure formed by four major components of the 

quadriceps muscle group, the quadriceps tendon, the patella and the patellar tendon (Astur 

et al., 2011). These components are illustrated in Figure 3.1. During knee extension, the force 
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exerted by activation of the quadriceps muscles as the main knee extensor muscles is 

mediated through the quadriceps tendon, the patella and the patellar tendon to pull the tibia 

relative to the femur. In addition to the major components, the extensor mechanism includes 

additional structures including the ligaments and other soft tissue structures crossing the joint 

which along with the geometry of the joint play a critical role in tethering knee extension and 

providing dynamic and static stabilisation of the joint (Amis et al., 1996; Farahmand et al., 

1998; Astur et al., 2011).  
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Figure 3.1. The major components of the knee extensor mechanism including the quadriceps 
muscle group (RF, VL, VI and VM), the quadriceps tendon, the patella and the patellar 
tendon13. 

The quadriceps tendon has been typically characterised as the convergence of the quadriceps 

muscle group including the Rectus Femoris (RF), Vastus Lateralis (VL), Vastus Intermedius (VI) 

and Vastus Medialis (VM) that are inserted onto the superior pole (base) of the patella (Figure 

3.1), where the quadriceps tendon force represents the resultant force of these muscles 

(Wilson et al., 2009; Chen et al., 2010).  

                                                      
13 Image was adapted from © Primal Pictures. All rights reserved. Primal Pictures, an informa business 
www.primalpictures.com, www.anatomy.tv 

http://www.primalpictures.com/
http://www.anatomy.tv/
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The patella is the largest sesamoid bone in the human body covering the anterior surface of 

the femoral condyles which is attached superiorly to the quadriceps tendon and inferiorly to 

the patellar tendon (Figure 3.1). In the early studies of the knee extensor mechanism, the 

patella was assumed to act as a frictionless pulley where the quadriceps and patellar tendon 

forces are equal throughout the knee range of motion regardless of the knee flexion angle 

(Kaufer, 1971; Reilly et al., 1972; Smidt, 1973; Hungerford et al., 1979). This assumption led to 

the practice of patellectomy for certain pathologies in which the functional role of the patella 

was eliminated (Shorbe et al., 1958; Sutton et al., 1976). However, this assumption has been 

found to be incorrect and there is now a consensus that the patella has a significant 

mechanical advantage to the extensor mechanism as it acts as a lever which can change the 

position of its pivot point to maintain force and moment equilibrium at the patella while 

articulating around the trochlea of the femur (Bishop et al., 1977; van Eijden et al., 1986; Amis 

et al., 1996; Mason et al., 2008; Nha et al., 2008). This characteristic of the patella allows the 

moment arm of the extensor forces to be altered and change the force ratio between the 

patellar and quadriceps tendons during knee extension. This force ratio as a function of knee 

flexion angle has been investigated in several experimental (Bishop et al., 1977; Ellis et al., 

1980; Huberti et al., 1984) and modelling (van Eijden et al., 1986; Amis et al., 1996; Gill et al., 

1996) studies. These studies have shown that the force of the patellar tendon is smaller than 

the quadriceps tendon at full flexion (around knee flexion angle of 120°), and it becomes 

greater towards full extension (Mason et al., 2008). These findings indicate that the 

articulation of the patella around the femur increases the moment arm of the quadriceps 

forces about the knee CoR towards full extension, therefore reducing the tensile forces 

required to extend the tibia relative to the femur.  

The patellar tendon (occasionally referred to as the patellar ligament) is one of the largest 

collagenous structures of the human body which originates from the inferior pole of the 

patella (apex of the patella) and inserts onto the tibial tuberosity (Figure 3.1). This tendon is 

one of the essential components of the knee extensor mechanism for transmitting high tensile 

forces produced from contraction of the quadriceps to the tibia, and its function has received 

considerable attention from many investigators for modelling the biomechanics of the 

extensor mechanism (Imran et al., 2000; Krevolin et al., 2004; Tsaopoulos et al., 2006; DeFrate 

et al., 2007; Tsaopoulos et al., 2007a). The tensile forces of the patellar tendon applied to the 
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tibia during knee extension can be taken as the basis of the extensor mechanism to rotate the 

tibia relative to the femur, and accurate quantification of these forces is a prerequisite for 

developing MSK models of the knee extensor mechanism.  Therefore, the knee extensor 

forces in this thesis are characterised based on quantification of the patellar tendon forces 

under physiological loading during knee extension using MSK modelling techniques (Chapter 

4). In the following section, the experimental task for studying the knee extensor mechanism 

in this thesis is described, and the subsequent sections present the experimental 

measurement techniques used for developing the MSK models of the knee extensor 

mechanism in the next chapter.   

3.3 Experimental task: knee extension against resistance  

One-legged dynamic knee extension of the right lower extremity with a slow angular velocity 

against resistance in a seated position was selected as the experimental task to characterise 

and model the knee extensor mechanism. The reason for choosing a slow angular velocity and 

the complete description of the experimental protocol are discussed in Sections 3.5.4 and 3.8. 

This task has been widely used as an experimental model to isolate activation of the knee 

extensor muscles and quantify the extensor forces (Grood et al., 1984; Andersen et al., 1985; 

Nisell et al., 1986; Ahmed et al., 1987; van Eijden et al., 1987; Kaufman et al., 1991b; Chow, 

1999; Cohen et al., 2001; Tsaopoulos et al., 2007a; Tsaopoulos et al., 2011). In this exercise, 

the knee extensor muscles (quadriceps muscles) are known as the main contracting muscles 

and as the major contributors to generate the knee joint moments (Li et al., 1998; Aagaard et 

al., 2000; Zhang et al., 2003; Duffell et al., 2011; Krishnan et al., 2011). Therefore, this 

experimental task was implemented in this thesis to quantify the knee extensor forces using 

MSK modelling techniques described in the next chapter. This experimental task was 

conducted while measuring the kinematics and kinetics parameters as well as the EMG activity 

of some of the muscles. The details of these measurement techniques are described in the 

following sections.  
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3.4 Measurement of kinematics parameters  

3.4.1 Motion capture system 

An optical motion tracking system (Vicon Motion Systems, Oxford, United Kingdom) was used 

to capture the 3D trajectories of anatomical landmarks using passive reflective markers 

(Figure 2.3; Figure 3.17). The system consists of 10 high-speed infra-red cameras (Vicon MX 

cameras) that both emit and record infra-red light which is reflected by the markers, and a 

host computer that records the motion data using the application software (Vicon Nexus, 

version 1.8.5). The reflective markers are spheres of 14 mm in diameter on plastic bases that 

are attached to the skin of the subjects using double-sided tape. The anatomical locations for 

placing the reflective markers are shown in Figure 3.18. The 3D positions of the markers were 

captured as the coordinates of the centre of the spherical markers at each time frame of 

motion at an acquisition rate (sampling frequency) of 100 Hz (100 frames/s) using the Vicon 

Nexus software. The sampling process includes the process of converting the continuous-time 

motion signal (analog signal) into a numeric sequence of discrete-time motion signal, in which 

the sampling frequency defines the number of samples obtained at every time interval of the 

continuous motion signal. Thereby, the sampling frequency of 100 Hz denotes the marker 

trajectories were captured at every 0.01 seconds of motion (time-interval=1/sampling-

frequency).  

The choice of optimal sampling frequency is directly related to the speed of motion under 

investigation, and it must be sufficient to accurately capture the positions of the markers at 

the highest speed of motion (Winter, 1990). The optimal sampling frequency is governed 

according to the Nyquist-Shannon sampling theorem (Shannon, 1949). This theorem states 

that the motion signal must be sampled at a frequency at least as twice as high as the highest 

frequency present in the motion signal to avoid ambiguity and loss of information (for 

example, due to signal distortion resulting from aliasing) in reconstruction of the original 

motion signal (Winter, 1990; Padulo et al., 2014). Hence, low sampling frequency can violate 

the sampling theorem and can lead to false set of sampled motion data. A number of different 

sampling frequencies ranging from 25 Hz to 250 Hz have been used in the literature for 

capturing the motion of different activities (Cavanagh et al., 1977; Stuberg et al., 1988; Diss, 

2001; Papić et al., 2004; Polk et al., 2005; Jordan et al., 2007; O’Connor et al., 2007; Padulo et 

al., 2014). These studies clearly showed that the sampling frequency of 100 Hz is high enough 
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for capturing the kinematic changes during most activities including walking, running and knee 

extension exercise, therefore, it was chosen in this thesis. In other words, considering the 

sampling theorem, it is assumed the highest frequency of motion of the anatomical landmarks 

during knee extension is less than 50 Hz (half of the sampling frequency of 100 Hz) and the 

markers movement frequency is less than 50 frames/second, therefore, their movement can 

be clearly captured at every 0.02 seconds of motion. Nevertheless, a sampling frequency of 

greater than 250 Hz has been recommended for analysing high-speed activities, such as 

running speeds exceeding 20 km/hour or other fast athletic movements (Jordan et al., 2007; 

McKenna et al., 2007).  

The Vicon motion capture system can be integrated with different types of third-party devices, 

including analog devices, using the Vicon Nexus software in order to synchronise the motion 

data with other measurements. This feature was used to synchronise the motion data with all 

other measurements during knee extension including kinetics parameters and muscular EMG 

(measured as analog outputs) which will be described later in this chapter (Sections 3.5 and 

3.6).  

3.4.1.1 Calibration of the motion capture system  

The accuracy of the motion data captured by the cameras was verified according to the 

calibration instruction of the manufacturer, prior to data collection. The calibration procedure 

was performed to minimise systematic errors (for example, due to optical distortion) in the 

motion data. This procedure consisted of two stages of dynamic (camera calibration) and 

static calibration (capture volume calibration) by using the calibration-wand provided by the 

manufacturer (Figure 3.2).  
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Figure 3.2. The calibration-wand for the Vicon motion capture system.  

In the dynamic stage of calibration, the physical position and orientation of each camera in 

the capture volume were determined based on the movement of the calibration-wand. In this 

process, the calibration-wand was waved throughout the empty capture volume to ensure the 

markers on the wand were visible to all cameras, and an acceptable number of calibration-

wand frames were spread evenly across the field of view of each camera. This was checked 

based on the visual feedback from the Vicon Nexus software to identify when enough 

calibration-wand data were captured. This process was performed before each experiment 

and an accuracy of  less than ±0.2 mm for the position of the markers was always achieved. 

In the static stage of calibration, the static position of the calibration-wand was used to define 

the laboratory fixed global coordinate frame (G). In this process, the calibration-wand was 

placed on a flat surface in the capture volume, and the dimensions and relative positions of 

the markers on the wand were used to set the origin of the capture volume with respect to 

the position of the cameras, and define the global axes (XG, YG, ZG) which are then used to 

describe the position of the markers on the subjects (Figure 3.2).   

3.4.2 Digitisation procedure 

In addition to the reflective markers that are directly attached to the landmarks or segments 

of interest, some of the landmarks and points that are required for developing the MSK 

models in the next chapter were obtained by manual digitisation. Details of the landmarks and 

points of interest for digitisation are explained in Sections 3.7.1 and 3.8.2. In this section, the 

experimental procedure for manual digitisation of a point or landmark in space is described, 
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and manual digitisation of any point in this thesis hereinafter is based on the procedure that 

is described in this section.  

The process of manual digitisation of the points of interest was performed using a previously-

developed custom-made wand (Weinert-Aplin, 2014). The digitisation-wand was made of 

solid nylon with a sharp tip-point (tip) and three reflective markers attached onto it (Figure 

3.3). The three markers on the wand were used to define the coordinate reference frame of 

the digitisation-wand (DW) as illustrated in Figure 3.3 and Table 3.1.   

 

Figure 3.3. The digitisation-wand. The three markers on the wand are represented by DWO, 
DWX and DWY. The orthogonal axes of the wand coordinate frame are indicated as 
𝐗𝐃𝐖, 𝐘𝐃𝐖 and 𝐙𝐃𝐖, and their definitions are described in Table 3.1.  
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 Axis definition 

ODW The origin coincides with DWO marker 

XDW The vector from DWO to DWX, pointing towards DWX 

YDW The vector from DWO to DWY, pointing towards DWY 

ZDW The normal vector to the plane formed by DWO, DWX and DWY 

(cross-product of the XDW and YDW axes) 

Table 3.1. Definition of the digitisation-wand coordinate frame (DW). 

The fixed position of the tip relative to DW has been determined previously through a series 

of hemi-spherical dynamic movements while the tip was held static at a point with known 

coordinates (Weinert-Aplin, 2014). In this process, a sphere-fit of the trajectories of the 

markers on the wand was obtained based on a least-square technique, and the position of the 

tip was estimated as the centre of the sphere-fitted marker trajectories. This procedure was 

repeated three times and Table 3.2 indicates the mean and standard deviation of the 

estimated position of the tip relative to DW (Weinert-Aplin, 2014).  

 Mean (mm) SD 

tipx 7.5 0.9 

tipy -181.0 0.5 

tipz -16.2 0.9 

Table 3.2. The fixed coordinates of tip of the wand with respect to DW. SD denotes the 
standard deviation of the mean.  

For digitising any landmark or point in the capture volume, the position of the point of interest 

was firstly calculated with respect to DW, according to the fixed position of the tip relative to 

DW (Table 3.2), by holding the tip of the wand statically on the point of interest while the 
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three markers on the wand were visible to the cameras. The position of the point with respect 

to G was then calculated using Equation (3.1):   

[
tip
1

]
G

= [
 

TDW
G ] [

tip 

1
]
DW

 (3.1) 

where, 

TDW
G =

[
 
 
 
XDWx

YDWx
ZDWx

ODWx

XDWy
YDWy

ZDWy
ODWy

XDWz
YDWz

ZDWz
ODWz

0 0 0 1 ]
 
 
 
 

 (3.2) 

is the transformation matrix from DW to G, and,  

[tip]DW = [
7.5

−181.0
−16.2

]

 

 (3.3) 

The accuracy of digitisation using this technique has been verified previously by Weinert-Aplin 

(2014). This was performed by comparing the coordinates of three different digitised points 

estimated from the wand with the known coordinates of the points captured from the Vicon 

motion capture system. This was repeated three times and a mean root mean square 

difference of 1.8 mm was obtained between the digitised and measured points.  

This digitisation-wand was chosen in this thesis because of its convenient size for digitising the 

points in a small capture volume (as the capture volume of the experimental tests in this 

thesis; Figure 3.17). The size of the wand is compact enough to reach specific points which 

may not be possible using larger wands. It also has a sharp tip that can be easily held statically 

during digitisation and avoid any unnecessary motion of the wand as the tip must not leave 

the point of interest during digitisation. Moreover, the accuracy of digitisation using this wand 

has been previously quantified as explained above.  

3.4.3 Marker data processing and filtering  

The raw marker position data were filtered using a fourth order Butterworth filter with cut-

off frequency of 4 Hz to minimise the high-frequency noise in the reconstructed coordinates 

of the markers. The choice of this filter is in accordance with recommendations in the 

literature (Winter et al., 1974; Winter, 1990) and other studies analysing the kinematics of the 
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lower limb (Manal et al., 2000; Sasaki et al., 2010; Silverman et al., 2012). All computational 

processes of the kinematics data were performed in Matlab (R2016a, MathWorks Inc., USA) 

with the open-source Biomechanical Toolkit (Barre et al., 2014) using a custom-written script.  

The choice of optimal cut-off frequency for low-pass filtering of kinematics data has been 

explored in several studies by characterising the frequency content of the motion during 

different activities (Winter et al., 1974; Lesh et al., 1979; Angeloni et al., 1994; Cooper et al., 

2002; Kristianslund et al., 2012). These studies have shown that a cut-off frequency in the 

range of 4-6 Hz is adequate for low-pass filtering of kinematics data during normal daily 

activities (such as walking), as the human motion data typically have a low-frequency content 

(Chiari et al., 2005). However, a higher cut-off frequency may be required for analysing high 

speed motions, such as sports activities with dramatic changes in the frequency content of 

motion data due to transition from high to low frequency components. In these cases, it is 

recommended to select the cut-off frequency based on analysis of the frequency content of 

the motion data (Cooper et al., 2002; Chiari et al., 2005; Kristianslund et al., 2012).  

3.5 Measurement of kinetics parameters 

3.5.1 Cybex isokinetic dynamometer 

A commercially-available isokinetic dynamometer (Cybex Isokinetic Testing System, Henley 

Healthcare, USA) was used to measure the knee torques during the knee extension exercise. 

The Cybex system consists of an adjustable seat for securing the position of the subjects, a 

lever arm with a resistance pad which is attached to the dynamometer, a dynamometer which 

controls the speed of motion and measures the torque, angular position and angular velocity 

of the lever arm, and a computer using the Humac Norm application software (Humac Norm 

Testing and Rehabilitation System, Computer Sports Medicine, Inc., MA, USA) to record and 

provide visual feedback of the data (Figure 3.4). This isokinetic dynamometer also includes 

auxiliary outputs which enables the user to measure the torque, angular position and velocity 

of the lever arm as analog output signals and synchronise them with other measurement 

systems. This was used to synchronise the measured torques and angular positions with the 

motion data, which is described in Section 3.5.5 and will be later used for developing the 

models in the next chapter. The term ‘Cybex’ is used hereinafter to refer to this isokinetic 

dynamometer system.  
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Figure 3.4. Cybex isokinetic dynamometer14. 

3.5.2 Isokinetic exercise  

The term ‘isokinetic’ is normally used to refer to a type of dynamic muscular contraction when 

the velocity of motion is controlled and maintained constant (Hislop et al., 1967; Thistle et al., 

1967). This is typically achieved by the function of a dynamometer which exerts a resistive 

force to the moving segment proportional to the applied muscular torque throughout the 

range of motion to control the angular velocity at a constant pre-set value. In this way, the 

resistive force is adjusted by the dynamometer according to the generated joint moments 

from muscular contraction to accommodate the muscular contraction capacity and attain the 

constant angular velocity, so that the segment angular velocity cannot exceed the pre-set 

angular velocity. This mechanism is controlled by a servomotor in the dynamometer which 

can confine acceleration of the segment regardless of increasing the muscular contraction and 

maintain the pre-set constant angular velocity. Therefore, once the pre-set angular velocity of 

the segment is attained, the velocity cannot increase due to the resistance applied from the 

dynamometer. This means that the control mechanism of the dynamometer is activated once 

the pre-set angular velocity is reached, and above that level the resistive force is exerted to 

                                                      
14 Image was taken from www.csmisolutions.com. 

http://www.csmisolutions.com/
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the segment to maintain the constant velocity. Consequently, the isokinetic exercises can be 

theoretically performed at a pre-set constant angular velocity while the torques are recorded 

by the dynamometer.    

Isokinetic exercises by utilising dynamometers have been widely used in biomechanics 

research and in the clinical setting for muscular strength assessment and rehabilitation 

training, particularly in the knee joint, by providing information about dynamic muscular 

contraction and contribution of muscles in production of joint moments at a constant angular 

velocity (Baltzopoulos et al., 1989; McGorry, 1989; Dvir, 1991; Baroni et al., 2015).  

3.5.3 Technical accuracy of Cybex 

The technical accuracy of the Cybex measurements and its analog recording system have been 

evaluated and verified in several studies (Mawdsley et al., 1982; Osternig, 1986; Bemben et 

al., 1988; Nitschke, 1992; Li et al., 1996; de Araujo Ribeiro Alvares et al., 2015; Nugent et al., 

2015). These studies have shown that the measurements of torque and angular velocity using 

the Cybex dynamometer are reproducible and reliable, particularly at slow angular velocities. 

However, there are several factors that need to be considered for accurate analysis of the 

joint moments and forces. These factors include the assumption of constant angular velocity 

during an isokinetic exercise controlled by the dynamometer which is discussed in the next 

section, the effect of gravity and mass of segment, and the joint AoR on the torque 

measurements which are discussed and incorporated in developing the knee extensor model 

in the next chapter.  

3.5.4 Constant angular velocity  

The concept of attaining a constant angular velocity during an isokinetic exercise by the 

control mechanism of a dynamometer has been discussed in many studies (Winter et al., 1981; 

Gransberg et al., 1983; Murray et al., 1986; Osternig, 1986; Baltzopoulos et al., 1989). It has 

been identified that the motion during an isokinetic exercise with constant angular velocity 

contains periods of acceleration, oscillation and deceleration which can introduce errors in 

isokinetic torque measurements, and should be taken into account for inverse dynamic 

analysis under the assumption of constant angular velocity. This is caused by the compliance 

of the speed control mechanism of the dynamometer that adjusts the angular velocity of the 

accelerating segment to a constant pre-set velocity. Acceleration and deceleration of motion 

occur at the early phase of motion before attaining the constant velocity in which the segment 



114 

has to accelerate from static position and travel a certain angular distance to reach the pre-

set angular velocity. Also, deceleration can occur towards the end of exercise in which the 

segment needs to decelerate to stop at the end of range of motion.  

The periods of motion containing acceleration and deceleration generate a conspicuous spike 

which is followed by a period of oscillation in the torque data that cannot represent the torque 

generated from muscular contraction, and it can cause misinterpretation of isokinetic torque 

measurements. This phenomenon has been referred to as ‘impact artefact’ (Winter et al., 

1981), ‘impact torque’ (Sale et al., 1987) or ‘torque overshoot’ (Sapega et al., 1982), which is 

caused due to the interaction between the accelerating segment mass at the onset of exercise 

and the resisting lever arm of the dynamometer for controlling the velocity (the transition 

from unresisted- to resisted-motion with constant velocity).  

The duration of motion with constant angular velocity is directly related to the pre-set angular 

velocity, such that the duration to reach the pre-set velocity increases with increasing the pre-

set value and limits the range in which the segment moves with constant velocity. This is 

because the greater the pre-set velocity is, the longer it takes to attain the constant velocity, 

and the acceleration, oscillation and deceleration can occupy a large portion of the motion 

and reduce the constant velocity part of motion that results in violation of the assumption of 

constant angular velocity (Gransberg et al., 1983; Farrell et al., 1986; Osternig, 1986).  

Consequently, the effect of acceleration and torque artefacts become more apparent and 

significant during motions with high angular velocity.  

Therefore, in this thesis, a slow pre-set angular velocity of 30°/s (the slowest pre-set angular 

velocity of Cybex) was selected for the experimental task to minimise the effect of acceleration 

and increase the constant angular velocity part of motion. In addition, a small period of motion 

(about 5° of angular displacement) at the beginning and towards the end of the range of 

motion during the knee extension exercise was excluded from data analysis to minimise the 

effect of acceleration on the measured torques. This was performed to exclude the potential 

acceleration and deceleration part of motion, to ensure the motion data were captured with 

constant angular velocity.   

Another reason for choosing a slow angular velocity for the experimental task is that the knee 

joint forces have been found to be more sensitive to the variation in the location of CoR during 

slow-speed motions and low joint moments (Herzog, 1988; Holden et al., 1998; Chow, 1999). 
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This is in line with one of the aims of this thesis which is investigated in Chapter 6, therefore, 

a slow angular velocity of motion was chosen to identify if this sensitivity holds true.  

3.5.5 Cybex analog outputs 

The angular positions and torques of the Cybex lever arm during knee extension exercise were 

recorded as analog voltages using the Cybex auxiliary outputs. The analog outputs were 

sampled at a sampling frequency of 1000 Hz (Murray et al., 1986; Kawakami et al., 2002; 

Krishnan et al., 2011) and synchronised with the motion data by connecting the Cybex outputs 

to the Vicon motion capture system using Bayonet Neill-Concelman (BNC) connectors. 

The raw analog data were filtered using a second order low-pass Butterworth filter with a cut-

off frequency of 6 Hz to attenuate the high-frequency noise of the analog signals. This filter 

was selected according to the recommendations from the literature investigating the optimal 

filtering parameters for analog recordings of Cybex with respect to the pre-set angular velocity 

(Murray, 1986; Murray et al., 1986). 

The analog measurements of angular position and torque were converted to degree and 

Newton-metre through calibration procedures based on calibrated conversion coefficients. 

The calibration procedure was performed based on the default setting of the dynamometer 

for calibrating Cybex torque measurements. In this procedure, a known weight with known 

effective moment arm was attached to the Cybex lever arm, then the lever arm was dropped 

from an upward vertical position (θ = −90°) in a clockwise direction to a downward vertical 

position (θ = 90°) with a slow constant angular velocity of 3°/s which was controlled by the 

dynamometer (Figure 3.5). This procedure was performed while the instantaneous angular 

positions and torques of the lever arm were recorded as analog voltages throughout the 

calibration test. The calibration procedure was repeated three times using two different 

masses of 45.4 kg (100 lb) and 11.3 kg (25 lb) provided by the manufacturer.  
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Figure 3.5. Calibration of Cybex analog measurements.  

3.5.5.1 Angular position calibration 

The analog measurements of angular positions were calibrated as the first step in the 

calibration procedure. In this process, the angular position of the lever arm at the beginning 

of the calibration test was measured using a goniometer (θ = −90°), and the duration (time-

interval) of the calibration test was calculated from the recorded analog signal based on the 

known sampling frequency (time-interval=1/sampling-frequency). The instantaneous angular 

position of the lever arm throughout the calibration test was then calculated according to the 

given constant angular velocity of the calibration test (3°/s) and the time interval of the 

motion:    

 dθ = θ̇ × dt  3.4 

where  dθ denotes the instantaneous angular position in degrees, θ̇ is the controlled constant 

angular velocity by the dynamometer (3°/s) and dt is the time interval of motion calculated 

from sampling frequency. 

Once the angular positions throughout the calibration test were calculated, a linear regression 

analysis was conducted to determine the relationship between the calculated angular 

positions and the observed analog outputs (Figure 3.6).  
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Figure 3.6. The relationship between the angular position (𝛉) and the observed analog 
output for all calibration trials using two different calibration weights. The values are 
presented as the mean and standard deviation (grey) of all calibration trials.   

The independency of residuals (errors) of the regression model was evaluated using a Durbin-

Watson test (to assess if the adjacent observations and their errors are correlated), and no 

correlation between residuals was found for all calibration trials.  

The assumption of homoscedasticity of the regression model (the variance of the errors is 

constant across all the values of analog output voltage) was assessed by inspection of a plot 

of standardised residuals against standardised predicted values, and homoscedasticity was 

observed for all trials.  

Also, the residuals (errors) of the regression model were tested to be normally distributed by 

visual inspection of a normal probability plot.  

A regression equation was then calculated to predict the angular position of the lever arm 

from the observed analog outputs:  

θ = Coffp × Analog + c1 3.5 
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where θ represents the angular position of the lever arm in degrees, Coffp and c1 denote the 

calibration coefficients and Analog represents the analog signal measured in voltage. 

The calibration coefficients of the regression model were calculated within a 95% confidence 

interval at an alpha statistical significance level of 0.05 (p < 0.05 means that the calculated 

coefficients are significantly different from zero and the linear regression model for predicting 

the angular positions from the observed analog outputs is statistically significant).  

The accuracy of the regression model (how well the model fits the data) was verified based on 

a coefficient of determination (R2) to examine the proportion of variance in the angular 

positions that can be explained by the linear regression model.  

The entire statistical analysis was performed using SPSS software (version 23, IBM SPSS 

Statistics, USA) based on the instructions provided by Laerd Statistics (2015), and the results 

are presented in Table 3.3.  

3.5.5.2 Torque calibration 

The analog measurements of torques were calibrated as the second step of the calibration 

procedure, once the instantaneous angular positions were calculated using Equation 3.5. In 

this process, the instantaneous torque of the Cybex lever arm was calculated as a function of 

its angular position using the free-body diagram of the forces acting on the lever arm during 

the calibration test (Figure 3.7).  
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Figure 3.7. Free-body diagram of the forces acting on the Cybex lever arm during calibration. 

Since the angular velocity of the calibration test is constant (3°/s), there are no accelerations 

and therefore the torques generated about the CoR of the Cybex lever arm are solely due to 

the calibration weight (WCalib) and the weight of the Cybex lever arm (WC). Therefore, the 

torque of the Cybex lever arm was calculated from equilibrium of moments as: 

MC(θ) = (WCalib × L1 + WC × L2) cos θ 3.6 

where MC is the instantaneous torque about the CoR of the Cybex lever arm as a function of 

its angular position, WCalib is the calibration weight attached to the lever arm, L1 is the 

moment arm of the calibration weight, WC is the weight of the Cybex lever arm, L2 is the 

moment arm of the weight of the lever arm (the shortest distance between the centre of mass 

and CoR of the Cybex lever arm) and θ is the angular position of the lever arm derived using 

Equation 3.5.   
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The weight and moment arm of the lever arm were obtained from the Cybex data sheet 

(WC × L2 = 6.1 N.m). The calibration weight and its moment arm (WC × L2 ) were measured 

for each calibration test based on the known mass of the calibration weight (45.4 kg and 11.3 

kg) and the fixed distance between the centre of mass and the CoR of the lever arm (L1 =

0.45 m).  

Once the torques of the lever arm were calculated using Equation 3.6, a linear regression 

analysis was conducted, similar to the calibration of angular positions, to quantify the 

relationship between the calculated torques and the observed analog outputs (Figure 3.8).  

 

Figure 3.8. The relationship between the torque of the Cybex lever arm (𝐌𝐂) and the 
observed analog output. The values are shown as the mean and standard deviation (grey) 
of the calibration tests using the 45.4 kg mass.  

The assumptions of the linear regression model including the independency of residuals, 

homoscedasticity and normal distribution of residuals were assessed in the same way as 

described for the regression model of the angular position (Section 3.5.5.1). 
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A regression equation was then determined to predict the torque of the lever arm from the 

observed analog outputs as:  

MC = CoffT × Analog + c2 3.7 

where MC denotes the moments (torques) of the Cybex lever arm in Newton-metre , CoffT 

and c2 are the calibration coefficients of the regression model and Analog is the analog signal 

measured in voltage. 

The accuracy of the calibration coefficients was verified using a 95% confidence interval at an 

alpha significance level of 0.05 and a coefficient of determination (R2) as described in Section 

3.5.5.1. Table 3.3 summarises the calculated calibration coefficients from the regression 

models for two different calibration masses (45.4 kg and 11.3 kg). 

 Angular position Torque 

Calibration 

mass  
𝐂𝐨𝐟𝐟𝐩 𝐜𝟏 p-value 𝐑𝟐 𝐂𝐨𝐟𝐟𝐓 𝐜𝟐 p-value 𝐑𝟐 

45.4 kg 209.07 -89.4 p<0.0005 0.99 88.02 -0.02 p<0.0005 0.99 

11.3 kg 209.91 -89.2 p<0.0005 0.99 88.04 -0.01 p<0.0005 0.99 

Mean 209.49 -89.9   88.03 -0.015   

SD 0.6 0.1   0.01 0.01   

Table 3.3. Calibration coefficients for analog measurements of angular position and torque 
of the Cybex lever arm derived from regression analysis. SD shows the standard deviation 
of the mean. 

Therefore, the synchronised Cybex output analog voltages representing the angular position 

and torque of the lever arm during knee extension exercise were converted to degree and 

Newton-metre using the calibrated conversion coefficients (Table 3.3) according to Equations 

3.5 and 3.7. 



122 

3.5.6 Measurement of external forces during knee extension 

There are three external forces acting on the lower limb during knee extension exercise 

against resistance (Figure 3.9). These forces include the reaction force from the Cybex lever 

arm acting on the shank of the subjects (FS), the reaction force from the Cybex seat acting on 

the thigh of the subjects (FT), and the gravitational force acting on the leg of the subjects (Ws).   

The external force acting on the shank during the experimental task was quantified in terms 

of direction, magnitude and point of application using an analytical model based on the Cybex 

torque measurements and the moment arm of the external forces which is described in 

Chapter 4. The gravitational force was measured using the mass and position of the centre of 

mass of the segment based on the anthropometric model of de Leva (1996) which is also 

described in Chapter 4. The experimental techniques for measuring the external force on the 

thigh are described in the following section. 

 

Figure 3.9. The external forces acting on the lower limb during knee extension against 
resistance. 
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3.5.6.1 Thigh external forces 

A customised commercially-available digital scale (Tanita HD386W, weight capacity: 1471 N, 

accuracy: ± 100g, Tanita Corporation of America Inc., USA) was used to measure the thigh 

external forces as an analog signal and synchronise it with the Vicon motion capture system.  

The scale consists of four single strain gauge load sensors that are located diagonally across 

each side of the scale. Each strain gauge measures the deformation (strain) caused by an 

external load as a change in electrical resistance and converts the load into an electrical signal. 

Figure 3.10 illustrates the block diagram of the process for converting the strain gauge 

measurements into an analog output signal.  

 

Figure 3.10. The process for converting the scale readings into an analog output.  

The four outputs from the load sensors were combined into a standard Wheatston bridge 

configuration using an electrical board (SparkFun Load Sensor Combinator, BOB 13878, 

SparkFun Electronics, USA) to convert the variations in the resistance of the load sensors into 

a single voltage output (Figure 3.11). The Wheatstone bridge is a common circuit for accurate 

measurement of resistance from four strain gauges as a single output signal which has been 

typically used in commercial scales.  

Since the change of electrical resistance per unit of strain was very small, the output was 

amplified and converted into a digital signal using a 24-bit analog-to-digital converter 

(SparkFun Load Cell Amplifier HX711, SparkFun Electronics, USA) to accurately measure the 

small changes in resistance (Figure 3.11). This analog-to-digital converted has been designed 

for direct interface with load sensors to amplify and digitise the input signal.  
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The output from the converter (the amplified signal from the load sensors in a digital format) 

was then connected to a microcontroller (SparkFun RedBoard, DEV 13975, SparkFun 

Electronics, USA) in order to record the acquired data (Figure 3.11). The microcontroller was 

programmed using a custom-written script in an Integrated Development Environment (IDE) 

software (IDE Arduino software, version 1.8.3) for reading the measurements.  

The output voltage from the microcontroller was encoded onto a fixed-frequency carrier wave 

known as a Pulse Width Modulated (PWM) waveform. PWM is a square wave with a constant 

frequency in which the pulse width is modulated based on the variation of the amplitude of 

the original signal (the percentage of the on-time of the signal, duty cycle, changes according 

to the amplitude of the original signal). In other words, PWM waveform has a fixed frequency 

but variable pulse width which is directly proportional to the amplitude of the original 

(unmodulated) signal.  

Subsequently, the PWM waveform output was converted to an analog signal using a simple 

custom-made low-pass filter circuit (Figure 3.11). The low-pass filter circuit was made by 

connecting a single resistor (12Ω) to a capacitor (470 µF) in a series formation. The values of 

the resistance and capacitance were selected empirically on a trial-and-error basis to ensure 

a smooth analog signal can be recorded when the scale is loaded. This was verified based on 

the visual feedback from an oscilloscope.  

 

Figure 3.11. The electrical components for converting the scale readings into an analog 
signal.  
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Finally, the analog output from the scale was connected to the Vicon motion capture system 

using a coaxial cable and synchronised with the motion data at a sampling frequency of 

1000 Hz. This sampling frequency is in accordance with the recommendations in the literature 

for sampling of the force-plate data (Winter, 1990), and it is similar to the sampling frequency 

of the other analog measurement devices used during the experimental process.  

A second order low-pass Butterworth filter with a cut off frequency of 10 Hz was applied to 

the recorded external force to reduce the noise associated with the cross-talk between the 

instruments or the conversion from an analog to a digital signal during synchronisation of the 

measurements. The choice of this filter was made according to the filtering parameters that 

are commonly used for processing force plate data (Winter, 1990; Silva et al., 2002). All force 

data were processed using a custom-written script in Matlab software (R2016a, MathWorks 

Inc., USA).  

3.5.6.2 Point of application of the thigh external force 

The scale measurements were used to quantify the magnitude of the thigh external force 

during knee extension. However, the external force needs to be quantified in terms of 

direction, magnitude and point of application. In order to create a point load application of 

the thigh external force, a custom-made cylindrical foam (with a diameter of 4 cm and a length 

of 19 cm) was attached onto the scale and secured using tapes, such that it can be placed 

underneath the subject’s thigh during the experimental task (Figure 3.12). Hence, the external 

force during knee extension was applied through the cylinder. The cylinder was made out of 

high-density polyethylene foam roller (66fit Foam Roller, Physio Supplies Ltd., UK) which is 

typically used in physiotherapy applications. The calculation of the point of application and 

direction of the external force is described in Chapter 4.  
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Figure 3.12. Setup of the scale with the cylindrical foam on Cybex (left), position of the thigh 
of a representative subject during the experimental task (right). 

3.5.6.3 Scale calibration procedure 

The analog measurement of the thigh external forces was converted to load based on a static 

calibration procedure. In this procedure, a known load was applied to the scale while 

recording the analog output for 3 seconds. The average analog output voltage over the period 

of calibration was then converted to load using calibrated conversion coefficients driven from 

a regression model. The static calibration of the scale was repeated three times using six 

different loads (Table 3.4).  

Static calibration test number 1 2 3 4 5 6 

Calibration load (N) 14.7 24.5 49 98 147 196.1 

Table 3.4. Different calibration weights used during static calibration process of the scale. 

A linear regression analysis was conducted to determine the relationship between the 

calibration weights and the observed analog output (Figure 3.13).  
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Figure 3.13. The relationship between load and the observed analog output of the scale for 
different calibration loads. The values are presented as the mean of three repetitions. Error 
bars show the standard deviation of the mean.  

The assumptions of the linear regression model including the independency of residuals, 

homoscedasticity and normal distribution of residuals were inspected in the same way as 

described previously (Section 3.5.5.1).   

A regression equation was then calculated in order to measure the load that is applied onto 

the scale from the observed analog output:  

Load = Coffs × Analog + c3 3.8 

where Load is the load that is applied on the scale measured in Newton, Coffs and c3 denote 

the coefficients of the regression model and Analog is the observed analog output from the 

custom-designed scale. The accuracy of the regression model was verified using a 95% 

confidence interval at an alpha level of 0.05 and a coefficient of determination (R2) as 

described in Section 3.5.5.1. The regression analysis was conducted in SPSS software (version 

23, IBM SPSS Statistics, USA) based on the instructions given by Laerd Statistics (2015), and 

the results are presented in Table 3.5.  
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𝐂𝐨𝐟𝐟𝐬 𝐜𝟑 p-value 𝐑𝟐 

34.3 0.2 p<0.0005 0.98 

Table 3.5. The results of the regression analysis for static calibration of the scale.  

3.6 Measurement of muscular activation   

As described previously, the quadriceps muscle group is known as the major knee extensor 

muscles that are activated during knee extension. The activation of these muscles have been 

extensively examined using surface EMG, and it has been observed that the resultant knee 

extensor moments generated during knee extension exercise are primarily due to activation 

of the quadriceps muscles (Kellis, 1998; Li et al., 1998; Aagaard et al., 2000; Zhang et al., 2003; 

Duffell et al., 2011; Krishnan et al., 2011). This will be later used for developing a 2D analytical 

model of the knee extensor mechanism for calculating the knee extensor forces (Chapter 4) 

by assuming that the effect of the knee flexors’ activation on production of the joint moments 

during knee extension is negligible. 

However, there is evidence in the literature indicating that the knee flexors (hamstring 

muscles) may be co-activated during knee extension (Draganich et al., 1989; Kellis, 1998; 

Aagaard et al., 2000; Alkjær et al., 2012). Although the antagonist co-activation of the 

hamstring muscles have been found to be relatively small during knee extension in healthy 

subjects (Draganich et al., 1989; Aagaard et al., 2000; Bryant et al., 2010; Krishnan et al., 2011), 

it has been suggested that the functional role of antagonist co-activation of the hamstrings 

can be substantial for stabilising the knee joint, particularly in the ACL-deficient knees 

(Grabiner et al., 1989; Imran et al., 1998; Yanagawa et al., 2002; Aalbersberg et al., 2005; 

Alkjær et al., 2012). This is mainly because the hamstring muscles can assist the mechanical 

function of the ACL that is limiting the excessive anterior translation and internal rotation of 

the tibia due to quadriceps contraction near full extension. Therefore, the functional role of 

antagonist co-activation of the hamstrings becomes more significant in the ACL-deficient 

knees.  
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As the 2D analytical model of the knee extensor mechanism in this thesis is developed under 

the assumption that the activation of the knee flexors during knee extension is negligible 

(Chapter 4), the EMG activation of the hamstring muscles (Biceps Femoris and 

Semitendinosus) were monitored during the experimental task (Figure 3.14). The 

measurement techniques for recording the EMG of these muscles are described in this section 

and the results will be presented later in Chapter 5. 

 

Figure 3.14. Anatomical location of the Biceps Femoris (BF) and Semitendinosus (SM) for 
placement of EMG electrodes15.  

A wireless surface EMG system (Myon 320 EMG system, Myon AG, Switzerland) with 

disposable bipolar Ag-AgCI surface electrodes (self-adhesive, 5 mm diameter, Ambu Neuroline 

720, Ambu Ag-AgCI, Denmark) was used to monitor the activation of Biceps Femoris (BF) and 

Semitendinosus (SM) of the right extremity during knee extension (Figure 3.15).  

                                                      
15 Image was adapted from © Primal Pictures. All rights reserved. Primal Pictures, an informa business 
www.primalpictures.com, www.anatomy.tv 

http://www.primalpictures.com/
http://www.anatomy.tv/
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Figure 3.15. The Myon wireless EMG system16.  

The EMG system consists of small wireless transmitters capable of simultaneous transmission 

of 16 parallel channels, and a receiver unit that converts the measured EMG data into analog 

signals (Figure 3.15). The receiver outputs were connected to the Vicon motion capture 

system to synchronise the recorded EMG signal with the motion data. The raw EMG signals 

were sampled at 1000 Hz (Bryant et al., 2010; Krishnan et al., 2011) using the Vicon Nexus 

software, similar to the other analog measurements. The placement of the electrodes on the 

subjects is explained in Section 3.8, and the post-processing of the EMG signals will be 

explained later in Chapter 5 along with the results of EMG measurements. 

3.7 Experimental setup 

3.7.1  Setup of the Cybex dynamometer and the scale  

Prior to data collection, two sets of marker clusters (a cluster of three non-colinear markers) 

were rigidly attached onto the Cybex lever arm and the scale (Figure 3.16). The position of the 

marker clusters will be later used to define the local coordinate frames of the Cybex lever arm 

and the scale to characterise the external forces acting on the subject’s leg during knee 

                                                      
16 Image was taken from the product data-sheet retrieved from www.summitmedsci.co.uk.  

http://www.summitmedsci.co.uk/
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extension (Chapter 4). Figure 3.16 depicts the location of the marker clusters on the Cybex 

lever arm and the scale. 

Once the markers were placed onto the Cybex lever arm and the scale, a number of points on 

the Cybex lever arm and the scale were manually digitised in a static position (using the 

method explained in Section 3.4.2) to calculate the position of the points relative to the 

respective coordinate frame (marker clusters). Table 3.6 describes the points on the Cybex 

lever arm and the scale for digitisation. The digitised points will also be later used for 

characterising the external forces acting on the segments during knee extension (Chapter 4). 

The mathematical calculations for determining the local coordinate frames of the Cybex lever 

arm and the scale using the marker clusters, and the use of digitised points are all described 

in detail in Chapter 4.  

 

Figure 3.16. Location of the marker clusters on the Cybex lever arm and the scale, and the 
points for digitisation. Labels are described in Table 3.6.  
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Segment Marker Description 

Cybex lever arm CY1 Marker 1 on the marker cluster of the Cybex lever arm 

 CY2 Marker 2 on the marker cluster of the Cybex lever arm 

 CY3 Marker 3 on the marker cluster of the Cybex lever arm 

 CY4 Centre of rotation of the Cybex lever arm 

 RL 
The attachment line between the anterior surface of the 

resistance pad and the rod of the Cybex lever arm 

 CY5 
The mid-point of the RL line (pivot point of the resistance 

pad) 

Scale S1 Marker 1 on the marker cluster of the scale 

 S2 Marker 2 on the marker cluster of the scale 

 S3 Marker 3 on the marker cluster of the scale 

 CL 
The intersecting line between the plane formed by S1-S2-S3 

and top of the cylindrical foam 

 S4 The mid-point of the CL line 

Table 3.6. Description of the markers and digitisation points on the Cybex lever arm and the 
scale. 

3.7.2 Laboratory setup for data collection 

All experimental tests were conducted in the MSK lab at Charing Cross Hospital (Imperial 

College London, Charing Cross Campus, London, UK). The cameras of the Vicon motion capture 

system were placed around the Cybex dynamometer using tripods in order to capture the 

motion throughout the range of motion of knee extension exercise (Figure 3.17). The cameras 

were placed in a way to ensure all reflective markers in the capture volume can be seen by at 

least two cameras. All measurement devices were synchronised electronically with the Vicon 

motion capture system as described in the previous sections. The layout of the laboratory 
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setup is shown in Figure 3.17. It should be noted that the backrest of the Cybex seat was placed 

into a flat position in order to be able to capture the motion of the reflective markers placed 

on the sacrum of the subjects (Figure 3.18).  

 

Figure 3.17. The layout of the laboratory for data collection indicating the Vicon cameras, 
Cybex dynamometer and the custom-designed scale.  

3.8 Experimental protocol 

The experimental protocol was divided into the following four main parts:  

1- subject preparation; 

2- static standing calibration trial; 

3- quasi-static digitisation trial; and 

4- dynamic trial.  
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3.8.1 Subject preparation 

3.8.1.1 Marker placement  

Prior to data collection, the reflective markers were attached onto the subject’s lower limb to 

capture the position of the segments and their anatomical landmarks during knee extension. 

The reflective markers were used either in the form of a cluster-triad including a cluster of 

three non-colinear markers attached onto a segment, or as an individual marker directly 

attached to the bony landmarks of interest identified through palpation (Figure 3.18). The 

marker clusters were placed on each segment (pelvis, femur and tibia) on the parts that have 

the least amount of skin-to-bone movement (most rigid part of the segment) to minimise the 

skin motion artefacts (Cappozzo et al., 1995; Cheze et al., 1995; Cappozzo et al., 1996; Borhani 

et al., 2013). The position of the marker clusters are used to define the body-fixed local 

coordinate frame (LCF) of the segment as the local (bone-embedded) orthogonal set of axes 

which its position can be defined relative to G during activity. The bony landmarks of the 

segments were then manually digitised in a static standing trial which is described in Section 

3.8.2.  

The locations of the reflective markers for each subject are indicated in Figure 3.18 and Table 

3.7, and the mathematical calculations of segment’s LCF using the markers are explained in 

the next chapter. 
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Figure 3.18. Anatomical location of the reflective markers on a representative subject. 
Labels are explained in Table 3.7. 
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Segment Marker Anatomical location  

Pelvis PC1 Marker 1 on the pelvic marker cluster placed on sacrum  
 

PC2 Marker 2 on the pelvic marker cluster placed on sacrum 
 

PC3 Marker 3 on the pelvic marker cluster placed on sacrum 

Thigh RT1 Marker 1 on the thigh marker cluster  
 

RT2 Marker 2 on the thigh marker cluster  
 

RT3 Marker 3 on the thigh marker cluster  

 LFE Lateral Femoral Epicondyle  

 MFE  Medial Femoral Epicondyle  

Calf RC1 Marker 1 on the calf marker cluster 
 

RC2 Marker 2 on the calf marker cluster  
 

RC3 Marker 3 on the calf marker cluster 
 

ALM Apex of the lateral malleolus  
 

AMM Apex of the medial malleolus  

Foot FC Calcaneus  
 

TFM Tuberosity of the fifth metatarsal  
 

HSM Head of the second metatarsal  
 

TF Additional marker placed on top of the foot  

Table 3.7. Description of anatomical location of the markers on each segment.  

3.8.1.2 EMG electrode placement 

The EMG electrodes were placed on the hamstring muscles as the next step of subject 

preparation. The anatomical location of the BF and SM muscles were identified according to 

the guidelines from the Surface Electromyography for the Non-Invasive Assessment of 

Muscles (SENIAM) project (Hermens et al., 1999; Hermens et al., 2000), that is at half of the 

line between the ischial tuberosity and the lateral and medial condyle of the tibia for BF and 
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SM respectively (Figure 3.14). The anatomical location of the muscles were also verified 

visually by asking the subjects to flex their knees against manual resistance. 

Prior to placement of the surface electrodes, the skin of the subject was shaved and cleaned 

using alcohol swabs in order to minimise the skin impedance and increase conductivity. For 

each muscle, two surface electrodes were directly attached on the belly of the muscle with an 

inter-electrode distance (centre-to-centre) of 2 cm aligned longitudinally with the presumed 

direction of the muscle fibres, according to the SENIAM recommendations. The electrodes 

were then connected to the wireless transmitter (one transmitter for each muscle) and 

secured on the skin of the subjects using tapes. Since the experimental task was performed in 

a seated position, the surface electrodes were covered using a plastic cap to avoid losing the 

EMG signal due to interference from the contact between the Cybex seat and the electrodes 

during the experimental task. 

3.8.2 Static standing calibration trial 

In the static trial, the subject was asked to remain still in the anatomical standing position 

while capturing the 3D position of the reflective markers and calibrating the anatomical 

position of the segments through digitisation. In this trial, the bony landmarks of the segments 

were identified through palpation (Benedetti et al., 1994) and manually digitised (based on 

the method explained in Section 3.4.2) with respect to the LCF of the segment to establish the 

position of the landmarks relative to the LCF of the segments. The digitised landmarks of the 

segments are used to define the body-fixed anatomical coordinate frame (ACF) of the 

segments with respect to the LCF of the segments (based on the CAST method; Section 

2.4.2.1). Figure 3.19 and Table 3.8 show the anatomical location of the bony landmarks that 

were manually digitised in the static trial. The mathematical calculations and the definitions 

of the LCF and ACF of the segments are all described in the next chapter.  
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Figure 3.19. Anatomical location of the bony landmarks for digitisation during static 
standing trial17. Labels are described in Table 3.8. 

                                                      
17 Image was adapted from © Primal Pictures. All rights reserved. Primal Pictures, an informa business 
www.primalpictures.com, www.anatomy.tv 

http://www.primalpictures.com/
http://www.anatomy.tv/
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Segment Landmark to digitise Anatomical location  

Pelvis RASIS Right Anterior Superior Iliac Spine 
 

LASIS Left Anterior Superior Iliac Spine 
 

RPSIS Right Posterior Superior Iliac Spine 
 

LPSIS Left Posterior Superior Iliac Spine 

Thigh LFE Lateral Femoral Epicondyle  
 

MFE  Medial Femoral Epicondyle  

Foot ALM Apex of the Lateral Malleolus  
 

AMM Apex of the Medial Malleolus  

Table 3.8. Description of the anatomical bony landmarks for digitisation.  

3.8.3 Quasi-static digitisation trial  

The quasi-static digitisation trial involved multiple calibration of the position of the patellar 

tendon in the expected range of motion during knee extension. In this trial, the position of the 

origin (apex of the patella) and insertion (tibial tuberosity) points of the patellar tendon (Figure 

3.1) were manually digitised at different knee flexion angles in the expected range of motion 

during knee extension for each subject (based on the MCAST method; Section 2.4.2.1). This 

was performed while the subject has seated on the Cybex seat and the lower leg of the subject 

was moved by the Cybex lever arm at every 10° interval of the range of motion. The subject 

was asked to apply a voluntary contraction to the lever arm in order to digitise the points with 

a loaded patellar tendon. The digitised points were linearly interpolated to determine the 

position of the patellar tendon throughout the range of motion, and to quantify the line of 

action of the patellar tendon force (Chapter 4).  

It should be noted that the intervals for digitising the patellar tendon during knee extension 

were derived based on the angular position of the Cybex lever arm. This means that the 10° 

interval of digitisation is controlled by the Cybex lever arm which may not be necessarily 

equivalent to every 10° of knee flexion angle (the calculations of the actual knee flexion angle 

as the position of the tibia relative to the femur are presented in the next chapter). The 

mathematical calculations for quantifying the line of action of the patellar tendon force during 
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the experimental task and the use of the data from the quasi-static digitisation trial are all 

described in Chapter 4.  

3.8.4 Dynamic trials  

Dynamic trials consisted of the main experimental task of dynamic knee extension against 

resistance for measuring the kinematics and kinetics parameters as well as the muscular 

activations to characterise the knee extensor mechanism. In this trial, all of the measurements 

including the position of the markers, the torques from the Cybex lever arm, the loads applied 

onto the scale and EMG activity of the hamstring muscles were synchronously measured.  

All dynamic knee extension trials were performed while the subject was seated on the Cybex 

seat with the subject’s lower leg strapped to the Cybex lever arm through the resistance pad 

(Figure 3.16). The resistance pad was placed superior to the ankle, anterior to the tibia and 

strapped to the right shank of the subject, and the Cybex seat was adjusted for each subject 

by visually aligning the lateral epicondyle of the knee with the AoR of the Cybex lever arm (the 

effect of malalignment of the AoR on the knee joint torque is discussed in Chapter 4). The 

positions of the seat and the resistance pad were adjusted for each subject such that the 

subject can comfortably perform full knee extension-flexion exercise.    

The adjustment of the seat and securing the position of the subject against the seat and the 

backrest have been found to be important for strength testing applications (Magnusson et al., 

1993). However, as this is not the purpose of the experimental tests in this thesis, the Cybex 

backrest was placed into a flat position to allow the cameras to capture the position of the 

markers placed on the sacrum (Figure 3.18). Also, the thigh of the subject was not strapped to 

the seat to minimise possible interferences with the EMG electrodes (however, the motion of 

the thigh during knee extension is included in the model of the knee extensor mechanism 

which is explained in Chapter 4).  

Before starting data collection from the dynamic trials, each subject was familiarised with the 

experimental task through practice repetitions to improve the isolation of the knee extensor 

muscles during knee extension and minimise the involvement of the knee flexors (Nugent et 

al., 2015). The dynamic trials were then performed as one practice repetition followed by 

three repetitions of full range of knee extension-flexion exercise with voluntary contraction at 

angular velocity of 30°/s controlled by the Cybex dynamometer. The actual range of motion 
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for each subject will be later calculated based on the knee rotation angles from the 

orientations of the tibia relative to the femur (Chapter 4). The number of repetitions was 

selected to obtain consistent torque measurements during the exercise. The literature shows 

that measuring the torques using the Cybex dynamometer has been found to be consistent 

across different numbers of repetitions, and no significant differences have been observed in 

the measured torques with slow angular velocities (Mawdsley et al., 1982; Osternig, 1986). 

The summary of the description of the dynamic trials is presented in Table 3.9. 

Task Range of motion Condition 
Angular 

velocity 
Repetitions  

Knee 

extension 

Full range of knee extension-

flexion 

Voluntary muscle 

contraction  
30°/s 3 

Table 3.9. Summary of the description of the dynamic trials.  

3.8.5 Subjects  

Eleven healthy male subjects participated in the experiments and each provided informed 

written consent. The subjects had no history of pain, MSK injuries and disorders or any surgical 

interventions on their lower limbs. The demographic information of all participants is 

summarised in Table 3.10.  
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Subject number Age (years) Height (m) Body mass (kg) 

1 28 1.78 88 

2 28 1.78 75 

3 35 1.9 80 

4 27 1.76 78 

5 25 1.84 67 

6 28 1.69 59 

7 27 1.83 97 

8 26 1.75 71 

9 30 1.69 60 

10 28 1.74 88 

11 28 1.8 69 

Mean (±SD) 28.2 (±2.6) 1.79 (±0.07) 77.5 (±13.2) 

Table 3.10. Details of the subjects. SD denotes the standard deviation of the mean.  

3.8.6 Ethical review 

The experimental protocol used in this thesis was approved by the Imperial College Research 

Ethics Committee (Reference number: 14IC2347), including a review by the Joint Research 

Office for the measurement techniques and experimental tests explained in this chapter 

(Appendix A).  

3.9 Summary 

This chapter presented an experimental design for simultaneous measurements of the knee 

joint motion, torques, external forces and muscular activations during an isolated knee 

extension exercise. The data acquired from the measurement techniques described in this 
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chapter are used for implementing the MSK models of the knee extensor mechanism in the 

next chapter to quantify the knee extensor forces. In summary, the experimental methods in 

this chapter were described in the following order.  

The functional anatomy of the knee extensor mechanism and the experimental task for 

characterising the knee extensor forces were described as the first part of this chapter 

(Sections 3.2 and 3.3). A controlled knee extension exercise against a resistance force with a 

slow angular velocity was chosen as the main experimental task for isolating activation of the 

knee extensor muscles in order to quantify the knee extensor muscle forces in terms of the 

forces of the patellar tendon.  

The measurement techniques for obtaining the motion of the knee joint during knee 

extension exercise using a motion capture system and a manual digitisation procedure along 

with their calibration processes and the methods for verifying the accuracy of data acquisition 

were described as the second part of this chapter (Section 3.4).  

The next part of this chapter outlined the measurement techniques for acquiring the kinetics 

parameters of the knee joint during knee extension using an isokinetic dynamometer for 

measuring the knee joint torques and a custom-designed scale for measuring the external 

forces. These techniques were all described along with the process of calibration and 

synchronisation of the output measurements as well as the experimental considerations to 

improve the accuracy of the measurements (Section 3.5). 

Subsequently, the methods for monitoring the activation of the knee flexor muscles during 

the experimental task using a surface EMG system was explained (Section 3.6). The EMG 

measurements of the knee flexors will be later used for evaluating the assumptions used in 

the MSK model of the knee extensor mechanism which is discussed in the next chapter.  

Following the descriptions of the measurement techniques for acquiring the kinematics and 

kinetics parameters and muscular activations, the pre-configuration setup of the 

measurement instruments and the laboratory prior to data collection were explained (Section 

3.7).  

The last part of this chapter (Section 3.8) outlined different trials of the experimental protocol 

used in this thesis. Firstly, the procedure for preparing the subjects before data collection was 

elucidated. Secondly, the process of a static standing trial for calibrating the position of the 
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segments was described. This was followed by the description of a quasi-static digitisation trial 

which is used for calibrating the position of the patellar tendon in the expected range of 

motion of the experimental task. Finally, the details of the main dynamic trial of the knee 

extension exercise including the range of motion, angular velocity, number of repetitions and 

testing conditions were described.  

The kinematics and kinetics parameters measured using the experimental methods outlined 

in this chapter will be used as the inputs into the MSK models in the next chapter. These inputs 

are used for reconstructing the segments and calculating the inter-segmental joint moments 

during knee extension to quantify the knee extensor muscle forces. The EMG measurements 

will be used later in Chapter 5 to evaluate the activity of the knee flexors during the 

experimental task.  
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 Chapter 4. Musculoskeletal modelling 

methods
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4.1  Chapter overview 

The aim of this chapter is to provide an overview of the MSK modelling techniques used in this 

thesis to quantify the knee extensor muscle forces. The chapter is exclusively methodological 

and outlines the structure and function of the employed MSK models. As described previously, 

two different MSK models are used in this thesis to quantify the knee extensor muscle forces. 

Therefore, this chapter is divided into two main sections explaining these models. The models 

include a 2D simplified model of the knee extensor mechanism, and a previously-developed 

3D model of the right lower limb (FreeBody). The 2D model was developed as part of this 

thesis and a complete description of the model including the development process of the 

underlying knee joint kinematic and kinetic models is provided in this chapter. The 

development process of FreeBody including the underlying methodologies, sensitivity 

analysis, verification and validation of the model has been extensively elaborated in previous 

studies (Cleather et al., 2010a; Cleather et al., 2010b; Cleather, 2011; Cleather et al., 2011b; 

Cleather et al., 2011a; Cleather et al., 2011d, c, 2013a, b; Cleather et al., 2015; Ding et al., 

2016). Thus, this chapter provides only a general description of the structure, function and the 

method of implementation of FreeBody within the context of the application in this thesis. 

The experimental measurements described in Chapter 3 are used in both models to quantify 

the knee extensor muscle forces, and the results will be presented in Chapter 5. 

4.2 The 2D simplified model of the knee extensor mechanism 

This section outlines the process for developing the simplified sagittal model of the knee joint 

using the experimental measurements from the previous chapter to quantify the knee 

extensor muscle forces during the experimental tasks. This model considers the joint’s 

kinematics and kinetics to characterise the knee extensor forces. Thus, the model is described 

in two different sections explaining the incorporated knee joint kinematic (Section 4.2.1) and 

kinetic (Section 4.2.2) models.  

The kinematic model is described in terms of the methods for reconstructing the body 

segments and calibrating the position and orientation of the body segments with respect to 

each other, and establishing a knee JCS to describe the knee joint rotations and translations. 

The kinetic model is then explained in terms of the methods for analysing the forces and 
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moments acting on the tibia during knee extension in the sagittal plane of the knee to calculate 

the knee extensor (patellar tendon) forces as a function of knee flexion angle (Figure 4.1).  

 

Figure 4.1. Schematic representation of the 2D simplified model illustrating the forces acting 
on the shank during knee extension against resistance. 𝐅𝐬, 𝐖𝐬, 𝐅𝐓𝐅, 𝐌𝐣, 𝐅𝐩 and 𝐝𝐩 denote 

the external force acting on the shank, the gravitational force, the tibiofemoral reaction 
force, the knee joint moment, and the patellar tendon force and its moment arm 
respectively. The patellar tendon force is estimated based on the moment equilibrium of 
the forces and assuming the resultant knee joint moments are solely generated by the 
patellar tendon forces (𝐌𝐣 = 𝐅𝐩𝐝𝐩). The detailed description of calculating the patellar 

tendon force is provided in Section 4.2.2. 

The simplified sagittal model of the knee joint in the following sections of this thesis is referred 

to as the ‘2D model’. Although the kinematic model of the knee joint was developed based on 

3D analysis of the position and orientation of the segments, the model is referred to as a 2D 

model because the knee extensor forces were calculated by analysing the forces and moments 

in the sagittal plane of the knee (according to the design of the experimental task). The knee 

extensor mechanism has previously been characterised in a large number of studies using a 

2D sagittal model of the knee joint (Lindahl et al., 1967; Smidt, 1973; Grood et al., 1984; Nisell 

et al., 1986; Ahmed et al., 1987; van Eijden et al., 1987; Yamaguchi et al., 1989; Albanese et 

al., 1992; Herzog et al., 1993; Gill et al., 1996; Chow, 1999; Imran et al., 2000; O'Brien et al., 

2009; Ward et al., 2012; Kobayashi et al., 2013; Cleather et al., 2014). 
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4.2.1 The knee joint kinematic model 

The kinematic model of the knee joint in the 2D model was developed by calibrating the 

position and orientation of the segments in the static calibration trial (Section 3.8.2) to derive 

the mathematical description of the tibiofemoral motion during the dynamic trials and 

calculate the knee joint rotations and translations. This was performed by defining different 

reference coordinate frames for the pelvis, femur and tibia. The reference coordinate frames 

were defined in terms of the local coordinate frame (LCF) and anatomical coordinate frame 

(ACF) of the segments. The LCF of a segment was defined using the position of the marker 

cluster attached to the segment which may not be anatomically-relevant, and it was used only 

for locating the segment relative to the laboratory fixed global coordinate frame (G) during 

both static and dynamic trials. The ACF of a segment, however, was defined based on the 

position of the anatomical landmarks of the segment representing the anatomically-relevant 

position and orientation of the segment.  

This process for developing the kinematic model including the calibration of the segments, 

calculation of the mathematical description of the tibiofemoral motion, and calculation of the 

knee joint rotations and translations are explained in the following sections.    

The mathematical conventions used in the following sections including the use of superscripts, 

subscripts and trailing subscripts are based on the same way described in Chapter 2 (Section 

2.2.8), unless otherwise stated.  

4.2.1.1 Calibration of the pelvis 

The calibration of the position and orientation of the segments in the following sections was 

performed using the dataset acquired from the static standing calibration trial (Section 3.8.2), 

unless otherwise stated.  

LCF of the pelvis (PC) 

The LCF of the pelvis (PC) was defined based on the position of the markers on the sacral 

marker cluster during the static trial as illustrated in Figure 4.2.  
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Figure 4.2. The LCF of the pelvis (PC)18. The three markers on the pelvis cluster are shown as 
PC1, PC2 and PC3. The origin and the axes of the PC coordinate frame are shown based on 
the definitions in Table 4.1.  

                                                      
18 Image was adapted from © Primal Pictures. All rights reserved. Primal Pictures, an informa business 
www.primalpictures.com, www.anatomy.tv  

http://www.primalpictures.com/
http://www.anatomy.tv/
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 Axis definition 

OPC The origin coincides with marker PC1 on the sacral cluster 

XPC The vector from PC3 to PC2  

YPC The normal vector to the plane formed by PC1, PC2 and PC3, 

pointing posteriorly 

ZPC The normal vector to the plane formed by XPC and YPC , pointing 

superiorly   

Table 4.1. Definition of the LCF of the pelvis (PC).  

Table 4.1 shows the definition of the origin and the axes of the LCF of the pelvis (OPC, XPC, 

YPC, ZPC) calculated using Equations  4.1 to  4.4:  

OPC = PC1   4.1 

XPC =
PC2 − PC3

|PC2 − PC3|
  4.2 

YPC =
(PC2 − PC1) × (PC3 − PC1)

|(PC2 − PC1) × (PC3 − PC1)|
  4.3 

ZPC = XPC × YPC  4.4 

Transformations between G and PC  

The position and orientation of the LCF of the pelvis (PC) with respect to G during the static 

calibration trial were used to calculate the transformations between PC and G using Equations  

4.5 and  4.6 determined according to the same method explained in Section 2.2.8.2: 

TPC
G (static) =

[
 
 
 
 
XPCx

(static) YPCx
(static) ZPCx

(static) OPCx
(static)

XPCy
(static) YPCy

(static) ZPCy
(static) OPCy

(static)

XPCz
(static) YPCz

(static) ZPCz
(static) OPCz

(static)

0 0 0 1 ]
 
 
 
 
G

  4.5 
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and, 

TG
PC(static) = [TPC

G (static)]
−1

  4.6 

where the notation (static) shows that the transformation was calculated based on the 

position and orientation of the LCF of the pelvis (PC) in the static trial. This notation will be 

similarly used for defining the LCF and ACF of the other segments in the following sections of 

this chapter to denote the transformation is calculated at the static trial.  

The transformation calculated in Equation  4.5 will be later used to determine the 

transformations between LCF and ACF of the pelvis.     

ACF of the pelvis (P) 

The position of the bony landmarks of the pelvis determined from manual digitisation during 

the static trial were used to define the ACF of the pelvis (P). These landmarks include RASIS, 

LASIS, RPSIS and LPSIS as shown in Figure 4.3. The position of these landmarks with respect to 

G were determined according to the fixed position of the tip of the digitisation wand and using 

the transformation from DW to G at the digitisation trial (Section 3.4.2) from Equations 4.7 to 

4.10:  

[
RASIS(static)

1
]
G

= [
 

TDW
G (dig)] [

tip 

1
]
DW

 4.7 

[
LASIS(static)

1
]
G

= [
 

TDW
G (dig)] [

tip 

1
]
DW

 4.8 

[
RPSIS(static)

1
]
G

= [
 

TDW
G (dig)] [

tip 

1
]
DW

 4.9 

[
LPSIS(static)

1
]
G

= [
 

TDW
G (dig)] [

tip 

1
]
DW

 4.10 

where the notation (dig) denotes that the transformations were calculated at the digitisation 

event (the transformation is therefore applicable at the digitisation event only, and it is not 

fixed during motion), and [tip]DWrepresents the fixed position of the tip of the digitisation 

wand with respect to DW calculated in Equation (3.3). The notation (dig) is used in a similar 
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way in the following sections of this chapter to represent the calculation at the digitisation 

event. 

The ACF of the pelvis (P) was then defined according to the position of the landmarks in G at 

the static trial calculated from Equations 4.7 to 4.10 as shown in Figure 4.3. 

 

Figure 4.3. The ACF of the pelvis (P)19. The four bony landmarks of the pelvis (RASIS, LASIS, 
RPSIS and LPSIS) derived through digitisation are used to define the axes of P as shown in 
Table 4.2.   

                                                      
19 Image was adapted from © Primal Pictures. All rights reserved. Primal Pictures, an informa business 
www.primalpictures.com, www.anatomy.tv 

http://www.primalpictures.com/
http://www.anatomy.tv/
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 Axis definition 

OP The origin coincides with the midpoint between RASIS and LASIS 

ZP The vector from LASIS to RASIS  

YP The normal vector to the plane formed by RASIS, LASIS and the 

midpoint between RPSIS and LPSIS, pointing superiorly 

XP The normal vector to the plane formed by YP and ZP , pointing 

anteriorly  

Table 4.2. Definition of the ACF of the pelvis (P). 

Table 4.2 outlines the description of the origin and the axes of the ACF of the pelvis (OP, XP, 

YP, ZP) calculated using Equations 4.11 to 4.15:  

OP = midASIS =
RASIS + LASIS

2
 4.11 

ZP =
RASIS − LASIS

|RASIS − LASIS|
 4.12 

YP =
(RASIS − midPSIS) × (LASIS − midPSIS)

|(RASIS − midPSIS) × (LASIS − midPSIS)|
 4.13 

where,  

midPSIS =
RPSIS + LPSIS

2
  4.14 

and,  

XP = YP × ZP 4.15 
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Transformations between G and P  

The position and orientation of P with respect to G at the static trial were used to determine 

the transformations between P and G using Equations 4.16 and 4.17:   

TP
G(static) =

[
 
 
 
 
XPx

(static) YPx
(static) ZPx

(static) OPx
(static)

XPy
(static) YPy

(static) ZPy
(static) OPy

(static)

XPz
(static) YPz

(static) ZPz
(static) OPz

(static)

0 0 0 1 ]
 
 
 
 
G

 4.16 

and, 

TG
P(static) = [TP

G(static)]
−1

 4.17 

The transformation matrix in Equation 4.17 will be used to calculate the transformations 

between the ACF and LCF of the pelvis in the next section. 

Transformation between PC and P (ACF and LCF of the pelvis) 

The transformation matrix from PC to P was calculated in Equations 4.18 and 4.19 through 

successive multiplication of the matrices calculated in Equations 4.17 and  4.5 using the same 

method described in Section 2.2.8.2 as follows:  

TPC
P = [

 
TG

P(static)][
 

TPC
G (static)] 4.18 

and,  

TP
PC = [TPC

P ]
−1

 4.19 

These transformations are assumed to be fixed during motion, and will be later used to 

determine the location of the hip joint centre of rotation (HJC) according to the position of the 

sacral marker cluster (LCF of the pelvis) during the dynamic trials.   

4.2.1.2 Calibration of the femur 

LCF of the femur (RT) 

The LCF of the femur (RT) was defined using the position of the markers on the thigh cluster 

during the static standing trial as shown in Figure 4.4.  
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Figure 4.4. The LCF of the femur (RT)20. The three markers on the thigh cluster are shown as 
RT1, RT2 and RT3. The origin and the axes of the RT frame are shown based on the 
definitions given in Table 4.3.   

 Axis definition 

ORT The origin coincides with marker RT1 on the thigh cluster 

ZRT The vector from RT2 to RT3  

YRT The normal vector to the plane formed by RT1, RT2 and RT3, 

pointing anteriorly 

XRT The normal vector to the plane formed by YRT and ZRT , pointing 

superiorly   

Table 4.3. Definition of the LCF of the femur (RT). 

                                                      
20 Image was adapted from © Primal Pictures. All rights reserved. Primal Pictures, an informa business 
www.primalpictures.com, www.anatomy.tv 

http://www.primalpictures.com/
http://www.anatomy.tv/
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Table 4.3 shows the definition of the origin and the orthogonal axes of the LCF of the femur 

(ORT, XRT, YRT, ZRT) derived using Equations 4.20 to 4.23:  

ORT = RT1  4.20 

ZRT =
RT3 − RT2

|RT3 − RT2|
 4.21 

YRT =
(RT3 − RT2) × (RT1 − RT2)

|(RT3 − RT2) × (RT1 − RT2)|
 4.22 

XRT = YRT × ZRT 4.23 

Transformations between G and RT   

The position and orientation of the LCF of the femur (RT) with respect to G during the static 

trial were used to calculate the transformations between RT and G from Equations 4.24 and 

4.25:  

TRT
G (static) =

[
 
 
 
 
XRTx

(static) YRTx
(static) ZRTx

(static) ORTx
(static)

XRTy
(static) YRTy

(static) ZRTy
(static) ORTy

(static)

XRTz
(static) YRTz

(static) ZRTz
(static) ORTz

(static)

0 0 0 1 ]
 
 
 
 
G

 4.24 

and, 

TG
RT(static) = [TRT

G (static)]
−1

 4.25 

These transformations will be later used for calculating the transformations between the LCF 

and ACF of the femur. 

Anatomical landmarks of the femur 

The position of the anatomical landmarks of the femur in the static trial were used to calculate 

the ACF of the femur. These landmarks include HJC, LFE and MFE (Figure 4.5). The location of 

HJC was determined according to the position of the ACF of the pelvis (P) using geometric-

based predictive approaches (regression equations). The positions of LFE and MFE were 

calculated from manual digitisation. The calculations of these landmarks are explained in the 

following sections. 
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Hip joint centre of rotation (HJC)  

The location of HJC as an internal bony landmark of the femur cannot be directly identified 

using palpation methods. Thus, various techniques have been proposed in the literature to 

estimate the location of the HJC. These techniques are based on using imaging techniques 

(Bell et al., 1990; Kirkwood et al., 1999; Fieser et al., 2000), functional methods in which the 

HJC location is estimated based on the movement of the femur relative to the pelvis by 

assuming the joint centre coincides with the pivot point of the movement between the 

segments (Shea et al.; Leardini et al., 1999; Piazza et al., 2001; Piazza et al., 2004) or predictive 

approaches (regression equations) in which the HJC location is estimated according to the 

geometry (anatomical landmarks) of the pelvis (Seidel et al., 1995; Kirkwood et al., 1999; 

Harrington et al., 2007; Murphy et al., 2011; Hara et al., 2016).  

Bell et al. (1990) assessed the accuracy of different methods for estimating the HJC and 

showed that the results from the predictive approaches using regression equations were most 

accurate. In addition, Piazza et al. (2001) evaluated the accuracy of the functional methods for 

estimating the HJC location and showed that the accuracy of this method may be highly 

sensitive to the range of motion of the femur relative to the pelvis used for estimating the 

location of HJC. Therefore, the HJC location in this thesis is estimated using the geometric-

based predictive approaches using regression equations. 

Harrington et al. (2007) assessed the predictive approaches for estimating the location of HJC 

using MRI techniques and compared the results with the most frequently used predictive 

approaches (Bell et al., 1990; Davis iii et al., 1991) based on different predictors of the pelvis 

geometry (pelvic depth and width, and the length of the leg). They analysed the errors of the 

predictive methods and proposed improved regression equations based on the results of MRI 

and the best predictors of the pelvis geometry. Their results were also verified in a recent 

study by Hara et al. (2016) confirming that the regression equations of Harrington et al. (2007) 

provide more accurate estimation of the HJC location. Therefore, the regression equations of 



158 

Harrington et al. (2007) were used in this section to quantify the location of HJC based on the 

geometry of the pelvis using Equations 4.26 to 4.28: 

[HJC]P = [
−0.24 × PD − 9.9
−0.3 × PW − 10.9
0.33 × PW + 7.3

]

P 

 4.26 

where PD and PW represent the depth and width of the pelvis calculated as follows: 

PD = |midASIS − midPSIS| 4.27 

PW = |RASIS − LASIS| 4.28 

The position of HJC in Equation 4.26 is calculated with respect to the ACF of the pelvis (P) in 

millimetres, and it is assumed to be fixed relative to P during motion.    

Transformation of HJC to G  

The location of HJC in the ACF of pelvis (P) was transformed to G using Equations 4.16 and 

4.29:  

[
HJC(static)

1
]
G

= [
 

TP
G(static)] [

HJC 

1
]
P

 4.29 

where TP
G(static) is the transformation from P to G during the static trial, and [HJC(static)]G 

represents the relative coordinates of HJC in G during the static trial. This is used as one of the 

landmarks of the femur to define the ACF of the femur (Fem).  

Medial and lateral epicondyles of the femur (MFE and LFE)  

The positions of MFE and LFE were identified through manual palpation and determined using 

the digitisation procedure during the static trial.  The position of these landmarks with respect 

to G during the static trial were calculated from Equations 4.30 and 4.31 in the same way as 

described for the landmarks of the pelvis, based on the fixed position of the tip of the 

digitisation wand and using the transformation from DW to G at the digitisation trial:  

[
MFE(static)

1
]
G

= [
 

TDW
G (dig)] [

tip 

1
]
DW

 4.30 
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[
LFE(static)

1
]
G

= [
 

TDW
G (dig)] [

tip 

1
]
DW

 4.31 

The positions of MFE and LFE can be also derived directly from the reflective markers attached 

onto these landmarks (Figure 3.18). However, these landmarks were calculated from 

digitisation to minimise the effect of soft tissue artefact (Cappozzo et al., 1995; Cappozzo et 

al., 1996) as described previously. The effect of using digitisation techniques and reflective 

markers for determining the positions of MFE and LFE on the results of the models is discussed 

in Chapter 6.  

ACF of the femur (Fem)  

The position of the femoral anatomical landmarks including HJC, MFE and LFE with respect to 

G (Equations 4.29 to 4.31) were used to define the ACF of the femur (Fem). Figure 4.5 and 

Table 4.4 indicate the definition of the ACF of the femur (Fem).  
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Figure 4.5. The ACF of the femur (Fem)21. The three anatomical landmarks of the femur (HJC, 
MFE and LFE) are used to define the origin and the orthogonal axes of Fem as described in 
Table 4.4.  

 Axis definition 

OFem The origin coincides with the midpoint between MFE and LFE 

ZFem The vector from MFE to LFE 

XFem The normal vector to the plane formed by HJC, MFE and LFE, 

pointing anteriorly 

YFem The normal vector to the plane formed by ZFem and XFem , pointing 

superiorly  

Table 4.4. Definition of the ACF of the femur (Fem).  

                                                      
21 Image was adapted from © Primal Pictures. All rights reserved. Primal Pictures, an informa business 
www.primalpictures.com, www.anatomy.tv 

http://www.primalpictures.com/
http://www.anatomy.tv/
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The origin and the axes of the ACF of the femur (OFem, XFem, YFem, ZFem) described in Figure 

4.5 and Table 4.4 were calculated using Equations 4.32 to 4.35:  

OFem = midFE =
MFE + LFE

2
 4.32 

ZFem =
LFE − MFE

|LFE − MFE|
 4.33 

XFem =
(LFE − HJC) × (MFE − HJC)

|(LFE − HJC) × (MFE − HJC)|
 4.34 

YFem = ZFem × XFem 4.35 

Transformations between G and Fem  

The transformations between G and Fem during the static trial were determined from 

Equations 4.36 and 4.37:  

TFem
G (static) = 

=

[
 
 
 
 
XFemx

(static) YFemx
(static) ZFemx

(static) OFemx
(static)

XFemy
(static) YFemy

(static) ZFemy
(static) OFemy

(static)

XFemz
(static) YFemz

(static) ZFemz
(static) OFemz

(static)

0 0 0 1 ]
 
 
 
 
G

 4.36 

and, 

TG
Fem(static) = [TFem

G (static)]
−1

 4.37 

The transformation in Equation 4.37 is used for calculating the transformations between the 

LCF and ACF of the femur in the next section. 

Transformations between RT and Fem (ACF and LCF of the femur)   

The transformations between RT to Fem were calculated in Equations 4.38 and 4.39 through 

successive multiplication of the matrices calculated in Equation 4.37 and 4.24:  

TRT
Fem = [

 
TG

Fem(static)][
 

TRT
G (static)] 4.38 
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and, 

TFem
RT = [TRT

Fem]
−1

 4.39 

These transformation matrices are assumed to be constant during the dynamic trials (the 

position and orientation of the ACF of the femur with respect to LCF of the femur is assumed 

to be fixed). This will be later used to determine the ACF of the femur from the position of the 

thigh marker cluster (RT) during the dynamic trials.  

4.2.1.3 Calibration of the tibia  

LCF of the tibia (RC)  

The LCF of the tibia (RC) was defined using the position of the markers on the calf cluster 

during the static trial as indicated in Figure 4.6.  

 

Figure 4.6. The LCF of the tibia (RC)22. The three markers on the calf cluster are shown as 
RC1, RC2 and RC3. The origin and the axes of the RC frame are shown according to the 
definitions provided in Table 4.5.  

                                                      
22 Image was adapted from © Primal Pictures. All rights reserved. Primal Pictures, an informa business 
www.primalpictures.com, www.anatomy.tv 

http://www.primalpictures.com/
http://www.anatomy.tv/
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 Axis definition 

ORC The origin coincides with marker RC1 on the calf cluster 

ZRC The vector from RC2 to RC3  

YRC The normal vector to the plane formed by RC1, RC2 and RC3, 

pointing anteriorly 

XRC The normal vector to the plane formed by YRC and ZRC , pointing 

superiorly   

Table 4.5. Definition of the LCF of the femur (RC). 

The origin and the axes of the LCF of the tibia (ORC, XRC, YRC, ZRC) shown in Figure 4.6 and 

Table 4.5 were determined using Equations 4.40 to 4.43:  

ORC = RC1  4.40 

ZRC =
RC3 − RC2

|RC3 − RC2|
 4.41 

YRC =
(RC3 − RC2) × (RC1 − RC2)

|(RC3 − RC2) × (RC1 − RC2)|
 4.42 

XRC = YRC × ZRC 4.43 

Transformations between G and RC 

The position and orientation of the LCF of the tibia (RC) relative to G during the static trial 

were used to determine the transformations between G and RC from Equations 4.44 and 4.45:  

TRC
G (static) =

[
 
 
 
 
XRCx

(static) YRCx
(static) ZRCx

(static) ORCx
(static)

XRCy
(static) YRCy

(static) ZRCy
(static) ORCy

(static)

XRCz
(static) YRCz

(static) ZRCz
(static) ORCz

(static)

0 0 0 1 ]
 
 
 
 
G

 4.44 
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and, 

TG
RC(static) = [TRC

G (static)]
−1

 4.45 

These transformations will be later used for calculating the transformations between the LCF 

and ACF of the tibia. 

ACF of the tibia (Tib)  

The ACF of the tibia (Tib) was determined based on the position of the anatomical landmarks 

of the tibia as well as the femur during the static standing trial. These landmarks include ALM, 

AMM, MFE and LFE (Figure 4.7). The positions of MFE and LFE were determined using 

Equations 4.30 and 4.31. Similarly, the positions of ALM and AMM relative to G were 

determined from manual digitisation during the static trials using Equations 4.46 and 4.47: 

[
AMM(static)

1
]
G

= [
 

TDW
G (dig)] [

tip 

1
]
DW

 4.46 

[
ALM(static)

1
]
G

= [
 

TDW
G (dig)] [

tip 

1
]
DW

 4.47 

The position of these landmarks relative to G in the static trials were then used to define the 

ACF of the tibia (Tib) as shown in Figure 4.7 and Table 4.6.  
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Figure 4.7. The ACF of the tibia (Tib)23. The landmarks of the femur (MFE and LFE) and the 
tibia (AMM and ALM) are used to define the origin and the orthogonal axes of Tib as 
described in Table 4.6.  

                                                      
23 Image was adapted from © Primal Pictures. All rights reserved. Primal Pictures, an informa business 
www.primalpictures.com, www.anatomy.tv 

http://www.primalpictures.com/
http://www.anatomy.tv/
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 Axis definition 

OTib The origin coincides with the midpoint between AMM and ALM 

ZTib The vector from MFE to LFE 

XTib The normal vector to the plane formed by the midpoint between 

MFE and LFE (midFE), AMM and ALM, pointing anteriorly 

YTib The normal vector to the plane formed by ZTib and XTib , pointing 

superiorly  

Table 4.6. Definition of the ACF of the tibia (Tib). 

The origin and the axes of the ACF of the tibia (OTib, XTib, YTib and ZTib) described in Figure 

4.7 and Table 4.6 were calculated using Equations 4.48 to 4.51:  

OTib = midFE =
MFE + LFE

2
 4.48 

ZTib =
LFE − MFE

|LFE − MFE|
 4.49 

XTib =
(ALM − midFE) × (AMM − midFE)

|(ALM − midFE) × (AMM − midFE)|
 4.50 

YTib = ZTib × XTib 4.51 

Transformations between G and Tib 

The transformations between G and Tib were calculated using the relative position and 

orientation of the ACF of the tibia (Tib) with respect to G using Equations 4.52 and 4.53: 

TTib
G (static) =

[
 
 
 
 
XTibx

(static) YTibx
(static) ZTibx

(static) OTibx
(static)

XTiby
(static) YTiby

(static) ZTiby
(static) OTiby

(static)

XTibz
(static) YTibz

(static) ZTibz
(static) OTibz

(static)

0 0 0 1 ]
 
 
 
 
G

 4.52 
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and, 

TG
Tib(static) = [TTib

G (static)]
−1

 4.53 

These transformations are used for calculating the transformations between the LCF and ACF 

of the tibia in the next section.  

Transformations between RC and Tib (ACF and LCF of the tibia) 

The transformations between RC and Tib were calculated in Equations 4.54 and 4.55 through 

successive multiplications of the matrices in Equation 4.53 and 4.44 as follows: 

TRC
Tib = [

 
TG

Tib(static)][
 

TRC
G (static)] 4.54 

and, 

TTib
RC = [TRC

Tib]
−1

 4.55 

Similar to the other segments, these transformation matrices are assumed to be constant 

during the dynamic trials (the position and orientation of the ACF of the tibia with respect to 

LCF of the tibia are assumed to be fixed). This will be used to determine the ACF of the tibia 

from the position of the calf cluster (RC) during the dynamic trials.  

4.2.1.4 Calibration of Cybex and the scale 

In addition to the positions and orientations of the body segments, the positions and 

orientations of the Cybex lever arm and the scale were calibrated to quantify the external 

reaction forces acting on the shank and the thigh during the dynamic trials. This section 

describes the definitions of the LCF of the Cybex lever arm and the scale using the datasets 

captured from the experimental measurements described in Section 3.7.1. 

The position of the marker clusters attached to the Cybex lever arm and the scale were used 

to define the LCF of the Cybex lever arm (CY) and the scale (SC) as shown in Figure 4.8 and 

Table 4.7.  
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Figure 4.8. LCF of the Cybex lever arm (CY) and the scale (SC). The definition of the origins 
and the axes are shown in Table 4.7.  

LCF of the Cybex lever arm (CY) LCF of the scale (SC) 

OCY The origin coincides with marker 

CY1 on the lever arm cluster 

OSC The origin coincides with marker S2 

on the scale cluster 

XCY The vector from CY1 to CY3  XSC The vector from S3 to S1 

YCY The normal vector to the plane 

formed by CY1, CY2 and CY3, 

pointing medially 

ZSC The normal vector to the plane 

formed by S1, S2 and S3, pointing 

superiorly  

ZCY The normal vector to the plane 

formed by XCY and YCY, pointing 

anteriorly   

YSC The normal vector to the plane 

formed by ZSC and XSC, pointing 

anteriorly   

Table 4.7. Definitions of the LCF of the Cybex lever arm (CY) and the scale (SC). 
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Table 4.7 presents the definition of the origins and the axes of the LCF of the Cybex lever arm 

(OCY, XCY, YCY, ZCY) and the scale (OSC, XSC, YSC, ZSC) that are calculated using the Equations 

4.56 to 4.63:  

OCY = CY1  4.56 

XCY =
CY3 − CY1

|CY3 − CY1|
 4.57 

YCY =
(CY3 − CY1) × (CY2 − CY1)

|(CY3 − CY1) × (CY2 − CY1)|
 4.58 

ZCY = XCY × YCY 4.59 

and,  

OSC = S2  4.60 

XSC =
S1 − S3

|S1 − S3|
 4.61 

ZSC =
(S1 − S2) × (S3 − S2)

|(S1 − S2) × (S3 − S2)|
 4.62 

YSC = ZSC × XSC 4.63 

Transformations between G, CY and SC 

The position and orientation of the LCFs of the Cybex lever arm (CY) and the scale (SC) with 

respect to G during digitisation of the landmarks (Section 3.7.1; Table 3.6) were used to 

determine the transformations between CY and SC, and G during the digitisation event. 

Therefore, the transformations between CY and G were calculated using Equations 4.64 to 

4.67 as follows:    

TCY
G (dig) =

[
 
 
 
 
XCYx

(dig) YCYx
(dig) ZCYx

(dig) OCYx
(dig)

XCYy
(dig) YCYy

(dig) ZCYy
(dig) OCYy

(dig)

XCYz
(dig) YCYz

(dig) ZCYz
(dig) OCYz

(dig)

0 0 0 1 ]
 
 
 
 
G

 4.64 
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and, 

TG
CY(dig) = [TCY

G (dig)]
−1

 4.65 

Similarly, the transformations between SC and G were determined as follows:  

TSC
G (dig) =

[
 
 
 
 
XSCx

(dig) YSCx
(dig) ZSCx

(dig) OSCx
(dig)

XSCy
(dig) YSCy

(dig) ZSCy
(dig) OSCy

(dig)

XSCz
(dig) YSCz

(dig) ZSCz
(dig) OSCz

(dig)

0 0 0 1 ]
 
 
 
 
G

 4.66 

and,  

TG
SC(dig) = [TSC

G (dig)]
−1

 4.67 

These transformations are used to determine the fixed position of the landmarks of the Cybex 

lever arm and the scale (Table 3.6) with respect to their coordinate frames in the following 

section.  

Digitised landmarks of the Cybex lever arm and the scale  

The position of the landmarks of the Cybex lever arm and the scale (Figure 4.8) with respect 

to G were determined using Equations 4.68 to 4.70 according to the digitisation procedure as 

described previously: 

[
CY4(dig)

1
]
G

= [
 

TDW
G (dig)] [

tip 

1
]
DW

 4.68 

[
CY5(dig) 

1
]
G

= [
 

TDW
G (dig)] [

tip 

1
]
DW

 4.69 

[
S4(dig)

1
]
G

= [
 

TDW
G (dig)] [

tip 

1
]
DW

 4.70 

These landmarks were transformed into CY and SC using Equations 4.65, 4.68, 4.69 and 4.70 

as expressed in Equations 4.71 to 4.73:  

[
CY4
1

]
CY

= [
 

TG
CY(dig)] [

CY4(dig) 

1
]
G

 4.71 
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[
CY5
1

]
CY

= [
 

TG
CY(dig)] [

CY5(dig) 

1
]
G

 4.72 

[
S4
1

]
SC

= [
 

TG
SC(dig)] [

S4(dig) 

1
]
G

 4.73 

The position of points CY4 and CY5 with respect to CY (Equations 4.71 and 4.72), and S4 with 

respect to SC (Equation 4.73) are fixed during motion. These will be used to quantify the CoR 

of the lever arm (CY4), the application point of the forces acting on the lever arm (CY5) and 

the application point of the thigh reaction forces (S4) during the dynamic trials (Sections 

4.2.2.3 and 4.3.1.2).   

4.2.1.5 Tibiofemoral description of motion  

The definitions of the LCF and ACF of the segments were used to determine the mathematical 

description of the motion of the tibia relative to femur (tibiofemoral motion). In this way, the 

moving ACF of the tibia was described relative to the fixed ACF of the femur (the motion of 

the tibia was described with respect to the ACF of the femur).  

The relative motion of the tibia with respect to the femur was characterised based on the 

transformation from the ACF of the tibia (Tib) to the ACF of the femur (Fem) during the 

dynamic trial. This transformation matrix was calculated for each time frame of the dynamic 

trial using the position of the calf marker cluster (LCF of the tibia; RC) and the thigh marker 

cluster (LCF of the femur; RT) during motion which is described in the following sections. 

Therefore, all mathematical calculations in the following sections are performed using the 

captured data from the dynamic trial (Section 3.8.4).  

LCF of the femur (RT) during motion 

The LCF of the femur (RT) was defined at each time frame of the dynamic trial using the 

markers on the thigh cluster based on the same method described for the static trial (Section 

4.2.1.2). Similarly, the transformations between RT and G at ith time frame of the dynamic trial 

were calculated using Equations 4.74 and 4.75:  
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TRT
G (i) =

[
 
 
 
 
XRTx

(i) YRTx
(i) ZRTx

(i) ORTx
(i)

XRTy
(i) YRTy

(i) ZRTy
(i) ORTy

(i)

XRTz
(i) YRTz

(i) ZRTz
(i) ORTz

(i)

0 0 0 1 ]
 
 
 
 
G

 4.74 

where the notation (i) represents each time frame of the motion, and, 

TG
RT(i) = [TRT

G (i)]
−1

 4.75 

LCF of the tibia (RC) during motion  

Similar to the thigh segment, the LCF of the tibia (RC) was defined at each time frame of the 

dynamic trial according to the position of the markers on the calf marker cluster in the same 

way as described for the static trial (Section 4.2.1.3). Similarly, the transformations between 

RC and G at ith time frame of the dynamic trials were then calculated using Equations 4.76 and 

4.77:  

TRC
G (i) =

[
 
 
 
 
XRCx

(i) YRCx
(i) ZRCx

(i) ORCx
(i)

XRCy
(i) YRCy

(i) ZRCy
(i) ORCy

(i)

XRCz
(i) YRCz

(i) ZRCz
(i) ORCz

(i)

0 0 0 1 ]
 
 
 
 
G

 4.76 

and, 

TG
RC(i) = [TRC

G (i)]
−1

 4.77 

Transformation from the ACF of the tibia (Tib) to the ACF of the femur (Fem) during motion   

The transformation matrix between the ACF of the tibia (Tib) and the femur (Fem) for each 

time frame (i) of the dynamic trial was calculated through a series of successive multiplications 

of the transformation matrices calculated in Equations 4.38, 4.75, 4.76 and 4.55 as expressed 

in Equation 4.78: 

TTib
Fem(i) = [TRT

Fem][TG
RT(i)][TRC

G (i)][TTib
RC] 4.78 

where TRT
Fem and TTib

RC  represent the fixed transformations between the LCF and ACF of the 

femur and the tibia determined during the static calibration trial (Equations 4.38 and 4.55). 

TG
RT(i) and TRC

G (i) represent the variable transformations between the LCF of the femur (RT) 
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and tibia (RC), and the G frame. These transformation matrices change with respect to the 

position of the thigh and calf marker clusters at each time frame (i) of the dynamic trial.  

The transformation matrix calculated in Equation 4.78, TTib
Fem(i), provides a mathematical 

description of the relative orientation and position of the ACF of the tibia (Tib) with respect to 

the fixed ACF of the femur (Fem) at ith time frame of the dynamic trial (the rotations and 

translations of the tibia relative to the femur during motion) as expressed in Equation 4.79:  

TTib
Fem(i) =

[
 
 
 
 
XTibx

(i) YTibx
(i) ZTibx

(i) OTibx
(i)

XTiby
(i) YTiby

(i) ZTiby
(i) OTiby

(i)

XTibz
(i) YTibz

(i) ZTibz
(i) OTibz

(i)

0 0 0 1 ]
 
 
 
 
Fem

 4.79 

where each element of this matrix is described with respect to the ACF of the femur. This 

transformation matrix contains a rotation matrix (RTib
Fem) and a position vector (OTib

Fem) to fully 

describe the orientation and position of the tibia relative to the femur at each time frame (i) 

of the motion as explained in Chapter 2 (Section 2.2.8):  

RTib
Fem(i) = [

XTib(i). XFem(i) YTib(i). XFem(i) ZTib(i). XFem(i)

XTib(i). YFem(i) YTib(i). YFem(i) ZTib(i). YFem(i)

XTib(i). ZFem(i) YTib(i). ZFem(i) ZTib(i). ZFem(i)
] = 

= [

XTibx
(i) YTibx

(i) ZTibx
(i)

XTiby
(i) YTiby

(i) ZTiby
(i)

XTibz
(i) YTibz

(i) ZTibz
(i)

]

Fem

 4.80 

OTib
Fem(i) = [

OTibx
(i)

OTiby
(i)

OTibz
(i)

]

Fem

 4.81 

These are used to calculate the rotations and translations of the knee joint during the dynamic 

trials as described in the next section.  

4.2.1.6 Knee joint coordinate system  

As described previously in Section 2.2.8, a knee JCS was established to provide a standardised 

clinically-meaningful description of the knee joint motion. The relative rotations and 

translations of the tibia with respect to the femur were characterised by defining a JCS based 
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on the method of Grood et al. (1983). The knee JCS of Grood et al. (1983) was adapted 

according to the definitions of the ACF of the femur and the tibia which is presented in this 

section.   

The JCS was defined by using the axes (unit vectors) of the ACF of the femur (XFem, YFem, 

ZFem) and the tibia (XTib, YTib, ZTib) as illustrated in Figure 4.9. The system consists of three 

axes where two of the axes are embedded in the femur and the tibia (body-fixed axes; ZFem 

and YTib), and the third axis was defined as the mutual-perpendicular to the two body-fixed 

axes (YTib × ZFem). This axis is not fixed to either femur or tibia and moves in relation to both, 

therefore, it is known as the ‘floating axis’. Hence, the axes of the knee JCS expressed by e1, 

e2 and e3 unit vectors (Figure 4.9) were defined using Equations  4.82 to 4.84:  

Femoral body-fixed axis:   e1 = ZFem  4.82 

Tibial body-fixed axis:   e3 = YTib 4.83 

Floating axis:   e2 = YTib ×   ZFem  4.84 

4.2.1.7 Knee joint rotations 

The relative rotations of the tibia with respect to the femur were calculated using the rotation 

matrix in Equation 4.80 representing the rotations of the ACF of the tibia relative to the femur. 

The clinically-relevant knee joint rotations were defined as the rotations around the axes of 

the knee JCS as follows: 

Flexion-extension rotation was defined as the rotation about the femoral body-fixed axis 

(ZFem = e1) by an angle α, which is formed between the floating axis (e2) and the anterior-

posterior axis of the femur (XFem). 

Internal-external rotation was defined as the rotation about the tibial body-fixed axis (YTib =

e3) by an angle γ, which is formed between the floating axis (e2) and the anterior-posterior 

axis of the tibia (XTib).  

Adduction-abduction rotation was defined as the rotation about the floating axis (e2) by an 

angle β −
π

2
 , which is formed between the femoral and tibial body-fixed axes (ZFem and YTib).  
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Figure 4.9. Clinical joint rotations around the axes of the knee JCS. Joint rotations are defined 
as the rotations about the three axes of the JCS (𝐞𝟏, 𝐞𝟐 ,𝐞𝟑)24.  

The nine components of the rotation matrix determined in Equation 4.80 representing the 

relative rotations between the ACF of the tibia and the femur were then re-calculated in terms 

of the clinical rotations of the knee joint (α, β, γ) using Equation 4.85:  

RTib
Fem(i) =   

= [

c(γ)c(α) − s(γ) c(β) s(α) s(β) s(α) − s(γ)c(α) − c(γ) c(β) s(α)

−c(γ)s(α) − s(γ)c(β) c(α) c(α) s(β) s(γ) s(α) − c(γ)c(β) c(α)

s(γ) s(β) c(β) c(γ)s(β)

] 4.85 

                                                      
24 Image was adapted from Grood et al. (1983), "A Joint Coordinate System for the Clinical Description of Three-
Dimensional Motions: Application to the Knee." Journal of Biomechanical Engineering 105(2): 136-144. Copyright 
© 1983 by ASME. 
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where c refers to cosine and s refers to sine of the corresponding angles. The step-by-step 

mathematical derivation of this rotation matrix based on the definitions of the ACF of the 

femur and tibia, and the knee JCS is presented in Appendix B.    

Therefore, the knee joint rotations at each time frame of the motion (i) can be directly 

extracted from the transformation matrix calculated in Equation 4.79. Given the general form 

of the transformation matrix in Equation 4.86:  

TTib
Fem(i) = [

T1,1 T1,2 T1,3 T1,4

T2,1 T2,2 T2,3 T2,4

T3,1 T3,2 T3,3 T3,4

0 0 0 1

]

Fem

 4.86 

each of the rotation angles representing the clinically-relevant rotation of the tibia relative to 

the femur was extracted from this transformation matrix. This was performed using an arc 

cosine (cos−1) and a two-argument arc tangent (atan2(𝑥, y)) function (that computes the arc 

tangent of 
𝑥

𝑦
 , tan−1(

𝑥

𝑦
), using the sign of both 𝑥 and 𝑦 components to calculate the quadrant 

in which the resulting angle lies). Therefore, the joint rotations were calculated from 

Equations  4.87 to 4.89: 

Adduction-abduction rotation: β −
π

2
= cos−1(T3,2) −

π

2
= cos−1(c(β)) −

π

2
  4.87 

Internal-external rotation: γ = atan2 (
T3,1

s(β)
,
T3,3

s(β)
) = atan2 (

s(γ) s(β)

s(β)
,
c(γ)s(β)

s(β)
) 4.88 

Flexion-extension rotation: α = atan2 (
T1,2

s(β)
,
T2,2

s(β)
) = atan2 (

s(β) s(α)

s(β)
,
c(α).s(β)

s(β)
) 4.89 

4.2.1.8 Knee joint translations 

The relative translations of the tibia with respect to the femur were calculated using the 

position vector in Equation 4.81 representing the position of the origin of the ACF of the tibia 

with respect to the femur (Figure 4.10). The knee joint translations were calculated in each 

direction by projecting the position vector along each axis of the knee JCS (e1, e2 ,e3). 
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Therefore, the clinically-relevant translations of the knee joint (q1, q2, q3) were defined with 

respect to the knee JCS as follows:  

Medial-lateral translation was defined as the translation of the tibia relative to the femur 

along the femoral body-fixed axis (ZFem = e1), which is expressed by: q1 = OTib
Fem. e1 

Anterior-posterior translation was defined as the translation of the tibia relative to the femur 

along the floating axis (e2) which is expressed by: q2 = OTib
Fem. e2  

Distraction-compression translation was defined as the translation of the tibia relative to the 

femur along the tibial body-fixed axis (YTib = e3) which is expressed by: q3 = −OTib
Fem. e3  
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Figure 4.10. Clinical joint translations along the axes of the knee JCS (𝐞𝟏, 𝐞𝟐 ,𝐞𝟑)25.  

It should be noted that the position vector (OTib
Fem) is described with respect to the ACF of the 

femur, and not relative to the knee JCS. This means the components of the position vector 

represent the projection of the origin of the tibia along the axes of the ACF of the femur 

(OTib
Fem = O1,1XFem + O2,1YFem + O3,1ZFem), which may not necessarily represent the 

projection of the origin of the tibia along the axes of the knee JCS as the JCS may not be 

orthogonal, for example, when the joint is adducted or abducted (OTib
Fem ≠ O1,1e1 + O2,1e2 +

O3,1e3).   

                                                      
25 Image was adapted from Grood et al. (1983), "A Joint Coordinate System for the Clinical Description of Three-
Dimensional Motions: Application to the Knee." Journal of Biomechanical Engineering 105(2): 136-144. Copyright 
© 1983 by ASME. 
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Given the general form of the position vector in Equation 4.90:  

OTib
Fem(i) = [

O1,1

O2,1

O3,1

]

Fem

 4.90 

the joint translations (q1, q2, q3) were calculated in terms of the components of the position 

vector by transforming the position vector from the ACF of the femur into the knee JCS using 

Equation 4.91:  

[

q1

q2

q3

]

e

= [TFem
e (i)] [

O1,1

O2,1

O3,1

]

Fem

 4.91 

where TFem
e (i) represents the transformation matrix from the ACF of the femur (Fem) to the 

knee JCS (e) at ith time frame of motion. This transformation matrix was determined at each 

time frame (i) of the motion based on the definitions of the ACF of the femur and the knee 

JCS as expressed in Equation 4.92: 

[TFem
e (i)] = [

XFem. e1(i) YFem. e1(i) ZFem. e1(i)

XFem. e2(i) YFem. e2(i) ZFem. e2(i)
−XFem. e3(i) −YFem. e3(i) −ZFem. e3(i)

]

e

 4.92 

The nine components of this transformation matrix were then calculated using Equation 4.93 

in terms of the clinical joint rotations (α and β) as follows:  

[TFem
e (i)] = [

0 0 1
c(α) − s(α) 0

− s(β) s(α) −c(α) s(β) −c(β)
] 4.93 

where c refers to cosine and s refers to sine of the corresponding angles. The mathematical 

derivation of this matrix is presented in Appendix B.  
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Thus, Equation 4.91 was re-calculated in terms of the components of the position vector and 

the clinical joint rotations as expressed in Equation 4.94:  

[

q1

q2

q3

]

e

= [

0 0 1
c(α) − s(α) 0

− s(β) s(α) −c(α) s(β) −c(β)
] [

O1,1

O2,1

O3,1

]

Fem

=   

= [

O3,1

O1,1. c(α) − O2,1. s(α)

−O1,1. s(α). s(β) − O2,1. c(α). s(β) − O3,1. c(β)
] 4.94 

The knee joint translations at each time frame of the motion (i) can be directly extracted from 

the transformation matrix in Equation 4.79. Given the general form of the transformation 

matrix in Equation 4.86, the knee joint translations were extracted using the elements of the 

transformation matrix, and the joint rotation angles calculated in the previous section using 

Equations 4.95 to   4.97:  

Medial-lateral translation: q1 = T3,4 4.95 

Anterior-posterior translation: q2 = T1,4. c(α) − T2,4. s(α) 4.96 

Distraction-compression translations: 

 q3 = −T1,4. s(α). s(β) − T2,4. c(α). s(β)−T3,4. c(β)                                                                                                 

   

4.97 

4.2.2 The knee joint kinetic model  

As mentioned previously, the patellar tendon forces were calculated using a simplified sagittal 

model of the knee extensor mechanism. The patellar tendon forces in this model were 

calculated based on analysis of the forces and moments acting in the sagittal plane of the knee 

by assuming that the tibia is in force and moment equilibrium during the dynamic trials.  

This section describes the assumptions used for developing the model, and the analytical 

analysis employed to calculate the knee extensor forces based on the resultant knee joint 

moments during the dynamic trials.   

4.2.2.1 Simplifying assumptions 

Given the complexity of the knee joint and the force-carrying structures of the knee, the 2D 

model was simplified by making a number of assumptions according to the design of the 
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experimental task in order to develop a determinate system of forces that can be readily 

solved using a numerical model. These assumptions are as follows:  

• The motion of the knee during the dynamic trials is planar, and the resultant knee joint 

moments occur about the flexion-extension axis of rotation. Therefore, the knee joint 

moments can be characterised in the sagittal plane (Tsaopoulos et al., 2006). 

• The knee extensor muscle forces (quadriceps forces) are the major contributors to 

generating the resultant knee joint moments during knee extension (Li et al., 1998; 

Aagaard et al., 2000; Zhang et al., 2003; Duffell et al., 2011; Krishnan et al., 2011), and 

the knee flexor forces (hamstring forces) are assumed to be negligible during knee 

extension (Kellis et al., 1997; Kellis, 1998; Aagaard et al., 2000). As mentioned 

previously, this assumption will be investigated in the next chapter using the EMG 

measurements of the hamstrings.   

• The contribution of the knee joint ligaments in production of the knee joint moments 

during the experimental task was assumed to be negligible (the resultant knee joint 

moments are primarily generated by activation of the muscles). This assumption was 

made as the role of the ligaments in stabilising the knee joint is more apparent during 

intense activities as well as the activities with large abduction-adduction and internal-

external rotations (Shelburne et al., 2006; Cleather et al., 2011b), which is not the case 

in the experimental task of this thesis. In addition, the anterior and posterior cruciate 

ligaments of the knee have a small moment arm about the knee CoR (Shelburne et al., 

1997; Shelburne et al., 2005, 2006; Kernozek et al., 2008), therefore, they have little 

effect on the production of knee moments. 

• The tibiofemoral joint reaction force was assumed to act through the knee CoR (FTF; 

Figure 4.11), therefore, it does not contribute in production of the resultant knee joint 

moment during the experimental tasks (Cleather et al., 2015).  

• The friction between joints were assumed to be negligible (Kaufman et al., 1995).  

These simplifications have been commonly applied in many models of the knee extensor 

mechanism during controlled knee extension exercise in the literature (Smidt, 1973; Grood et 

al., 1984; Nisell et al., 1986; Ahmed et al., 1987; Herzog et al., 1993; Chow, 1999).  
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4.2.2.2 The resultant knee joint moments  

The patellar tendon forces during knee extension were calculated based on the resultant knee 

joint moments using the measurement from the Cybex dynamometer. The most basic 

assumption for using the recorded moments of the Cybex lever arm is to assume that the 

moments represent the actual resultant knee joint moments. This means that the effect of 

the inertial and gravitational forces are negligible and the knee AoR remain aligned with the 

AoR of the Cybex lever arm during the experimental task.  

However, these assumptions can introduce large errors in estimation of the actual knee joint 

moments, as the knee joint moments are different from the measured moments of the Cybex 

lever arm (Winter et al., 1981; Sapega et al., 1982; Herzog, 1988; Baltzopoulos, 1995). The 

actual knee joint moments during the experimental task are affected by three main factors 

including the effects of acceleration and deceleration of the leg, gravitational forces due to 

the mass of the leg-lever system, and malalignment between the knee joint AoR and the 

mechanical AoR of the Cybex lever arm. Although these factors have not been always 

incorporated in the models of the knee extensor mechanism in using dynamometers, they 

should be taken into account for accurate quantification of the knee joint moments and knee 

extensor forces (Winter et al., 1981; Sapega et al., 1982; Herzog, 1988; Baltzopoulos, 1995). 

These factors were incorporated in the 2D model for calculating the knee joint moments as 

described in the following sections.   

Inertial effects 

The inertial effects (effects of acceleration and deceleration of the leg) were minimised based 

on the design of the experimental task (as explained in Section 3.5.4) by choosing a slow 

isokinetic knee extension exercise with a constant angular velocity (Herzog, 1988; Iossifidou 

et al., 2000).   
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Gravitational forces 

Although the resultant joint moments have been measured by neglecting the effect of gravity 

in some early studies (Thorstensson et al., 1976; Perrine et al., 1978), it has been reported 

that gravitational forces can significantly affect the resultant joint moments, especially during 

low level contraction (Winter et al., 1981; Kaufman et al., 1995). This effect on the recorded 

joint moments using dynamometers can be as large as 43% during knee extension (Winter et 

al., 1981), therefore, it can substantially affect the estimation of the knee extensor forces, and 

it should be taken into account for calculating the knee joint moments. 

The gravitational forces due to the mass of the limb-lever system may assist or resist the 

motion during knee flexion or extension. A number of different techniques have been 

proposed for correcting the effect of gravity on the measured moments from dynamometers 

(Winter et al., 1981; Nelson et al., 1983b; Westing et al., 1989; Tis et al., 1993; Kellis et al., 

1996b). These techniques are typically based on either static or dynamic measurement of the 

gravitational moments or using the anthropometric models. The gravitational moments are 

then added to, or subtracted from the recorded moments of the dynamometer according to 

the direction of the motion. 

In the static-based techniques, the gravitational moments are measured as a function of the 

angular position of the lever arm based on the recorded moments of the dynamometer while 

the subject’s leg is relaxed at a specific angular position and using the cosine of the lever arm 

angle (Westing et al., 1989; Tis et al., 1993; Ford et al., 1994). In the dynamic-based 

techniques, a similar approach is taken, but the gravitational moments are measured as a 

function of the angular position during a passive fall of the leg-lever system (Nelson et al., 

1983a; Figoni et al., 1988; Bohannon et al., 1989; Durand et al., 1991; Bobbert et al., 1993; 

Arampatzis et al., 2004). In these methods, it is assumed that the gravitational moments are 

measured while the subject’s leg is completely relaxed during the gravity correction 

procedure. This means that there is no contractile element contribution in production of the 

moments during the gravity correction procedure. However, this condition may not be always 

achieved during the experimental tests, particularly for testing the subjects with MSK 

disorders. Kellis et al. (1996b) investigated the accuracy of using different methods of gravity 

correction and found that the gravitational moments due to the mass of the leg can be 

estimated more accurately using the anthropometric models. 
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Therefore, in the 2D model, the knee joint moments during the dynamic trials were corrected 

for the effect of gravity by quantifying the mass and the position of the centre of mass of the 

leg using the anthropometric model of de Leva (1996), and using the mass of the Cybex lever 

arm from the manufacturer datasheet (Section 3.5.5). The anthropometric model of de Leva 

(1996) was chosen because it has been found to be more appropriate than other models for 

estimating the BSPs of young subjects (Zatsiorsky et al., 1983; Pearsall et al., 1994), as the 

subjects of this thesis (Table 3.10). 

Axes of rotation  

Malalignment between the AoR of the knee joint and the Cyebx lever arm normally occurs 

due to the motion of the leg relative to the lever arm and the moving AoR of the knee joint. 

This effect leads to a difference between the recorded moments of the lever arm and the 

actual knee joint moments (Herzog, 1988; Reimann et al., 1997; Arampatzis et al., 2004; 

Tsaopoulos et al., 2011). The malalignment of the axes also affects the calculation of the joint 

rotation angles based on the angular positions of the lever arm, as the angular positions of the 

lever arm are not equal to the actual knee flexion angles. Therefore, in the 2D model, the knee 

joint moments were corrected for the effect of malalignment of the AoR by analysing the 

forces and moments acting on the Cybex lever arm and the shank as two separate bodies 

(Herzog, 1988; Reimann et al., 1997; Arampatzis et al., 2004; Tsaopoulos et al., 2011), and the 

knee flexion angles were calculated as the position of the tibia relative to the femur (Section 

4.2.1.7).   

4.2.2.3 Patellar tendon force calculation 

The patellar tendon forces during the dynamic trials were calculated by analysing the forces 

and moments acting on the Cybex lever arm and tibia (Figure 4.11).  
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Figure 4.11. Free-body diagram of the forces acting on the shank and the Cybex lever arm 
during knee extension. The forces acting on the shank were simplified according to the 
assumptions of the model described in Section 4.2.2.1. 

Considering the forces acting on the Cybex lever arm during the dynamic trials, Equation 4.98 

can be derived using the moment equilibrium in the sagittal plane about the CoR of the lever 

arm (Cl): 

FC =
WCL2 cos θ + MC

L1
  4.98 

where FC is the force applied onto the Cybex lever arm from the subject, L1 is the moment 

arm of the force FC (the perpendicular distance between FC and Cl), WCL2 cos θ is the 

gravitational moment due to mass of the Cybex lever arm calculated as a function of the 

angular position of the lever arm (θ), and MC represents the moment recorded form the 

analog output of the Cybex dynamometer determined using Equation 3.7.  

Considering the forces acting on the tibia in Figure 4.11, Equation 4.99 can be determined 

using the moment equilibrium about the knee joint CoR (Cj):  

Fs =
−WsL4 cos α + Mj

L3
  4.99 
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where Fs is the reaction force from the Cybex lever arm acting on the shank, L3 is the moment 

arm of Fs (the perpendicular distance between Fs and Cj), Ws is the gravitational force due to 

mass of the shank, L4 cos α is the moment arm of Ws calculated as a function of the knee 

flexion angle (α) and Mj is the knee joint moment. 

According to Newton’s third law of motion |FC| = |Fs| , hence, Equation 4.100 can be 

determined by substituting Equation 4.98 into Equation 4.99: 

WCL2 cos θ + MC

L1
 =

−WsL4 cos α + Mj

L3
  4.100 

The resultant knee joint moment (Mj) can then be calculated by solving Equation 4.100 for Mj 

as expressed in Equation 4.101:  

Mj = MC

L3

L1
+ WCL2 cos θ

L3

L1
+ WsL4 cos α 4.101 

The resultant knee joint moment is therefore calculated by including the effect of gravity 

(WCL2 cos θ and WsL4 cos α) and malalignment of the knee AoR (
L3

L1
).   

Since the joint moment is assumed to be generated by the knee extensor muscle forces only 

(Mj = Fpdp), Equation 4.101 can be solved for the patellar tendon force as expressed in 

Equation 4.102:  

Fp =
1

dp
(MC

L3

L1
+ WCL2 cos θ

L3

L1
+ WsL4 cos α) 4.102 

where Fp is the patellar tendon force during knee extension and dp is the moment arm of the 

patellar tendon force (the perpendicular distance between the patellar tendon line of action 

and the knee CoR). The parameters in Equation 4.102 were calculated using the experimental 

measurements which are described in the following sections.  

Parameters of the Cybex lever arm (𝐌𝐂, 𝐅𝐂, 𝐂𝐥, 𝐋𝟏, 𝐖𝐂, 𝐋𝟐, 𝛉) 

As mentioned in Section 3.5.5.2, the moments of the Cybex lever arm (MC) during the dynamic 

trials were calculated using the Cybex analog output from Equation 3.7. The angular positions 

of the Cybex lever arm (θ) during dynamic trials were determined using Equation 3.5 as 

explained in Section 3.5.5.1. The gravitational moments due to mass of the lever arm were 
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calculated as a function of the angular position of the lever arm using the information from 

the Cybex datasheet (WCL2 = 6.1 N.m) as explained in Section 3.5.5.2. 

The moment arm of the force applied onto the lever arm (L1) was calculated as the shortest 

distance between FC and Cl using the digitised landmarks of the lever arm with respect to CY 

(Section 4.2.1.4). The force FC was quantified based on its direction and point of application. 

The force FC was assumed to be perpendicular to the Cybex lever arm during motion (parallel 

to the X-Z plane of CY; Figure 4.8) and acts through point CY5 (Arampatzis et al., 2004).    

Therefore, the force vector of FC was quantified as a vector equation with respect to the LCF 

of the Cybex lever arm (CY) using Equations 4.72 and 4.59 as expressed in Equation 4.103:  

[FC]
CY = [CY5]CY + |FC|[ZCY]

CY 4.103 

The moment arm of force FC (L1) was then calculated as the shortest distance between the 

projection of [FC]
CY onto the X-Z plane of CY and the point [CY4]CY, which is fixed during the 

dynamic trials.  

Parameters of the leg  

All of the parameters of the leg in Equation 4.102 were determined with respect to the ACF of 

the femur (Fem) in order to include the motion of the femur during the dynamic trials, as the 

femur is not fixed with respect to the tibia during the dynamic trials. Determination of the leg 

parameters is described in the following sections. 

Gravitational force and the knee rotation angle (𝐖𝐬, 𝐋𝟒, 𝛂)   

The gravitational force Ws and the distance between the centre of mass of the shank and the 

knee joint CoR (L4), were calculated from the anthropometric model of de Leva (1996) 

according to the subject’s weight, height and gender. The angle α was determined as the 

flexion-extension rotation angle from the motion of the tibia relative to the femur calculated 

from Equation 4.89.     

Shank external force (𝐅𝐬, 𝐋𝟑)   

The moment arm of the external force acting on the shank (L3) was determined as the shortest 

distance between Fs and the knee joint CoR (Cj). The force Fs was quantified in Equation 4.104 
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as the equal and opposite to the force FC (perpendicular to the lever arm and acting through 

the pivot point of the resistance pad, point CY5):   

[Fs]
CY = [−FC]

CY 4.104 

Thus, the external force acting on the shank was calculated with respect to the ACF of the 

femur (Fem) at each time frame of the dynamic trial (i) from Equation 4.105: 

[
Fs(i)

1
]
Fem

= [
 

TCY
Fem(i)] [

Fs
 

1
]
CY

 4.105 

where 
 

TCY
Fem(i) is the transformation between CY and Fem at ith time of the dynamic trials 

calculated using the relative position of the thigh marker cluster to the Cybex marker cluster, 

which was determined from Equation 4.106:  

[
 

TCY
Fem(i)] = [TRT

Fem][TG
RT(i)][TCY

G (i)] 4.106 

where the transformations TRT
Fem and TG

RT(i) were calculated in Equations 4.38 and 4.75, and 

TCY
G (i) was determined from the position of the markers on the Cybex cluster at each time 

frame of the dynamic trial in the same way described in Equation 4.64.   

Knee centre of rotation (𝐂𝐣)   

As explained in Section 4.2.1.7, the knee flexion-extension AoR was defined as the epicondylar 

axis of the femur, and the knee CoR was defined as the intersection of the flexion-extension 

AoR with the sagittal plane of the knee (the X-Y plane of the ACF of the femur).  

The knee joint CoR was assumed to be fixed relative to the tibia but moving with respect to 

the femur, in order to include the translations of the tibia relative to the femur. Since the 

definitions of the origin of the ACF of the tibia and the femur are the same (both defined as 

the mid-point of the epicondylar axis of the femur), the moving CoR of the knee during 

dynamic trials can be directly determined as the relative position of the origin of the tibia with 

respect to the femur (Equation 4.81). Therefore, the knee joint CoR in Equation 4.102 was 
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calculated at each time frame of motion (i) according to the position of the tibia using Equation 

4.107:  

[Cj(i)]
Fem

= OTib
Fem(i) = [

OTibx
(i)

OTiby
(i)

OTibz
(i)

]

Fem

 4.107 

It should be noted that if the CoR was assumed to be fixed with respect to the femur 

(neglecting the knee joint translations), the CoR would have been calculated as the origin of 

the ACF of the femur. In that case, the distance of any point or line from the CoR would be 

simply calculated as the Euclidean distance in the ACF of the femur. 

Moment arm of the shank external force (𝐋𝟑) 

The moment arm of the external forces acting on the shank (L3) in Equation 4.102 was then 

calculated at each time frame of the dynamic trials (i) as the perpendicular distance between 

the projection of force [Fs(i)]
Fem calculated in Equation 4.105 onto the X-Y plane of the ACF 

of the femur and the position of the knee joint CoR ([Cj(i)]
Fem

) derived in Equation 4.107.   

Line of action and moment arm of the patellar tendon force (𝐅𝐩, 𝐝𝐩)   

The line of action of the patellar tendon was quantified using the dataset captured during the 

quasi-static digitisation trial (Section 3.8.3) including multiple calibration of the position and 

orientation of the patellar tendon at different intervals of the expected range of motion. In 

this way, the line of action was defined as the line connecting the tibial tuberosity (Fp1) to the 

patellar apex (Fp2) as shown in Figure 3.1, where the points Fp1 and Fp2 were determined 

with respect to G from manual digitisation at different intervals of the knee flexion angles 

using Equations 4.108 and 4.109:  

[
Fp1(dig)

1
]
G

= [
 

TDW
G (dig)] [

tip 

1
]
DW

 4.108 

[
Fp2(dig)

1
]
G

= [
 

TDW
G (dig)] [

tip 

1
]
DW

 4.109 
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where TDW
G (dig) is the transformation between DW and G at each quasi-static digitisation 

trial. These points were transformed into the ACF of the femur at each digitisation trial using 

Equations 4.110 and 4.111: 

[
Fp1(dig)

1
]
Fem

= [
 

TG
Fem(dig)] [

Fp1(dig)

1
]
G

 4.110 

[
Fp2(dig)

1
]
Fem

= [
 

TG
Fem(dig)] [

Fp2(dig)

1
]
G

 4.111 

where TG
Fem(dig) denotes the transformation from G to Fem at the event of digitisation at 

different intervals of the knee flexion angle which was calculated in the same way as described 

in Equation 4.37. The positions of the origin (Fp2) and insertion (Fp1) points of the patellar 

tendon were then linearly interpolated to calculate the position and orientation of the patellar 

tendon for all knee flexion angles (α) during the dynamic trials by assuming that the position 

and orientation of the patellar tendon change linearly with respect to the femur between the 

intervals of digitisation.  

The moment arm of the patellar tendon (dp) at each time frame of the dynamic trials was then 

calculated as the shortest distance between the patellar tendon line of action Fp and the knee 

CoR (Cj).  

4.2.3 Summary of the 2D model  

In summary, the 2D model’s inputs include the position of the landmarks and marker clusters 

on the body segments as well as Cybex during both static and dynamic trials, the position of 

the origin and insertion points of the patellar tendon (apex of the patella and the tibial 

tuberosity) at different intervals of the expected range of motion, the Cybex measurements 

of moments and angular position of the lever arm, and the subject’s weight, height and 

gender, and the outputs include the patellar tendon forces as a function of knee flexion angle.   

The position of the landmarks and marker clusters were obtained from the experimental setup 

of Cybex (Section 3.7.1), the static standing calibration trial (Section 3.8.2) and the dynamic 

trials (Section 3.8.4). These were incorporated in the kinematic model to define the local and 

anatomical coordinate frames of the femur and tibia, as well as the LCF of the Cybex lever arm 

to determine the transformations (relative positions and orientations) between the 

coordinate frames and calculate the knee joint flexion angles during the dynamic trials.   
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The origin and insertion points of the patellar tendon were obtained from the the quasi-static 

digitisation trial (Section 3.8.3) to define the patellar tendon line of action across the range of 

motion. The moments and angular position of the Cybex lever arm were obtained from the 

Cybex analog output using Equations 3.7 and 3.5 as described in Section 3.5.5.1  to calculate 

the knee joint moments and quantify the external forces acting on the shank. Subject data 

were used to estimate the mass and the position of the centre of mass of the shank. All these 

data were incorporated into the kinetic model to calculate the outputs of the 2D model in 

terms of the patellar tendon forces as a function of knee flexion angles. The modelling process 

pipeline of the 2D model is summarised in Figure 4.12.  

 

Figure 4.12. The modelling process of the 2D simplified model of the knee extensor 
mechanism. 

4.3 The 3D MSK model of the right lower limb: FreeBody  

The 3D model of the right lower limb, FreeBody, has been developed previously by Cleather 

et al. (2015), and its development, verification, validation and limitations have been previously 

elaborated in various studies (Cleather et al., 2010a; Cleather et al., 2010b; Cleather et al., 

2011b; Cleather et al., 2011a; Cleather et al., 2011e; Cleather et al., 2012a, b; Cleather et al., 

2015; Ding et al., 2015). FreeBody is an open-source MSK model (available at 

www.msksoftware.org.uk) that can be used as a toolbox in the Matlab software which is used 

in addition to the 2D model in this thesis to quantify the knee extensor forces. The model 

consists of five rigid segments representing the pelvis, foot, shank, thigh and patella. The 

segments are linked by four joints including ankle, tibiofemoral, patellofemoral and hip. The 
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input data into the model includes the position of the anatomical landmarks and the marker 

clusters of the segments during both static and dynamic trials, the external reaction forces 

acting on each segment during motion, and the weight, height and gender of the subject under 

investigation. The inputs are used to reconstruct the body segments and calculate the 

kinematics and kinetics parameters through an inverse dynamic analysis. The kinematics and 

kinetics parameters along with the MSK geometry are then used to calculate the muscle and 

joint forces using an optimisation approach. The modelling process pipeline of FreeBody is 

similar to the process shown in Figure 2.2 which is briefly described within the context of this 

thesis in the following sections.   

4.3.1 Model inputs 

4.3.1.1 Anatomical position inputs 

The static inputs of the position of the anatomical landmarks and the marker clusters of the 

segments were determined using the dataset obtained from the static calibration trial (Section 

3.8.2; Figure 3.18; Figure 3.19). The position of these landmarks and the marker clusters were 

calculated with respect to G for each segment in the same way as described in Section 4.2.1. 

Additionally, the position of the landmarks of the foot were determined directly from the 

markers attached onto the foot as shown in Figure 3.18 and Table 3.7. 

The dynamic inputs of the position of the anatomical landmarks were obtained based on the 

position of the marker clusters on each segment during motion and using the calibrated fixed 

position of the landmarks relative to the marker cluster of that segment as described 

previously. The landmarks of the foot during the dynamic trials were determined directly by 

tracking the trajectories of the markers attached onto the foot as shown in Figure 3.18.  

4.3.1.2 External reaction force inputs 

The external reaction forces inputs included the reaction forces acting on the shank and thigh 

during the dynamic trials (the reaction force from the Cybex lever arm acting on the shank and 

the reaction force from the Cybex seat acting on the thigh; Figure 3.9). The reaction forces 

from the Cybex lever arm (Fs) during the dynamic trials were quantified in terms of direction, 

magnitude and point of application in the same way as described in Section 4.2.2.3. 

The reaction forces from the Cybex seat acting on the thigh of the subject (FT) during the 

dynamic trials were quantified based on the measurements of the scale and the position of 
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the cylindrical foam on the scale (Section 4.2.1.4). In this way, the direction of FT was assumed 

to be perpendicular to the plane formed by the three markers of the scale, which is equivalent 

to the direction of the Z-axis of the LCF of the scale (SC; Figure 4.8). Therefore, the direction 

of FT was determined at each time frame of the dynamic trials from Equation 4.112 according 

to the transformation from SC to G calculated in the same way as described in Section 4.2.1.4:  

TSC
G (i) =

[
 
 
 
 
XSCx

(i) YSCx
(i) ZSCx

(i) OSCx
(i)

XSCy
(i) YSCy

(i) ZSCy
(i) OSCy

(i)

XSCz
(i) YSCz

(i) ZSCz
(i) OSCz

(i)

0 0 0 1 ]
 
 
 
 
G

 4.112 

The application point of FT was assumed to be equal to the point S4 on the cylindrical foam 

(the mid-point of the CL line; Figure 4.8). Therefore, the point of application at each time frame 

of motion (i) was determined from Equation 4.113 based on the fixed position of S4 relative 

to SC (Equation 4.73) and the transformation from SC to G during the dynamic trials (Equation 

4.112) as follows:  

[
S4(i)

1
]
G

= [
 

TSC
G (i)] [

S4 

1
]
SC

 4.113 

The magnitude of FT was calculated based on the analog measurements of the scale during 

the dynamic trials using Equation 3.8.  

4.3.2 Body segment reconstruction and kinematics 

The positions of the anatomical landmarks and the marker clusters during the static trial were 

used to define the position and orientation of the foot, shank, thigh and pelvis by defining the 

ACF of each segment and calculating the transformations between the ACF of the segments 

and G.  

In general, the ACF of each segment was defined using a y-axis from a distal to proximal joint, 

an intermediate z-axis from the medial to lateral of the segment, and an x-axis as the 

orthogonal to the y- and the intermediate z-axes. The z-axis was then defined as the 

orthogonal to the x- and y-axes. The origins of the segments were determined based on the 

centre of the proximal joint (apart from the pelvis in which the CoR was defined as the mid-

point between RASIS and LASIS). The kinematics parameters during the dynamic trials were 

then calculated based on the transformation of each segment from the calibration (static) 
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position to its position during motion using the method of Horn (1987), and described with 

respect to G.  

The position and orientation of the patella in FreeBody was obtained as a function of the knee 

flexion angle using a zero-mass model of patella developed from the datasets in the literature 

(Nha et al., 2008; Kobayashi et al., 2012) and an MRI-driven model of MSK geometry. The 

implementation of the MRI-driven dataset of MSK geometry in FreeBody is described in 

Section 4.3.4. 

The position of the origin of the patella was defined as the apex of the patella which was 

determined with respect to the position of the tibial tuberosity in the ACF of the tibia. This 

was achieved by using the length and path of the patellar tendon derived from the MRI-driven 

dataset and the literature (Kobayashi et al., 2012). The length of the patellar tendon was 

determined based on the positions of the apex of the patella and the tibial tuberosity from 

the MRI-driven dataset and scaled to match the size of the subject. Following this, the 

orientation of the patellar tendon was obtained as a function of the knee flexion angles using 

the regression equations of Kobayashi et al. (2012). The path and the scaled length of the 

patellar tendon were then used to establish the position of the origin of the patella as the 

apex of the patella. The relative orientations of the patella were then calculated as a function 

of the knee flexion angles using the regression equations of Nha et al. (2008).  

The BSPs including the mass, position of the centre of mass and moments of inertia of each 

segment were determined from the anthropometric model of de Leva (1996) according to the 

height, weight and gender of the subject.   

4.3.3 Inverse dynamics analysis 

As described in the previous section, the position and orientation of the segments were used 

to calculate the kinematics parameters of the segments during motion. The kinematics of the 

motion and the BSPs along with the external forces acting on the segments were then used to 

formulate the equations of motion and determine the inter-segmental forces and moments 

through an inverse dynamic analysis. The inverse dynamic analysis in FreeBody is based on 

the method of Dumas et al. (2004) as described in the previous studies (Cleather et al., 2010a; 

Dumas et al., 2012; Cleather et al., 2015). 
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It should be noted that the position and orientation of the segments in FreeBody were 

described based on segmental motions rather than joint motions, and the equations of motion 

were formulated such that each segment (with an exception of the patella) has a full 6-DoF 

and no constraints were imposed according to the kinematics of the joint. This means that the 

joints in the model (excluding the patellofemoral joint) have 6-DoF, therefore, they can 

represent both rotations and translations. 

4.3.4 Musculoskeletal geometry 

FreeBody can be implemented using two different types of MSK geometry models including a 

scaled-generic model driven from a cadaveric study (Klein Horsman et al., 2007) or using MRI-

driven dataset of healthy subjects covering different range of anthropometry. In this thesis, 

the MRI-driven dataset was used for implementing FreeBody as the MRI-based models have 

been found to be more accurate for representing the geometric parameters and the inter-

individual anatomical variability of the MSK system than the alternative scaled-generic models 

(Scheys et al., 2009).  

The MRI dataset includes six different anatomical datasets representing small, medium and 

large size males and females (Nolte et al., 2016). The MRI dataset used in this thesis (male, 

age: 25 years, height: 1.8 m, weight: 70 kg) was selected according to the closest dataset to 

the mean size of the subjects (Table 3.10), and linearly scaled to match the size of each subject. 

The scaling was performed at segmental level according to the size of the subject’s segment 

relative to the MRI-dataset.  

The anatomical dataset consists of segmented bones, coordinates of the anatomical 

landmarks of the segments, muscular geometry and wrapping object parameters, and joint 

centres. The muscular geometry dataset includes 164 line elements representing 38 different 

muscles of the lower limb and the patellar tendon with their origins, via, and insertion points. 

The knee joint centre was defined as the mid-point of the central axis of a fitted cylinder to 

the epicondyles of the femur which is fixed in the tibia (distal segment) but moving with 

respect to the femur (proximal segment).  

4.3.5 Optimisation 

The muscle and joint forces were calculated by solving the equations of motion simultaneously 

at each time frame of the motion using an optimisation technique. The optimisation process 
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was performed using a cost function developed based on the work of Crowninshield et al. 

(1981) which is formulated based on minimising the sum of cubed muscle stresses (maximising 

muscular endurance) as described previously (Cleather et al., 2011c, d). In this way, the 

muscles were constrained by their upper bounds (the maximum muscle stress) calculated by 

multiplying the PCSA of each muscle derived from the dataset of Klein Horsman et al. (2007) 

and an assumed maximum muscle stress (31.39 N.cm-2) determined by Yamaguchi (2005). 

Therefore, the optimisation in FreeBody seeks a solution to the equations of motion that 

minimises muscle stresses during motion. A comprehensive analysis of using this cost 

function, including the limitations, has been presented in the work of Cleather et al. (2011d). 

4.4 Summary  

This chapter presented the MSK modelling techniques used in this thesis for quantifying the 

knee extensor muscle forces. The modelling techniques were described in two main parts of 

this chapter (Sections 4.2 and 4.3) explaining the two types of the models employed in this 

thesis. These models include a simplified 2D model of the knee extensor mechanism, and a 

previously-developed 3D MSK model of the right lower limb (FreeBody).   

In the first part of this chapter (Section 4.2), the development process of the 2D model with 

the underlying methodologies including the knee joint kinematic and kinetic models were 

explained. The knee joint kinematic model was described in terms of the methods used for 

calibrating the relative position and orientation of the body segments (pelvis, femur and tibia) 

in order to obtain the mathematical description of the tibiofemoral motion, and establishing 

a knee JCS to quantify the knee joint rotations and translations during the dynamic trials. The 

development process of the kinetic model was described in terms of the simplifying 

assumptions used in the model and the employed methods for analysing the forces and 

moments acting on the knee joint to quantify the resultant knee joint moments and patellar 

tendon forces during knee extension.  

In the second part of this chapter (Section 4.3), the inverse dynamic modelling process of 

FreeBody within the context of this thesis for quantifying the knee extensor muscle forces 

were briefly elucidated. The modelling process was described in terms of the inputs into the 

model (motion data and external forces), and the methods employed for reconstructing the 

body segments to calculate the kinematics parameters, calculate the forces and moments of 
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the segments during motion through an inverse dynamic technique, and determine the 

muscle and joint forces using an MRI-driven MSK geometry model and an optimisation 

approach.  

The MSK models outlined in this chapter were implemented to quantify the patellar tendon 

forces during knee extension using the experimental measurements acquired from the 

previous chapter, and the results from the models will be presented in the next chapter. 
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 Chapter 5. Comparison between the 

musculoskeletal models
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5.1 Chapter overview 

This chapter presents the first set of the results from the MSK models (the 2D model and 

FreeBody) described in the previous chapter. The results are presented from each model in 

terms of the knee joint rotations, patellar tendon forces and the hamstring muscles’ activation 

during the dynamic trials. The 2D model and FreeBody are then compared in terms of the 

outputs from each model, and the results are discussed to evaluate how the experimental and 

modelling factors can affect the predictions from each model. Following this, the viability of 

using a simplified model to assess the predictions of a complex model is discussed.      

5.2 Knee flexion angles 

Figure 5.1 shows the mean knee joint flexion angles for all subjects during the dynamic trials 

calculated using the 2D model and FreeBody. The calculated mean flexion angles represent 

the range of motion tested during the dynamic trials for all subjects ranging from 90° to 10° 

(0° represents full extension).  
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Figure 5.1. The knee joint flexion angles during knee extension from FreeBody (blue) and 
the 2D model (red). The values are shown as the mean for all subjects, and the shaded area 
indicates the standard deviation.  

Table 5.1 presents the comparison between the calculated flexion angles at different time 

points during the dynamic trials using the two different models.  
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 2D model FreeBody 

Time (s) 
Flexion 

angle (°) 
SD 

95% CI Flexion 

angle (°) 
SD 

95% CI 

LB UB LB UB 

0 95.5 4.0 92.8 98.1 94.8 4.0 92.1 97.4 

0.267 87.1 4.5 84.1 90.1 86.6 4.5 83.6 89.7 

0.534 75.5 4.5 72.5 78.6 75.1 4.7 71.9 78.3 

0.801 63.9 4.5 60.9 66.9 63.4 4.7 60.2 66.5 

1.068 52.9 4.4 50.0 55.8 52.2 4.6 49.1 55.2 

1.335 43.4 4.0 40.7 46.1 42.5 4.3 39.6 45.4 

1.602 33.8 3.5 31.5 36.2 32.7 3.7 30.2 35.2 

1.869 25.1 3.3 22.9 27.4 23.8 3.2 21.7 25.9 

2.136 17.8 3.5 15.4 20.1 16.3 3.1 14.2 18.4 

2.403 11.3 3.4 9.1 13.6 9.9 3.1 7.9 12.0 

2.67 6.4 2.6 4.6 8.1 5.4 2.6 3.6 7.1 

Mean  46.6 3.8 44.0 49.2 45.7 24.7 43.1 48.3 

SD of the mean 30.9 0.6 30.5 31.2 31.2 66.6 30.8 31.6 

95% CI of 

the mean 

LB 25.9 3.4 23.5 28.2 24.7 3.3 22.4 27.1 

UB 67.4 4.3 64.6 70.2 66.6 4.4 63.8 69.5 

Table 5.1. The calculated knee flexion angles at different time points during knee extension 
using the two models. SD, CI, UB and LB represent the standard deviation, confidence 
interval and the upper and lower bounds of the confidence interval respectively. 

The results (Figure 5.1 and Table 5.1) showed that the estimated knee flexion angles obtained 

from the 2D model were in close agreement with the predictions of FreeBody over the full 

range of motion during the dynamic trials.   

The estimated knee flexion angles from the two models for each subject are indicated in Figure 

5.2. 
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Figure 5.2. The knee joint flexion angles during knee extension from FreeBody (blue) and 
the 2D model (red) for each subject. The shaded area indicates the standard deviation of the 
mean for the 3-repetition trials.    

5.2.1 Statistical analysis  

A two-way repeated-measures analysis of variance (ANOVA) test was conducted to determine 

if the main effect of the modelling technique (2D model and FreeBody) over time (at every 

~0.3 seconds of the motion) on the calculated knee flexion angles during knee extension is 

statistically different, and also to determine if there is a statistically significant two-way 

interaction between the modelling technique and time (if the effect of the modelling 

technique on calculation of the knee flexion angles is dependent on when the angle is 

calculated during the dynamic trials).  

Therefore, in this test, the two within-subjects factors include the modelling technique with 

two levels representing the 2D model and FreeBody, and time which was examined at every 

~0.3 seconds of the dynamic trials, and the dependent variable includes the calculated knee 

flexion angle during knee extension.  
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Analysis of the residuals revealed that the data were normally distributed as assessed by the 

Shapiro-Wilk test of normality (p > 0.05). The assumption of sphericity (the variance of the 

differences between all levels of the within-subjects factors should be equal) was violated as 

assessed by the Mauchly’s test of sphericity (p < 0.005), therefore, a Greenhouse-Geisser 

correction was applied (ɛ = 0.193). 

The results showed that there was no statistically significant interaction between the 

modelling techniques and time on the calculated knee flexion angles (p = 0.285), and there 

was no overall statistically significant difference between the modelling techniques for 

calculating the knee flexion angles (p = 0.296; Table 5.2). 

The entire process of statistical analysis in this thesis was performed using SPSS software 

(version 23, IBM SPSS Statistics, USA) based on the instructions provided by Laerd Statistics 

(2015).  

The 2D model versus FreeBody 

Mean 

difference (°) 
SD 

95% CI Main effect of the 

modelling technique          

(p-value) 

Interaction effect the 

modelling technique × time 

(p-value) LB UB 

0.9 0.4 0.7 1.2 0.296 0.285 

Table 5.2. The statistical comparison between the calculated knee flexion angles from the 
two models. SD, CI, LB and UB denote the standard deviation, and confidence interval with 
its lower and upper bounds for the mean.  

5.3 Patellar tendon forces  

Figure 5.3 shows the mean patellar tendon forces calculated from the 2D model and FreeBody 

as a function of knee flexion angle during the dynamic trials for all subjects. The models yielded 

similar results in terms of the calculated patellar tendon forces during knee extension. In both 

models, the patellar tendon force increases from a knee flexion angle of 90° to its peak at mid-

range of motion (knee flexion angles of 45-50°), and then decreases towards full extension. 

The large standard deviations indicate the variance of the strength and level of effort among 

different subjects.   
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Figure 5.3. Patellar tendon forces calculated from the 2D model (red) and FreeBody (blue) 
as a function of knee flexion angle during knee extension (0° represents full extension). The 
shaded areas indicate the standard deviation for the predictions of each model.   

Table 5.3 presents the mean patellar tendon forces (Fp) at different knee flexion angles in the 

range of motion during dynamic trials. It can be seen that the mean patellar tendon force 

across the full range of motion from the 2D model (797 N) is close to the estimation of 

FreeBody (811 N); the differences between the models’ predictions were not statistically 

significant as described in Section 5.3.1.   

Although both models predicted similar outputs in terms of the patellar tendon forces as a 

function of knee flexion angle, the forces determined from FreeBody were slightly greater 

than the estimated forces from the 2D model in the terminal phase of knee extension (in the 

approximate range of 30-10° knee flexion angles; Figure 5.3). This may be due to co-activation 

of the hamstring (knee flexor) muscles near full extension for protecting the joint stability 

(Kellis, 1998; Aagaard et al., 2000; Bryant et al., 2010; Alkjær et al., 2012) which was included 

in the FreeBody and neglected in the 2D model, although, because of the lack of statistical 

difference, this may not be relevant. This effect is discussed in more detail in Sections 5.4 and 

5.5.4.  
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 2D model FreeBody 

Flexion angle (°) 𝐅𝐩 (N) SD 
95% CI 

𝐅𝐩 (N) SD 
95% CI 

LB UB LB UB 

90 280 171 158 402 305 159 191 418 

85 462 204 316 608 455 188 320 589 

80 624 246 449 800 608 233 441 775 

75 767 269 575 959 751 263 563 939 

70 886 278 687 1085 871 274 674 1067 

65 973 285 769 1176 968 289 760 1175 

60 1024 294 814 1234 1032 303 815 1248 

55 1052 307 832 1272 1071 326 837 1304 

50 1071 323 840 1303 1090 337 849 1331 

45 1078 338 836 1320 1076 337 835 1317 

40 1056 349 807 1306 1053 349 803 1302 

35 1003 356 748 1257 1015 366 753 1276 

30 924 364 664 1184 955 379 684 1226 

25 818 368 554 1081 858 381 585 1131 

20 674 361 415 932 727 372 460 993 

15 503 349 253 753 564 362 305 822 

10 348 357 93 603 395 340 152 638 

Mean 797 307 577 1016 811 309 590 1032 

SD of the mean 268 59 253 288 260 67 237 290 

95% CI for 

the mean 

LB 617 267 407 822 636 264 431 838 

UB 977 347 747 1210 986 354 749 1227 

Table 5.3. The calculated patellar tendon forces (𝐅𝐩) as a function of knee flexion angle 

during knee extension using the 2D model and FreeBody. SD, CI, UB and LB represent the 
standard deviation, confidence interval, and the upper and lower bounds of the confidence 
interval respectively. 

The patellar tendon forces as a function of knee flexion angle determined from the 2D model 

and FreeBody for each subject are shown in Figure 5.4.  
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Figure 5.4. Patellar tendon forces determined from the 2D model (red) and FreeBody (blue) 
as a function of knee flexion during knee extension (0° represents full extension) for each 
subject. The shaded area indicates the standard deviation of the mean for the 3-repetition 
trials.    

5.3.1 Statistical analysis 

A two-way repeated-measures ANOVA test was performed in the same way as described for 

the knee rotation angles to determine if the main effect of the modelling technique (2D model 

and FreeBody) at different knee flexion angles (every 5° of knee flexion angle) on the 

estimated patellar tendon forces is statistically significant, and to identify if there is a 

statistically significant two-way interaction between the modelling technique and knee flexion 

angle (to investigate if the effect of the modelling technique on estimation of the patellar 

tendon forces is dependent on the knee flexion angle during the dynamic trial). 

Therefore, in this test, the two within-subjects factors include the modelling technique with 2 

levels representing the 2D model and FreeBody, and the knee flexion angle with 17 levels 

representing every 5° of knee flexion angle in the range of motion of the dynamic trials, and 

the dependent variable includes the estimated patellar tendon force.  
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Analysis of the residuals showed that the data were normally distributed according to the 

Shapiro-Wilk test of normality (p > 0.05). The assumption of sphericity for the interaction term 

was not met as assessed by the Mauchly’s test of sphericity (p < 0.05), therefore, a 

Greenhouse-Geisser correction was applied (ɛ = 0.184). 

The results of the ANOVA test showed that there was no statistically significant interaction 

between the modelling techniques and knee flexion angle (p = 0.119; Table 5.4) suggesting 

that estimation of the patellar tendon forces using the two models does not depend on the 

knee flexion angle for which the patellar tendon force is calculated.   

The results of the main effect of the modelling technique on the estimated patellar tendon 

forces showed that there was no overall statistically significant difference between the two 

models (2D model and FreeBody) for calculating the patellar tendon forces, although the p- 

value is low suggesting a trend to there being a difference (p = 0.06; Table 5.4). Thus, the 

difference between the estimated patellar tendon forces from the two models at different 

knee flexion angles is not statistically significant (the modelling technique did not indicate 

statistically significant changes in the estimated patellar tendon forces over different knee 

flexion angles across the range of motion). The results of the statistical analysis are 

summarised in Table 5.4. 



 

209 

The 2D model versus FreeBody 

Mean 

difference 

(N) 

SD 

95% CI Main effect of the 

modelling technique 

(p-value) 

Interaction effect of the 

modelling technique × flexion 

angle (p-value) LB UB 

-15 25 -31 2 0.06 0.119 

Table 5.4. Comparison between the mean patellar tendon forces calculated from the two 
models. SD, CI, LB and UB denote the standard deviation, and confidence interval with its 
lower and upper bounds for the mean.  

5.4 Co-activation of the knee flexor (hamstring) muscles during 

knee extension 

As described in Chapter 3, the EMG signals were collected from the Biceps Femoris (BF) and 

Semitendinosus (SM) muscles to investigate the co-activation of these muscles during knee 

extension. The activation of BF and SM were quantified in terms of normalised EMG activation 

as well as normalised muscle force activation using the results of FreeBody that are described 

in the following sections.  

5.4.1 EMG and muscle force activations 

5.4.1.1 EMG activation 

The raw EMG signals were processed following the method of Arnold et al. (2013) using a high-

pass filter, rectification and a low-pass filter, and then normalised to determine the EMG 

activation profile of the muscles. In this process, the raw signals were high-pass filtered using 

a fourth-order Butterworth filter with a cut-off frequency of 30 Hz to remove any direct 

current (DC) offsets or low-frequency noise (Buchanan et al., 2004) and then rectified. The 

rectified signals were then low-pass filtered using the same filter with a cut-off frequency of 

10 Hz to determine the linear envelop of the EMG data (Arnold et al., 2013). The electrical 

signals generated from muscular activation typically include frequency components over 100 

Hz, whereas the force activation generated from muscular contraction includes lower 

frequency components (Spulber et al., 2012), that is why the muscle forces typically have 

smoother profiles than the raw EMG signal. Therefore, the low-pass filter is usually used to 
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determine the correlation between the EMG signal and muscle force activation (the linear 

envelope of the EMG signal), and to filter the high-frequency components of the EMG signal 

(Winter, 1990; Buchanan et al., 2004). 

The processed signals were normalised with respect to the maximum value of the EMG signal 

of the same muscle over all trials of the dynamic trials, a common approach in the  literature 

(Solomonow et al., 1987; Hagood et al., 1990; Kellis et al., 1996a; Kellis et al., 1997; Bryant et 

al., 2010; Krishnan et al., 2011; Arnold et al., 2013). The normalisation procedure was 

performed to determine the EMG activation profile of the muscles as a percentage of the 

maximal value of the same muscle acting as agonist, and make the comparison between the 

EMG and muscle force activations easier (Kellis, 1998).  

5.4.1.2 Muscle force activation  

The BF and SM muscle forces were acquired from the FreeBody outputs. These muscle forces 

were also normalised with respect to the maximum value of the force of the same muscle over 

all trials of the dynamic trials to determine the normalised muscle force activation profile of 

the muscle, and make the comparison between the EMG and muscle force activations easier.  

The mean muscle force and EMG activations of BF and SM as a function of knee flexion angle 

during the dynamic trials for all subjects are illustrated in Figure 5.5 and Figure 5.6. 

Furthermore, Table 5.5 presents the values for the mean muscle force and EMG activations at 

every 5° knee flexion angles during knee extension.  
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Figure 5.5. The mean normalised activations of BF muscle force (blue) and EMG (red). The 
shaded areas indicate the standard deviations. 

 

Figure 5.6. The mean normalised activations of SM muscle force (blue) and EMG (red). The 
shaded areas illustrate the standard deviations.  
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Flexion angle (°) 

Mean BF activation (%) Mean SM activation (%) 

Muscle 

force  
SD EMG  SD 

Muscle 

force  
SD EMG SD 

90 2.8  3.3 5.3  4.8 4.1 4.6 5.4 6.9 

85 2.5  3.0 4.4  3.0 5.2  5.1 5.8  5.7 

80 3.3   3.6 5.8 4.6 5.4 6.0 6.0 6.1 

75 3.7  4.2 5.1  4.2 5.2 5.4 7.0  6.4 

70 3.9  4.4 4.7  4.0 4.9 4.3 7.1  6.5 

65 5.0  6.4 4.9  4.2 5.5 4.7 6.7  5.9 

60 6.8  8.0 5.4  4.8 7.0 6.5 6.5 5.7 

55 8.3  9.1 5.7  5.0 8.3 8.5 6.7 6.2 

50 8.4  9.0 5.9  5.2 8.4 8.6 6.6 6.4 

45 7.9  8.2 6.4  5.9 7.5 6.9 6.9 7.5 

40 8.2  8.2 6.9  6.9 7.0 6.1 7.6 8.0 

35 8.9 9.0 8.0  8.2 6.7  6.2 7.1 7.3 

30 8.9 9.4 9.5  9.5 7.3 7.4 7.4 7.9 

25 8.2 9.2 9.8  10.1 7.0 7.1 7.5 8.1 

20 7.4 8.3 10.0 10.3 7.2 6.8 8.2 9.0 

15 7.1 7.1 9.8  10.7 7.2 6.0 7.7 10.0 

10 6.5 5.3 6.4 6.0 7.1 5.6 7.2 9.2 

Mean 6.3  6.8 6.7  6.3 6.5 6.2 6.9  7.2 

Table 5.5. Mean muscle force and EMG activations of BF and SM for all subjects during knee 
extension at every 5° knee flexion angles. The muscle force and EMG activations are 
presented as the normalised values with respect to the maximum muscle force and EMG of 
the same muscle during all trials, and SD denotes the standard deviation of the mean for all 
subjects.  

The results showed low level of muscle force and EMG activations (below 10%) for the knee 

flexor muscles (BF and SM) across the entire range of motion during knee extension (Table 

5.5). Also, the difference between the mean muscle force and EMG activations over the full 

range of motions was found to be small for both BF (6.3% and 6.7%) and SM (6.5% and 6.9%) 

confirming the validity of the estimated muscle forces from FreeBody in a qualitative way 

(Table 5.5). In addition, quantitative comparison between the muscle force and EMG 
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activations was performed using the Sprague and Geers metrics of magnitude, phase and 

combined error as described by Schwer (2007). In this way, the magnitude (M) and phase (P) 

differences of time histories of the predicted muscle force and EMG activations were 

quantified independently, and the combined error (C) was calculated as the root of the sum 

of squares of the M and P errors (Schwer, 2007). 

Table 5.6 presents the Sprague and Geers metrics for the calculated BF and SM muscle force 

and EMG activations. The results showed that the difference between the mean muscle force 

and EMG activations was small in terms of M, P and C errors (the metrics M and P will be zero 

once the compared curves are identical). 

Muscle M P C 

BF -0.03 0.55 0.56 

SM -0.04 0.57 0.57 

Table 5.6. Quantitative differences between muscle force and EMG activations for BF and 
SM muscles based on the Sprague and Geers metrics. The differences are represented in 
terms of magnitude (M), phase (P) and combined (C) errors.  

5.5 Discussion  

In this chapter, two different MSK models (the 2D model and FreeBody) were used to calculate 

the knee flexion angles and patellar tendon forces during knee extension, and the two 

modelling techniques yielded similar outputs with no statistically significant difference. 

The experimental and modelling methods in this thesis (Chapters 3 and 4) were designed to 

evaluate if the simplifying assumptions used in the 2D model, and the difference between the 

level of the details and complexity of the models can be compensated by careful 

characterisation and constraint of the experimental task and key modelling parameters, in 

order to obtain similar outputs, and identify if the 2D model can be used to assess the outputs 

of FreeBody.    

Therefore, the similarity between the results of the models can be explained by the design of 

the experimental task and the equivalent methods employed to characterise the key 

modelling parameters including the knee CoR, MSK geometry, moment arms and the effect of 
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antagonist co-activation of the knee flexor muscles. The effect of each parameter on 

calculation of the patellar tendon force in the models are discussed in this section to outline 

how characterisation of these parameters can lead to similar predictions from the models. 

5.5.1 Knee axis and centre of rotation 

The method of calculation of the knee CoR can significantly affect the patellar tendon forces 

as it can change the resultant length of the patellar tendon moment arm during motion 

(Tsaopoulos et al., 2006). Therefore, equivalent methods were used in both models to define 

the knee centre of flexion-extension rotations to quantify the patellar tendon moment arm. 

The flexion-extension CoR of the knee joint in both models was determined as the mid-point 

of the epicondylar axis of the femur (geometric axis) which was defined to be fixed in the tibia 

but moving relative to the femur. The CoR was defined in this way to characterise the knee 

joint translations in the models as the position of the CoR can change if there is a translation 

of the tibia relative to the femur during motion.  

However, the employed methods for deriving the knee CoR using the epicondylar axis in the 

2D model and FreeBody were slightly different. In the 2D model, the epicondylar axis was 

determined as the line connecting the prominence of the medial and lateral femoral 

epicondyles using manual digitisation, which is typically referred to as the clinical epicondylar 

axis (Berger et al., 1993; Most et al., 2003a; Most et al., 2004) whereas in FreeBody the axis 

was determined as the central axis of a fitted cylinder to the femoral epicondyles (Blankevoort 

et al., 1990; Iwaki et al., 2000; Eckhoff et al., 2001; Asano et al., 2005; Navacchia et al., 2016). 

The results in this chapter suggest that the effect of the difference between these methods 

on the calculated knee flexion angles and patellar tendon forces during the experimental task 

was minimal. However, some cadaveric studies found a distinct difference between these 

methods (Eckhoff et al., 2001; Most et al., 2004). These studies mainly focused on the 

difference between the geometry (anatomical location) of the axes during passive motion of 

the knee; the effect on the knee joint flexion-extension rotations and muscle forces were not 

completely evaluated. Moreover, the differences between the experimental task in this thesis 

and those studies, in terms of: the knee loading conditions, the methods for identifying the 

femoral epicondyles, and considering the variability of the CoR rather than change in the 

lateral and medial epicondyles, can all be the reasons for the reported inconsistencies using 
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the different methods (clinical and cylinder fit axis) for quantifying the femoral epicondylar 

axis (Todo et al., 1999; Hill et al., 2000; Moriguchi et al., 2009). 

It should be noted that the employed methods in the 2D model and FreeBody for quantifying 

the epicondylar axis and the knee CoR are two different representation of the same type of 

geometric-based axis (epicondylar axis). It is clear that the influence of using different types 

and definitions of AoR and CoR on the kinematics and kinetics data may be substantial as it 

can directly affect the calculated moment arms.  

Although the epicondylar axis of the femur has been commonly used as a reliable reference 

axis for characterising the flexion-extension rotations of the knee joint (Churchill et al., 1998; 

Asano et al., 2005), several other types, definitions and methods of calculation have been 

proposed in the literature to characterise the knee joint centre and axis of rotation to quantify 

the patellar tendon moment arm during motion. The axis and centre of rotation of the knee 

joint can be defined using geometric- or functional-based techniques. In the geometric-based 

techniques, the centre or axis of rotation is defined based on a reference point or axis 

according to the geometry of the tibiofemoral joint. For example, the knee CoR has been 

defined as the tibiofemoral contact point (Nisell et al., 1986; Yamaguchi et al., 1989; Herzog 

et al., 1993; Baltzopoulos, 1995; Wretenberg et al., 1996; Kellis et al., 1999), intersection of 

the anterior and posterior cruciate ligaments (Collins et al., 1991; Gill et al., 1996; Imran et al., 

2000), patellar centre of mass (Wilson et al., 2009), or the intersection of the epicondylar axis 

with the sagittal plane of the femur (Hollister et al., 1993; Most et al., 2004; Cleather et al., 

2015; Ding et al., 2016). In the functional-based techniques, the knee CoR or AoR is defined 

according to the motion of the tibiofemoral joint (MacWilliams, 2008). For instance, the knee 

CoR has been determined using the instantaneous CoR as the intersection of the 

perpendiculars from a line connecting two points on the moving tibia during motion (Smidt, 

1973), finite and instantaneous helical axes (Woltring et al., 1985b; Woltring et al., 1994; 

Veeger et al., 1996; Stokdijk et al., 1999; Besier et al., 2003; Johnson et al., 2004; Sheehan, 

2007; Pohl et al., 2010; Colle et al., 2012; Wilson et al., 2014) based on the helical (screw) 

description of motion (Section 2.2.8.2), or using fitting and optimisation techniques to 

estimate the axis or centre of rotation according to the angular rotation of the tibiofemoral 

joint (Halvorsen et al., 1999; Gamage et al., 2002; Schwartz et al., 2005; Schache et al., 2006; 

Ehrig et al., 2007).  
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The effect of different types of knee CoR and the tibiofemoral joint translations (the difference 

between the moving and fixed CoR) on the patellar tendon forces during knee extension will 

be investigated in the next chapter. 

5.5.2 Patellar tendon line of action 

As mentioned in Chapter 2, description of the MSK geometry (based on different definitions 

of the origin-insertion points and lines of action) can significantly affect calculation of moment 

arms, and consequently the estimated musculotendon forces in the models.  

The line of action of the patellar tendon force in the 2D model and FreeBody was defined in 

the same way as the line connecting the apex of patella to the tibial tuberosity, however, it 

was measured using two different methods. In the 2D model, this was obtained directly using 

an empirical protocol based on manual digitisation (the quasi-static digitisation trial; Section 

3.8.3), whereas in FreeBody this was determined based on a scaled-MRI-based anatomical 

dataset and using the published data in the literature (Section 4.3).  

The results in this chapter, elucidating a close prediction of the patellar tendon force from the 

models, suggest that the experimental protocol proposed in this thesis for direct in-vivo 

quantification of the line of action of the patellar tendon force in the 2D model can be used 

as a practical approach to obtain subject-specific geometry of the loaded patellar tendon 

during knee extension to estimate the patellar tendon forces. The results also suggest that 

this approach can be effectively used to verify the geometry parameters of the superficial MSK 

structures in scaled-MRI-driven models (such as FreeBody).  

Although this technique has not been previously implemented for measuring the geometry of 

the patellar tendon in the models of the knee extensor mechanism in-vivo, Bonnefoy et al. 

(2007) used a similar approach to quantify the insertion-origin points, lines of action and 

moment arms of a group of lower limb muscles to develop a lower limb MSK model with an 

acceptable accuracy. Their model was validated by comparing the MSK geometry parameters 

with the reported datasets in the literature, and it has been demonstrated that this technique 

can be used as a reliable and repeatable method to provide consistent results for most of the 

lower limb muscles.  

The MSK geometry in the model of Bonnefoy et al. (2007), FreeBody, and many other studies 

have been typically developed based on direct digitisation, imaging techniques or dissection 



 

217 

of cadaveric specimens in static and un-loaded conditions (Brand et al., 1982; Delp et al., 

1990b; Herzog et al., 1993; Duda et al., 1996; Krevolin et al., 2004; Klein Horsman et al., 2007; 

Chen et al., 2010; Nolte et al., 2016), which may not necessarily characterise how the MSK 

geometry can change during physiological loading conditions (Imran et al., 2000; Wilson et al., 

2009). Although the results in this chapter showed that there was not a significant difference 

between the estimated patellar tendon forces from FreeBody (based on a scaled-MRI-driven 

anatomical dataset obtained during static acquisition) and the 2D model (based on a subject-

specific MSK geometry obtained from direct measurement during loaded knee extension), 

MSK geometry may change during dynamic motion with high loading and angular acceleration 

(Asakawa et al., 2002; Finni et al., 2003a; Fiorentino et al., 2013). 

Therefore, the experimental protocol proposed in this thesis based on direct digitisation of 

the attachment sites of the MSK structures can be implemented as a simple approach to 

quantify the MSK geometry parameters of the superficial MSK structures under physiological 

loading during low intensity and slow angular velocity activities. This is important as 

development of the MSK geometry models under physiological loading typically involves a 

complex acquisition process (Blemker et al., 2007), and the method used in this thesis (using 

manual digitisation) can be used in the verification and validation process of the MSK 

geometry in addition to the methods outlined in Section 2.4 as a simple technique to obtain 

confidence about subject-specific geometry of the superficial MSK structures during motion 

and provide a better control over the experimental errors that can be possibly introduced in 

the MSK geometry.  

It should be noted that the experimental protocol in this thesis, as well as the work of 

Bonnefoy et al. (2007) is only applicable for superficial MSK structures that can be easily 

identified (such as the patellar and Achilles tendons), and it may not be used for all muscles 

(for example, deep and large muscles crossing the joint for which it is difficult to identify their 

insertion-origin points). Also, this approach may be sensitive to inter- or intra-variability of the 

examiner, however, it has been suggested that the errors can be minimised while the muscles 

and tendons are palpated and identified according to the given standard definition of the 

anatomical location of the MSK structures by the same examiner (Bonnefoy et al., 2007). 
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5.5.3 Patellar tendon moment arm 

In addition to the different methodologies for quantifying the knee CoR and MSK geometry, 

the method of calculation of the patellar tendon moment arm can also lead to inconsistency 

in the results of the models (An et al., 1984; Tsaopoulos et al., 2006). The measurement 

techniques used in the literature for quantifying the patellar tendon moment arm during 

tibiofemoral motion can be divided into three main categories (An et al., 1984; Tsaopoulos et 

al., 2006). These categories include the geometric, tendon displacement (excursion) and direct 

load measurement techniques. In the geometric approach, the moment arm is determined 

according to the geometry of the joint as the shortest distance between the centre or axis of 

rotation (depending on the various definitions) and the line of action of the patellar tendon 

force (Smidt, 1973; Nisell et al., 1986; Herzog et al., 1993; Baltzopoulos, 1995; Wretenberg et 

al., 1996; Kellis et al., 1999; Krevolin et al., 2004). In the tendon displacement approach, the 

average length of the moment arm over a given range of motion is calculated based on the 

displacement of the tendon and joint angular position without considering the position of the 

CoR according to the principle of virtual work (Delp et al., 1994; Buford et al., 1997). In the 

direct load measurement approach, the moment arm is calculated using direct measurement 

of the patellar tendon forces and the resultant knee joint moments during motion (Kaufer, 

1971; Grood et al., 1984; Spoor et al., 1990). The tendon displacement and direct load 

measurement techniques have been usually used in cadaveric studies as these methods may 

not be applied to non-invasive in-vivo measurements (Tsaopoulos et al., 2006).  

The moment arm of the patellar tendon force in both models presented in this chapter were 

calculated using the geometric approach as the shortest distance between the line of action 

of the patellar tendon force and the knee CoR (defined in the same way for both models). This 

can also be another reason for explaining the similar outputs from the models and gives 

further confidence in the modelling approaches used.  

5.5.4 Co-activation of the knee flexor muscles during knee extension  

The findings in this chapter showed that both muscle force and EMG activations of the 

hamstrings (BF and SM) were less than 10% of the maximum activation during the dynamic 

trials, confirming low activation of these muscles during knee extension. The insignificant 

statistical difference between the estimated patellar tendon forces from the models found in 

this chapter (Table 5.4) suggests that low activation of the hamstring muscles during knee 
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extension did not have a considerable effect on calculation of the patellar tendon forces. This 

confirms the simplifying assumption of neglecting the knee flexor muscle forces in the 2D 

model during a controlled low-intensity knee extension exercise with slow angular velocity in 

healthy subjects and so justifies the use of the experimental activity.  

The co-activation of the hamstrings and quadriceps during different activities has been 

extensively examined using EMG in various studies (Kellis, 1998). In these studies, the 

reported co-activation of the hamstring muscles (BF and SM) during knee extension ranges 

from 5% to 35% of the maximal activation of the same muscles (Solomonow et al., 1987; 

Hagood et al., 1990; Kellis et al., 1997; Kellis, 1998). The findings in this chapter (low level 

activation of hamstrings below 10%; Section 5.4) lie within the reported range of co-activation 

of SM and BF during knee extension in a number of studies. For example, Draganich et al. 

(1989) reported that the average activation of the hamstrings changes from 1% to 7% during 

knee extension against resistance at different knee flexion angles ranging from 70° to 5°. 

Similarly, Hagood et al. (1990) reported an average activation of 7% for the hamstrings during 

isokinetic knee extension with low angular velocity (15°/s). However, they observed a 

substantial increase in hamstrings activation with high angular velocity (240°/s) reflecting the 

effect of angular velocity on antagonist co-activation of the hamstrings as a protective 

mechanism for providing joint stability.  

Nevertheless, some other studies reported higher activation of the hamstrings during knee 

extension. Osternig et al. (1995) observed a mean activation of 30% for the hamstrings during 

knee extension in healthy subjects. Similarly, Alkjær et al. (2012) reported a relatively high co-

activation of the hamstrings in healthy subjects ranging from 20% to 30% at different knee 

flexion angles between 90° to 10°, however, they reported a higher activation of the 

hamstrings (ranging from 20% to 45%) in ACL-deficient subjects. Their findings indicate the 

importance of the functional role of the knee flexor muscles during knee extension for 

reducing ACL loading (reducing anterior shear at the tibia) and stabilising the knee joint. In the 

work of Aagaard et al. (2000) an overall antagonist hamstrings’ co-activation of 15-35% was 

observed during knee extension in the range of 90°-10°.  

The discrepancies found in the reported activation of the hamstrings can be attributed to the 

variability in the type and level of intensity of the activity (Grabiner et al., 1989; Gryzlo et al., 

1994; Kellis et al., 1997; Kellis, 1998; Krishnan et al., 2011), angular position and velocity of 
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the motion (Osternig et al., 1984; Hagood et al., 1990; Kellis et al., 1996a) and the methods 

used to capture, process and interpret the EMG data (Kellis, 1998; Hug, 2011). For example, 

relatively high activation of hamstrings has been typically reported during knee extension 

exercises with maximal muscular contraction and high angular velocity (Hagood et al., 1990; 

Aagaard et al., 2000; Alkjær et al., 2012), or during closed kinetic chain exercises (Carlo et al., 

1992; Lutz et al., 1993; Wilk et al., 1996). Therefore, low activation of the hamstrings found in 

this chapter can be explained by the slow angular velocity and low level intensity of the open 

kinetic chain experimental task. This also confirms the motivation for choosing this 

experimental task.  

Moreover, although the use of EMG can provide substantial information about muscle 

activation characteristics, interpretation of the EMG results depends on many factors 

including the methodological approaches for capturing the EMG data (such as electrode 

placement and size, the muscle under analysis and the cross talk effect) and the methods for 

processing the EMG data (such as the normalisation procedure) which all can substantially 

affect the EMG results (Kellis, 1998; Mesin et al., 2009; Hug, 2011). Hence, inconsistencies 

between the experimental and methodological approaches can lead to controversial results, 

which should be considered for making accurate comparison between the results of different 

studies.  

Consequently, it is evident that antagonist co-activation of the knee flexor muscles exists 

during knee extension. However, the level of this co-activation varies among different studies, 

and it can change by increasing the loading, velocity and intensity of the activity. In this thesis, 

the level of activation of the hamstrings was found to have a negligible effect on estimation 

of the patellar tendon forces, suggesting that the knee extensor mechanism in healthy 

subjects can be modelled using a simplified model by eliminating the effect of knee flexors 

during knee extension with low intensity and slow angular velocity. However, this may not be 

used for characterising the knee extensor mechanism during high velocity and maximal effort 

exercises, or for analysing ACL-deficient knees. It has been shown that in these cases, the 

functional role of the antagonist co-activation of the knee flexor muscles may be significant 

for joint stability, thus, the knee extensor mechanism should be characterised by considering 

this effect for calculating the muscle forces in the model. 
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5.5.5 Reliability of using simplified models in the hierarchical verification of 
the large-scale complex models 

A key aspect of the findings in this chapter is the capability of a simplified model (the 2D 

model) to predict similar kinematics and knee extensor forces to a complex 3D MSK model 

(FreeBody) during a basic controlled experimental task. This was achieved as the models were 

developed based on similar principles of classical mechanics, and the experimental task along 

with the key modelling techniques were designed to verify the simplifying assumptions used 

in the simplified model. In other words, the results indicated that the models can lead to 

similar outputs once the simplifying assumptions are verified according to the design of the 

experimental task, and the key modelling parameters are incorporated in the simplified 

model. Also, this approach has provided further confidence and verification of the more 

complex model, where the use of a cost function and optimisation as a solution to the 

indeterminate problem makes an intuitive confidence in the model more difficult to attain 

than for the fully deterministic 2D model.  

In particular, it has been shown how the experimental design by isolating the knee extension 

exercise, and the key modelling parameters by characterising the knee CoR, MSK geometry 

and antagonist co-activation of the muscles can be incorporated in development of a 

simplified model to provide similar predictions as to a complex model.  

This suggests that simplified models can be used as a computationally-fast and simple tool in 

the hierarchical verification of the large-scale complex MSK models (in addition to the 

methods outlined in Section 2.4.2) to provide confidence in the results of the models. This is 

particularly helpful for assessing the outputs of the MSK software platforms (such as 

FreeBody) in which the process of verification and validation can become extremely 

challenging given the level of details involved in these models. That is why many studies in the 

literature used simplified models (especially in the knee joint; Section 2.2.8) as a sufficient way 

to estimate their parameters of interest.  

Despite the clear advantage and practicality of this approach, as well as the given limitations 

of the current verification techniques of the models (Section 2.4), the complex MSK software 

platforms have not been typically assessed using this technique (based on a simplified model) 

to gain confidence in the results. A single example that has been found among all of the studies 

reviewed in this thesis, is the work of Sandholm et al. (2011) in which they used the simplified 



222 

planar knee joint model of Yamaguchi et al. (1989) to assess the estimation of knee forces 

from AnyBody software. Yet, in their study a previously-developed simplified model of the 

knee joint was used which did not allow the modelling parameters to be controlled by the user 

during development of the model.  

However, it is clear that this approach can be implemented by careful characterisation of the 

experimental task during a planar activity in order to make valid simplifying assumption in 

development of the simplified model (as the case presented in this thesis), and this approach 

may introduce significant errors for analysing the performance of the model in the multi-

planar segmental motions (Glitsch et al., 1997). 

It is also apparent that this approach is not sufficient for full verification and validation of the 

models to provide an absolute truth about the results, and the limitations of both models may 

still be present (the limitations are described in the next section), although, it can be 

effectively used to provide confidence in the results by considering the limitations for specific 

applications.  

Another aspect of the application of this technique is providing a computationally-fast and 

practical way to investigate the sensitivity of the predictions to the key modelling parameters. 

This is crucial for implementing the large-scale MSK software platforms as the underlying 

modelling parameters in these models cannot be easily accessed by the user, which limits the 

control of the sub-models for investigating the sensitivity of the results in the verification 

process. This approach is taken in the next chapter to evaluate the sensitivity of the models 

to different definitions of the knee CoR.   

5.5.6 Limitations and further improvements of the models 

There are a number of limitations related to the MSK models in this chapter which should be 

further considered for improving the models and obtaining more accurate estimation of knee 

forces. 

The contribution of the knee joint ligaments in production of the joint moments was assumed 

to be negligible in the employed modelling techniques in this chapter (it was assumed that the 

resultant knee joint moments are primarily due to muscular activations). This assumption was 

mainly justified according to the experimental task (as the role of ligaments in providing joint 

stability is more apparent during intense activities as well as the activities with large 
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abduction-adduction and internal-external rotations) and also the small length of the moment 

arm of the ligaments during motion (Herzog et al., 1993). Although this assumption has been 

used in various knee joint models, the knee ligaments play a crucial role in maintaining the 

joint stability. Therefore, the functional role of the ligaments may be incorporated in the 

optimisation process (Cleather et al., 2011b) or in the simplified model of the knee (Cleather 

et al., 2014) for improving the estimation of knee muscle forces, especially for analysing the 

activities with high-intensity and multi-planar motion of the knee.  

Moreover, in the 2D model, it was assumed that the tibiofemoral joint reaction force acts 

through the joint CoR, therefore, its moment-generating capacity is negligible. Although this 

assumption has been commonly used in various studies of the knee joint (Tsaopoulos et al., 

2006), it may not be always valid as the knee CoR moves due to the tibiofemoral joint 

translations during motion (Chapter 6). Also, the magnitude of the joint reaction forces can be 

substantial during high-intensity activities. Therefore, the effect of tibiofemoral joint reaction 

forces on the estimated muscle forces relative to the movement of the knee CoR should be 

further investigated for improving the 2D model.  

In the 2D model, the MSK geometry of the patellar tendon in terms of the origin and insertion 

points were quantified using a quasi-static digitisation procedure by multiple calibration of the 

points at different intervals of the expected range of motion, to define the patellar tendon 

line of action during motion.  Although this approach has been used to improve the accuracy 

of the position of the anatomical landmarks during motion (Cappello et al., 1997), the 

reliability and practicality of this technique relative to the experimental task under 

investigation should be further evaluated.   

In this approach, it is assumed that the position of the anatomical landmarks with respect to 

the segment’s LCF is constant between the calibration postures. However, this method is 

limited to the assumption of linearity as it may not incorporate the true dependence of the 

soft tissue artefact on the movement pattern during the experimental task (Andriacchi et al., 

1998). The errors arising from implementation of this approach can be minimised by reducing 

the interval between the calibration postures and finding the optimal postures for digitisation. 

Additionally, the test-retest reliability of this method (the sensitivity to inter- or intra-

variability of the examiner) may be verified by investigating the sensitivity of the measured 

geometry to different examiners.  
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In FreeBody, the PCSA of the muscles were measured from the reported dataset of Klein 

Horsman et al. (2007) based on cadaveric dissection. However, there is evidence suggesting 

that the volume of the muscles in cadaveric studies can be substantially different from the 

actual muscle volumes (Handsfield et al., 2014). This can affect the maximum potential muscle 

forces used in the optimisation process. It is therefore important to incorporate an 

appropriate scaling for the PCSA of the muscles within the model to include the anatomical 

variability and estimate more accurate muscle forces.  

Another aspect for employing the optimisation-based models (such as FreeBody) is to consider 

the appropriate choice of cost function. The cost function should have a physiological meaning 

in representing the activity under analysis. The employed physiological criterion in the cost 

function used in FreeBody is based on the assumption that motor control strategies are 

chosen to minimise the muscle stresses. This may be appropriate for low-intensity activities 

(such as the experimental task in this thesis), however, it may not be useful for estimating the 

muscle forces during high-speed and high-intensity activities, due to different muscle 

engagement strategies in these activities (Arnold et al., 2013). Therefore, the degree to which 

a cost function can represent a physiologically-relevant strategy for the control of human 

movement should be considered with respect to the activity under investigation.   

A further limitation for estimating the muscle forces in FreeBody is the lack of dynamic muscle 

modelling. This means that the force-generating capacity of the muscle is assumed to be 

constant and independent of the force-length-velocity relationships during motion. This 

limitation may also become more apparent during activities with high acceleration when the 

time to generate force is an important determinant for the employed movement strategy. 

This also highlights the importance of inclusion of the ligaments’ activities and their 

interaction with muscle forces for providing joint stability; such that, when the muscles need 

time to generate forces in response to external forces, the ligaments are immediately 

responsible to change position due to the stress-strain relationship. Therefore, incorporation 

of the muscle dynamics within the models, such as Hill-type muscle models (Hill, 1938; 

Buchanan et al., 2004), especially during high-speed activities, should be considered in future 

applications to determine the maximum force of the muscle based on change in length of the 

musculotendon unit.  
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In FreeBody, the MSK geometry of the lower limb was determined using an MRI-driven dataset 

that was close to the mean size of the subjects. Although the geometry was scaled to match 

the size of each subject, it is evident that this approach does not represent a subject-specific 

model. Also, the MSK geometry in FreeBody uses discrete line elements to represent the 

muscles. This may limit some of the information regarding the 3D force production of the 

muscles and restricts the muscle volumes and its influence on altering the moment arms. 

Similarly, the muscular architecture in terms of wrapping objects and origins, via, and insertion 

points of the muscles may not perfectly represent the subject-specific configurations of the 

muscles which can lead to inaccuracies in the model’s outputs. This can be improved by 

including more details about the geometry of the muscles in the model, for example, by using 

alternative techniques that can more closely approximate the muscle paths, such as the 

method of Marsden et al. (2008). A more detailed description of the technical limitations of 

FreeBody has been discussed previously (Cleather et al., 2015; Ding et al., 2016). 

Moreover, the external forces acting on the thigh during knee extension were measured in 

terms of magnitude, direction and point of application as the inputs into FreeBody using a 

customised digital scale (Chapter 3). This measurement technique represents a simple 

approach for quantifying the external forces in which the accuracy of the magnitude of the 

applied forces was assessed through a static calibration procedure, the direction of the force 

was assumed to be perpendicular to the seat during knee extension, and a point load 

application of the force was assumed to act through a cylindrical foam underneath the 

subject’s thigh during the experimental task. Although these assumptions might be true during 

a controlled knee extension exercise and the magnitude of the forces may be small during 

low-intensity knee extension, the accuracy of these measurements should be further assessed 

by analysing the sensitivity of the estimated forces to possible variability in the direction of 

forces applied onto the scale during the dynamic trials. The assumption of a point load could 

have been strengthened through the use of a rigid cylinder, although this was not achievable 

for comfort reasons. Alternatively, a force plate system can be used for more accurate 

quantification of magnitude, direction and point of application of external forces to improve 

the accuracy of the kinetics input data into FreeBody.     
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5.6 Summary and conclusions   

This chapter presented a comparison between the results of the 2D model and FreeBody. The 

results were compared in terms of the knee joint flexion angles, patellar tendon forces and 

co-activation of the knee flexor muscles during knee extension. The calculated knee flexion 

angles and patellar tendon forces from the 2D model were in close agreement with the 

outputs of FreeBody with no statistically significant differences. The co-activation of the 

hamstring muscles during knee extension was found to have a negligible effect on the 

estimated knee extensor forces as evaluated from EMG measurements and the predictions of 

FreeBody.  

This chapter demonstrated how a simplified model of the knee extensor mechanism (the 2D 

model) can be developed by careful characterisation of the experimental and modelling 

parameters to make valid simplifying assumptions and obtain similar outputs as compared to 

a complex 3D MSK model (FreeBody). These experimental and modelling parameters were 

discussed to highlight the key parameters that led to similar outputs from the models. This 

chapter has shown that the difference between the level of the details and complexity in the 

models can be compensated by the design of the experimental task, specifically, by isolating 

the knee joint motion and the contraction of the knee extensor muscles, and also 

characterising the knee CoR, MSK geometry and moment arm in the same way for both 

models.  

In particular, the results were discussed to demonstrate how the knee CoR and patellar tendon 

moment arm can be characterised based on equivalent definitions in both models, and how a 

proposed empirical technique for direct in-vivo measurement of the patellar tendon geometry 

based on manual digitisation during motion can be implemented to obtain similar outputs 

from the models.  

The similarity between the results of the 2D model and FreeBody found in this chapter 

suggests that a simplified model can be used as a computationally-fast and effective tool for 

hierarchical verification of the large-scale MSK models to provide more confidence in the 

performance of the model. It is envisaged that this approach can be implemented along with 

the other verification methods to reduce the difficulties arising from the process of verification 

and validation of the MSK models as elaborated previously.
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 Chapter 6. The effect of the method of 

quantifying the knee centre of rotation and 

joint translation on the calculation of knee 

extensor forces
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6.1  Chapter overview  

This chapter presents a comprehensive investigation of the sensitivity of the knee extensor 

muscle forces during motion to different types of knee joint centre and axis of rotation, as 

well as the knee joint translations. The MSK models described in the previous chapters are 

used to estimate the patellar tendon forces using different geometric- and functional-driven 

knee CoR, each characterised as either fixed- or moving-CoR  that also includes the effect of 

joint translations. A technical analysis for determining the different methods of quantifying 

the knee CoR is presented, and the results are then compared to identify the effect of each 

method on the calculation of knee extensor muscle forces. The movement of the knee AoR 

during the experimental tasks is also visualised and superimposed on the skeletal anatomy to 

provide an insight into the relationship between anatomy and function of the knee. The results 

are then discussed in terms of the influence of joint translations on quantification of knee 

extensor forces and their clinical implications. This is followed by discussing the motion 

pattern of the knee AoR to indicate how changes in the anatomical location of the knee AoR 

can provide an understanding of the knee joint functional anatomy. 

6.2 Introduction   

Accurate quantification of joint CoR is crucial for developing subject-specific and clinically-

relevant MSK models, as characteristics of the joint CoR can highly influence the accuracy of 

the reconstructed joint kinematics (Woltring, 1994; Martelli et al., 2002; Marin et al., 2003; 

Schwartz et al., 2005; Schache et al., 2006) and kinetics (Holden et al., 1998; Nagano et al., 

2000) parameters. Variation in anatomical location of the joint CoR during motion influences 

the mathematical description of the relative segmental motion, as well as the length of the 

moment arms and, thus, muscle forces (Krevolin et al., 2004; Tsaopoulos et al., 2006; 

Navacchia et al., 2016). This effect becomes more apparent in the knee joint that includes a 

complex pattern of motion consisting of both rotation and translation which is not solely 

constrained by the joint geometry (Todo et al., 1999; Freeman et al., 2003; Freeman et al., 

2005). This highlights the sensitivity of the knee joint models’ predictions to the employed 

method for quantifying the knee CoR, especially at a subject-specific level. Therefore, accurate 

quantification of subject-specific CoR of the knee joint is essential for characterising the 

tibiofemoral motion and estimating the knee muscle forces.  
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6.2.1 Different types of knee axis and centre of rotation 

A wide range of methods have been proposed for defining the knee axis and centre of rotation 

in the literature, and the reliability and repeatability of each method to minimise the 

variability of the calculated kinematics parameters have been extensively discussed (Churchill 

et al., 1998; Martelli et al., 2002; Besier et al., 2003; Marin et al., 2003; Most et al., 2004; 

Asano et al., 2005; Schwartz et al., 2005; Schache et al., 2006; Ehrig et al., 2007; MacWilliams, 

2008; Pohl et al., 2010; Colle et al., 2012). As mentioned in the previous chapter, these 

methods can be categorised into geometric and functional techniques in which the CoR is 

either defined according to the joint geometry (anatomical landmarks of the joint) or 

functional motion of the tibiofemoral joint for a given range of motion. Some studies 

suggested using functional-driven CoR as the optimal CoR for evaluating the knee joint 

kinematics parameters (Martelli et al., 2002; Besier et al., 2003; Ehrig et al., 2007; 

MacWilliams, 2008; Colle et al., 2012), and some others used geometric-driven CoR for 

calculating the optimal joint kinematics (Most et al., 2004; Eckhoff et al., 2007). Moreover, a 

number of investigations showed that both methods (functional and geometric) may be used 

for quantifying the knee CoR (Churchill et al., 1998; Asano et al., 2005; Pohl et al., 2010). 

However, it should be noted that the findings in these studies were based on the analysis of 

joint kinematics to minimise kinematics errors without considering muscle forces. 

A key advantage of using the functional-based methods is that the CoR can be determined in-

vivo independently from the position of the anatomical landmarks which are subject to large 

soft tissue artefacts (such as femoral epicondyles) when surface motion measurements are 

made, unlike geometric-based techniques which rely on the accuracy of the position of the 

anatomical landmarks and assumption of normal anatomy (MacWilliams, 2008). Thus, 

functional-driven CoR can particularly be useful in repeated measures studies by improving 

the reproducibility of the measurements.  

Consequently, functional methods have been used in different activities such as running (van 

den Bogert et al., 2008; Pohl et al., 2010) and walking (Shiavi et al., 1987; Besier et al., 2003; 

Schache et al., 2006) and they have typically been found to be more repeatable, especially 

when manual identification of the anatomical landmarks is difficult (Besier et al., 2003; 

Schache et al., 2006; Ehrig et al., 2007). Functional methods have also been found to be useful 

for intraoperative kinematics evaluation in various clinical applications (Martelli et al., 2002), 
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such as implant positioning during TKA (Asano et al., 2005; Colle et al., 2012), and analysing 

the effect of OA (Colle et al., 2012), cruciate ligament pathologies (Jonsson et al., 1994; Besier 

et al., 2003; Blaha et al., 2003; Wolf et al., 2007), and cerebral palsy (Ramakrishnan et al., 

1991).  

On the other hand, geometric-driven CoR has also been frequently used as a reliable reference 

for analysing the knee joint kinematics in various clinical applications, particularly in TKA  

(Hollister et al., 1993; Churchill et al., 1998; Most et al., 2004; Eckhoff et al., 2007). Therefore, 

the characteristics of both functional- and geometric-CoR are investigated in this chapter.  

Amongst several studies exploring the dependency of the knee joint models on variation in 

the definition and type of the knee CoR, most studies have assessed the sensitivity of the 

kinematics parameters and anatomical location of the CoR (Hart et al., 1991; Martelli et al., 

2002; Marin et al., 2003; Smith et al., 2003; Most et al., 2004; Schache et al., 2006; Ehrig et al., 

2007; MacWilliams, 2008), and only a few studies have investigated the effect on the joint 

moments (Holden et al., 1998; Besier et al., 2003) and muscle moment arms (Tsaopoulos et 

al., 2006). The effect of variation in different definitions of the knee CoR on the estimated 

muscle forces, however, has not been thoroughly evaluated. This is an important modelling 

parameter for verification of the knee muscle forces which is elaborated in this chapter. 

6.2.2 Fixed and moving CoR  

In addition to the employed method for defining the type of the knee CoR, the CoR can be 

characterised either as fixed or moving with respect to the femur during motion. The CoR in 

the aforementioned studies have been mainly investigated with a focus on the effect of the 

type of CoR (functional and geometric) on the kinematics parameters, and the sensitivity of 

the models to characteristics of CoR in terms of fixed- or moving-CoR has not been evaluated. 

This is a critical modelling parameter in the knee joint models as the tibiofemoral joint motion 

includes both rotations and translations. Moving-CoR enables the translations to be 

characterised, whereas a fixed-CoR neglects the translations during motion (thereby, 

modelling the knee as a hinge or spherical joint; Section 2.2.8.1).  
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Although the importance of the tibiofemoral joint translations has been clearly demonstrated 

in several investigations (Freeman, 2001; Freeman et al., 2003; Smith et al., 2003; Freeman et 

al., 2005), the knee CoR was assumed to be fixed in various clinical (Hollister et al., 1993; 

Churchill et al., 1998; Asano et al., 2005), and biomechanics (Reichl et al., 2010; van den Bogert 

et al., 2013) studies as well as in the default setting of various MSK software platforms, such 

as HBM software (van den Bogert et al., 2013) and various instantiations of the OpenSIM knee 

models (Xiao et al., 2008). This suggests that in addition to the type of CoR, the effect of 

tibiofemoral joint translations on the models’ outputs, especially on the estimated muscle 

forces, needs to be subjected to a comprehensive scientific scrutiny under in-vivo conditions, 

particularly for clinical applications of the models. In other words, the effect of the 

characteristics of the knee CoR (in terms of moving- and fixed-CoR) on the kinematics 

parameters as well as muscle forces should be evaluated, in addition to the type of knee CoR, 

for accurate quantification of knee forces.  

Therefore, the aim of this chapter is to investigate the effect of both functional- and 

geometric-driven knee CoR, along with their characteristics in terms of moving- and fixed-CoR, 

on the knee extensor muscle forces (aggregated as patellar tendon forces) during the dynamic 

experimental task.  

6.3 Methods 

The geometric-CoR of the knee was determined as the epicondylar axis of the femur (the line 

connecting the prominence of the medial and lateral femoral epicondyles). This axis has been 

widely used as a reliable reference axis for characterising the geometric CoR (Churchill et al., 

1998; Most et al., 2004). 

The functional knee CoR was determined using the HA representation of motion. This method 

has also been commonly used as a reliable technique for characterising the functional knee 

CoR (Spoor et al., 1980; Woltring et al., 1985b; Shiavi et al., 1987; Blankevoort et al., 1990; 

Besier et al., 2003; Krevolin et al., 2004; Sheehan, 2007; MacWilliams, 2008; van den Bogert 

et al., 2008). In this method, the 6-DoF joint motion is described in terms of a rotation about, 

and a translation along a unique axis known as HA (as described in Chapter 2). This axis can be 

calculated using the tibiofemoral description of motion in terms of a finite HA (FHA) or 

instantaneous HA (IHA) according to the motion between two finite or infinitesimal distinct 
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positions of the tibia with respect to the femur. The IHA continuously changes during motion, 

thus, it was used as the method for quantifying the functional-moving CoR. The FHA can 

provide an approximation of the IHA for a given range of motion (de Lange et al., 1990; 

Sheehan, 2007), therefore, it was used as the method for quantifying the functional-fixed CoR 

by calculating an optimal FHA for the entire range of motion tested in this thesis. The 

calculations of these techniques are described in the next section.    

Therefore, the epicondylar axis of the femur and HA were used in this chapter to quantify the 

geometric and functional flexion-extension AoR in terms of both fixed- and moving-AoR. For 

each method, the flexion-extension AoR in the knee JCS (Chapter 4) was redefined based on 

the new definition of the AoR, and the knee CoR was recalculated using the new axis as the 

intersection with the sagittal plane of the femur (MacWilliams, 2008; van den Bogert et al., 

2008; Pohl et al., 2010). The patellar tendon force was then calculated based on each 

definition of the knee CoR. 

The experimental data used in this chapter were obtained from the experimental 

measurements described in Chapter 3, which 11 subjects conducting the knee extension 

exercise.   

6.3.1 Classification of the knee joint centre of rotation 

Six different techniques were used to represent the geometric- and functional-CoR in terms 

of fixed- and moving-CoR with respect to the femur. Four different techniques were used to 

quantify the geometric-fixed and geometric-moving CoR (each represented by two different 

techniques), and two approaches were used to quantify the functional-fixed and functional-

moving CoR (Table 6.1) . These methods are described in the following sections.  

 Geometric Functional 

Moving-CoR FreeBody (FB) and the 2D model (2DM) Instantaneous helical axis (IHA) 

Fixed-CoR 
Manual digitisation (Dig) and reflective 

markers (Mrk) 
Optimal helical axis (OHA) 

Table 6.1. Summary of the methods for quantifying the geometric, functional, moving and 
fixed knee CoR. 
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6.3.1.1 Geometric-moving CoR: FreeBody (FB) and the 2D model (2DM) 

The geometric-moving CoR of the knee joint during knee extension was quantified using two 

methods based on the position of the epicondylar axis. In this way, the epicondylar axis was 

determined based on manually-digitised epicondyles of the femur as the line connecting the 

epicondyles and the central axis of a fitted cylinder to the femoral epicondyles, and it was 

characterised to be fixed relative to the tibia but moving with respect to the femur (as 

described for the 2D model and FreeBody in Chapter 4). In other words, the results from the 

2D model and FreeBody (as presented in Chapter 5) were used to represent the two methods 

of geometric-moving CoR in this chapter.  

6.3.1.2 Geometric-fixed CoR: Manual digitisation (Dig) and reflective markers (Mrk)  

The geometric-fixed CoR of the knee joint during knee extension was quantified using two 

approaches including manually-digitised calibration of the femoral epicondyles (Dig) and using 

the reflective markers (Mrk). In this way, the epicondylar axis of the femur was quantified 

using manual digitisation and reflective markers during the calibration trials (Section 3.8.2), 

and it was set to be fixed with respect to the ACF of the femur, representing a fixed definition 

for the geometric knee CoR during motion.   

6.3.1.3 Functional-moving CoR: instantaneous helical axis (IHA) 

The functional moving-CoR of the knee was determined using the intersection of the IHA with 

the sagittal plane of the femur during knee extension. In this approach, the IHA of motion was 

calculated using the displacements of the tibia from one position to another, relative to the 

femur (as described in Section 2.2.8.2). This means that for each rotation increment of the 

tibia, the tibia rotates around, and translates along the IHA to reach its next position with 

respect to the femur. In this way, the IHA moves as a function of knee flexion angle during 

tibiofemoral motion, therefore, it can represent a combination of rotation and translation 

(moving CoR) of the knee joint. The mathematical calculation of this method is described in 

Section 6.3.2.  

6.3.1.4 Functional-fixed CoR: the optimal helical axis (OHA) 

The functional-fixed CoR of the knee was characterised using an optimal HA (OHA). The OHA 

was quantified in terms of an optimal point (Popt) and optimal direction (nopt) based on the 

mean HA closest to all IHAs. In this approach, it was assumed that the OHA can provide an 
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approximation of the IHA during motion (Besier et al., 2003; Doro et al., 2008; Pohl et al., 

2010), therefore, it was used to represent the functional-fixed AoR of the knee with respect 

to the femur, and the knee CoR was defined as the intersection of the OHA with the sagittal 

plane of the femur. The calculation of the OHA based on the IHAs is described in the next 

section. 

6.3.2 Quantification of IHA  

The IHA was calculated using the tibiofemoral description of motion as described in Chapter 

4. In this way, the displacement of the tibia at two distinct positions relative to the femur was 

calculated using Equation 6.1:  

[TTib(i)
Tib(j)

]
Fem

= [TTib
Fem(j)][TFem

Tib (i)] 
6.1 

where TTib
Fem and TFem

Tib  were determined from Equation 4.79 representing the position and 

orientation of the tibia relative to the femur for a given time frame, and TTib(i)
Tib(j)

 denotes the 

transformation of the tibia from one position (i) to another (j). 

The increment between the two positions of the tibia (i and j) may not necessarily represent 

the immediate adjacent time frame of the initial position of the tibia, and it depends on the 

employed method for calculating the IHA. This increment can be calculated using different 

time- or rotation-steps of motion, and it is a highly sensitive parameter for computing the IHA.   

The transformation found in Equation 6.1 was then used to quantify the IHA parameters for a 

given increment with respect to the ACF of the femur. These parameters include the IHA 

rotation (ω), translation (t) and direction cosines (n), and a point on the IHA (P), which is 

described as the intersection of the IHA with the sagittal plane of the femur.  

Different numerical algorithms have been used for computing the IHA parameters mainly 

varying in: the employed method for sampling the increments of motion, the tibiofemoral 

range of motion of the activity, the calculation of the tibiofemoral transformation, and the 

numerical optimisation in the algorithm (Kinzel et al., 1972; Smidt, 1973; Spoor et al., 1980; 

Woltring et al., 1985a; Woltring et al., 1985b; Shiavi et al., 1987; Blankevoort et al., 1990; de 

Lange et al., 1990; Ramakrishnan et al., 1991; Woltring et al., 1994; Martelli et al., 2000; 

Martelli et al., 2002; Ehrig et al., 2007). The method of Spoor et al. (1980) was used here due 
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to its numerical stability (Kinzel et al., 1972; Besier et al., 2003; Johnson et al., 2004; Krevolin 

et al., 2004; Sheehan, 2007; Doro et al., 2008; van den Bogert et al., 2008; Niesche et al., 2009). 

Given the general form of the transformation matrix:  

[TTib(i)
Tib(j)

]
Fem

= [

T1,1 T1,2 T1,3 T1,4

T2,1 T2,2 T2,3 T2,4

T3,1 T3,2 T3,3 T3,4

0 0 0 1

] 6.2 

The IHA rotation (ω) and direction cosines (n) can be calculated using Equations 6.3 and 6.4  

(Spoor et al., 1980):  

ω = sin−1 (
√(T3,2 − T2,3)2 + (T1,3 − T3,1)2 + (T2,1 − T1,2)2

2
) 6.3 

nx =
T3,2−T2,3

2 sin(ω)
;  ny =

T1,3−T3,1

2 sin(ω)
;  nz =

T2,1−T1,2

2 sin(ω)
  6.4 

where ω denotes the instantaneous rotation about the HA, and nx, ny and nz represent the 

IHA direction cosines. 

The translation along the IHA (t) and the location of a point on the IHA (P) can be calculated 

by solving Equation 6.5 (Kinzel et al., 1972):  

[

T1,1 − 1 T1,2 T1,3

T2,1 T2,2 − 1 T2,3

T3,1 T3,2 T3,3 − 1
] [

Px

Py

Pz

] = [

t nx − T1,4

t ny − T2,4

t nz − T3,4

] 6.5 

where Pz was set to be zero to solve for the intersection of the IHA with the femoral sagittal 

plane.  

6.3.3 IHA accuracy 

Several studies have investigated the sensitivity of the IHA parameters to the experimental 

and numerical factors to minimise errors in computation of the IHA (Spoor, 1984; Woltring et 

al., 1985b; de Lange et al., 1990; Johnson et al., 2004; Ehrig et al., 2007). The IHA parameters 

have been found to be highly susceptible to the accuracy of the kinematics data and the 

selected displacement increment in which the IHA is calculated (Panjabi, 1979; Soudan et al., 

1979; Spoor, 1984; Woltring et al., 1985b).  
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Filtering and smoothing techniques (Chapter 2) have been effectively used for minimising the 

measurement errors in kinematics input data to improve the accuracy of the IHA parameters 

(de Lange et al., 1990). For example, the errors in the IHA parameters were reduced by two 

orders of magnitude using the smoothing approach in the work of de Lange et al. (1990).   

In addition, the size of the selected displacement increment for computing the IHA (i and j) 

has been found to be inversely proportional to the accuracy of the IHA parameters (Panjabi, 

1979; Soudan et al., 1979; Spoor, 1984; Woltring et al., 1985b). This means that the errors 

increase by decreasing the size of the displacement increment of the motion, and small 

increments can lead to numerically-unstable and unrealistic IHA parameters. However, large 

increments may not be sufficient for characterising the IHA during a continuous range of 

motion and it can lead to under-sampling of the motion.  

Therefore, an optimal displacement increment is required for computing the IHA parameters. 

The optimal increment should be small enough to sufficiently represent the instantaneous 

range of motion, and at the same time large enough to compute reliable IHA parameters. Also, 

the optimal increment should be determined by considering the entire range of motion of 

interest and the knee flexion angles for which the IHA parameters need to be calculated. The 

calculated IHA in some studies were unable to represent all knee flexion angles in the entire 

range of motion, and part of the motion under investigation was excluded for analysing the 

IHA parameters due to the selection of a relatively large displacement increment for 

computing the IHA (Hart et al., 1991; Sheehan, 2007). For example, Hart et al. (1991) analysed 

a range of knee flexion angles from 90° to 0°, but the IHA parameters were presented for a 

range of 20° to 80° due to the employed large magnitude of the rotation increment.  

The sensitivity of the IHA parameters to the size of the displacement increment has been 

explored in various knee studies to determine a reliable increment depending on the 

application of the study (Blankevoort et al., 1990; Johnson et al., 2004; Niesche et al., 2009). 

In these studies, an optimal increment ranging from 2° to 45° was reported for calculating the 

IHA parameters (Blankevoort et al., 1990; Martelli et al., 2000; Martelli et al., 2002; Johnson 

et al., 2004; Ehrig et al., 2007; MacWilliams, 2008; Niesche et al., 2009). 
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Most studies used relatively large increments for calculating reliable IHA parameters. For 

example, a minimum displacement increment of 10° (Panjabi, 1979; Ehrig et al., 2007) and 15° 

(Krevolin et al., 2004; Niesche et al., 2009) was found to be necessary to substantially reduce 

the IHA parameters’ errors. 

However, the large increment size can make the calculated HA less predictive of the actual 

IHA, as it is not determined during instantaneous sampling of the motion. In this case, the HA 

has been typically considered as a finite HA representing a single fixed axis during the 

employed displacement increment, while it can change at every displacement increment 

(Dennis et al., 2005; Colle et al., 2012; Wilson et al., 2014).  

The optimal displacement increment can be calculated based on either time frames (Johnson 

et al., 2004; Dennis et al., 2005) or rotation angles of the motion (de Lange et al., 1990). In the 

time-frame-based approach, the optimal increment is calculated based on equidistant time 

frame of motion, and an angular velocity criterion is typically defined in order to minimise the 

errors due to acceleration or deceleration parts of the motion. For example, Sheehan (2007) 

used every successive time frame of the motion as the increments for calculating the IHA 

parameters and used a limit of 17°/sec such that the IHA was calculated for the knee rotation 

with velocity greater than this.  

In the rotation-based approach, the increment is determined based on a rotation increment 

derived from the knee flexion angles, and the IHA is calculated at every pre-defined angular 

rotation of the motion (Martelli et al., 2002; MacWilliams, 2008). For example, MacWilliams 

(2008) determined the IHA parameters at every 5° knee flexion angles, and Martelli et al. 

(2002) used every 2° increments of motion.  

The rotation-based technique is useful as the motion under investigation is not always 

performed with constant angular velocity, and this technique can ensure the IHA is calculated 

for a certain rotation. This is important as the IHA parameters are prone to large errors when 

the motion approaches zero velocity. This type of motion can be inevitably be seen for the 

knee joint during different activities, such as in gait during initiation and termination of the 

stance and swing phases, or transition from flexion to extension (Veldpaus et al., 1988; 

Johnson et al., 2004). Therefore, using knee rotation angles for selecting the displacement 

increment can be more beneficial to ensure the IHA is calculated at the required joint rotation, 

and to avoid the large errors due to these parts of the motion.  
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Although the angular velocity of the experimental task in this thesis was controlled by a 

dynamometer (Chapter 3), there still might be some part of the motion with acceleration and 

deceleration, and the angular velocity of the motion may not be absolutely constant for the 

entire range of motion. Therefore, a rotation-based technique was used in this chapter for 

calculating an optimal increment size defined based on a knee flexion angle criterion.  

Consequently, in this chapter, both experimental and numerical source of errors (accuracy of 

the kinematics data and the displacement increment) were considered for computing the IHA 

parameters. The errors in the kinematics data were minimised using the calibration and 

filtering techniques as described in Chapter 3. The errors due to the size of the displacement 

increment was minimised by calculating an optimal increment size based on the knee rotation 

angles during motion for each subject (Table 6.2). 

6.3.3.1 The optimal displacement increment size   

The optimal increment size for each subject was determined by testing different increment 

sizes ranging from 1° to 40° and finding the increment with minimum dispersion of the IHAs 

with respect to an optimal HA (OHA) such that the IHAs can represent the entire range of 

motion of interest according to the number of calculated IHAs.  

In this way, the IHAs for each increment size were derived by testing every possible two time 

frames of the motion (
f(f−1)

2
; f: total number of time frames) that can generate the given 

rotation increment. In other words, the IHAs for each rotation increment were defined by 

every possible knee flexion angles at time frame i (αi) and time frame j (αj) such that αj −

αi = the increment size. 

The corresponding knee flexion angle for each IHA was then defined as the mid-point of the 

rotation increment (Hart et al., 1991) as expressed in Equation 6.6:  

αIHA =
αi + αj

2
 6.6 

where αIHA shows the corresponding knee flexion angle for the calculated IHA, and αi and αj 

represent the knee flexion angles at the beginning (αi) and end (αj) of the rotation increment. 

The OHA, for each increment size, was quantified in terms of an optimal point (Popt) and an 

optimal direction vector (nopt). The optimal point was determined as the mean point closest 
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to all IHAs in a least-squared sense (the point with smallest distance to all IHAs) using 

Equations 6.7, 6.8 and 6.9 according to the method of Stokdijk et al. (1999): 

Popt = Q−1.
1

N
 ∑ Qk. Pk

N

k=1

 6.7 

where N denotes the number of IHAs for the given increment size, and, 

Q =
1

N
∑ Qk

N

k=1

 6.8 

and,  

Qk = I − nk. nk
T 6.9 

Analogous to the computation of Popt, the optimal direction vector (nopt) was calculated as 

the vector passing through the optimal point with smallest angle to the surrounding IHAs 

(Veeger et al., 1996; Stokdijk et al., 1999).  

The IHA dispersion was then quantified with respect to the OHA using Equations 6.10 and 6.11 

(Veeger et al., 1996; Stokdijk et al., 1999):  

Pd = 
1

N
∑|(Popt − Pk)|

N

k=1

 6.10 

and,   

nd = 
1

N
∑ cos−1( nopt. nk)

T

N

k=1

 6.11 

where Pd and nd represent the position and orientation dispersion of the calculated IHAs 

(Figure 6.1 and Figure 6.2). 

Finally, the optimal increment size for each subject was determined as the increment with 

minimum IHA dispersion such that the corresponding knee flexion angles of the IHAs 

(Equation 6.6) can cover the full range of motion during the experimental task 
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(10° < αIHA <90°). This produces an increment size with minimum position (Pd) and direction 

(nd) dispersion (maximum increment size) such that:  

 {

(αIHA)MAX ≥ 90°
 

(αIHA)MIN ≤ 10° 
 

 6.12 

where (αIHA)MAX and (αIHA)MIN denote the maximum and minimum of the IHA 

corresponding knee flexion angles calculated for a given increment size. The conditions in 

Equation 6.12 were used to ensure that the IHAs can represent the knee flexion angles of the 

entire range of motion under analysis ( from 90° to 10°; a total range of motion of 80°).  

This process was repeated for every increment size ranging from 1° to 40° rotation increment 

to calculate the optimal rotation increment of each subject (Table 6.2).  
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Subject 

number 

Optimal 

increment 

size (°) 

(𝛂𝐈𝐇𝐀)𝐌𝐀𝐗  

(°)  

(𝛂𝐈𝐇𝐀)𝐌𝐈𝐍   

(°)  
𝐏𝐝 (mm) 𝐧𝐝 (°) 

Number of 

IHAs 

1 5 95.5 9.7 27.1 0.2 373 

2 7 90.1 8.2 23.4 0.3 437 

3 16 91.8 9.8 25.1 0.1 342 

4 8 92.4 9.7 18.1 0.1 395 

5 1 90.3 9.5 101.7 0.2 559 

6 10 91.9 9.8 52.5 0.2 287 

7 3 93.1 9.9 20.7 0.1 355 

8 5 90.4 8.2 17.2 0.2 235 

9 2 91.8 10 21.5 0.2 482 

10 2 90 9.9 31.7 0.1 362 

11 1 99.1 9.7 24.8 0.2 435 

Mean (SD) 5.5 (4.6) 92.4 (2.7) 9.5 (0.7) 33.1 (24.7) 0.2 (0.1) 387.5 (89.7) 

Table 6.2. The optimal rotation increment size to calculate IHA. The optimal increment is 
presented with the maximum, (𝛂𝐈𝐇𝐀)𝐌𝐀𝐗, and minimum, (𝛂𝐈𝐇𝐀)𝐌𝐈𝐍, representative knee 
flexion angle of the IHA, and the respective position (𝐏𝐝) and orientation (𝐧𝐝)  dispersion 
IHA relative to the OHA. SD denotes the standard deviation of the mean.  

Figure 6.1 and Figure 6.2 show the mean IHA point (Pd) and orientation (nd) dispersion for all 

subjects as a function of the rotation increment size, and the mean total range of motion 

calculated as the difference between (αIHA)MAX and (αIHA)MIN for each increment size. The 

IHA dispersion decreases by increasing the increment size, while the total range of motion 

decreases.  
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Figure 6.1. The IHA direction dispersion as a function of rotation increment size, and the 
corresponding total range of motion that can be represented by IHA. The error bars indicate 
the standard deviation.  
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Figure 6.2. The IHA point dispersion as a function of rotation increment size, and the 
corresponding total range of motion that can be represented by IHA. The error bars indicate 
the standard deviation. 

6.4 Results 

6.4.1 Patellar tendon forces using different knee CoR 

Figure 6.3 shows the mean patellar tendon forces (Fp) for all subjects calculated using the six 

different knee CoR as a function of knee flexion angle during the dynamic trials.    
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Figure 6.3. Mean patellar tendon forces (N=11) for different knee CoR. Standard deviations 
are presented in Table 6.3, and excluded in the figure for clarity.  

Table 6.3 presents the values of the mean patellar tendon forces (Fp) calculated from different 

knee CoR at every 5° of knee flexion angle of the range of motion during knee extension. The 

mean patellar tendon force changed from 797 N to 1167 N depending on the employed 

method for quantifying the knee CoR.  
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 Geometric-moving Geometric-fixed 
Functional-

moving 

Functional-

fixed 

Flexion 

angle (°) 

FB 2DM Dig Mrk IHA OHA 

𝐅𝐩 (N) SD 𝐅𝐩 (N) SD 𝐅𝐩 (N) SD 𝐅𝐩 (N) SD 𝐅𝐩 (N) SD 𝐅𝐩 (N) SD 

90 305 159 280 171 461 317 228 123 437 445 250 154 

85 455 188 462 204 747 392 411 181 562 435 424 209 

80 608 233 624 246 1030 489 593 242 685 450 591 271 

75 751 263 767 269 1251 555 755 278 800 465 732 325 

70 871 274 886 278 1418 603 902 307 907 461 846 361 

65 968 289 973 285 1530 622 1029 338 1004 449 943 391 

60 1032 303 1024 294 1597 618 1136 373 1074 418 1014 416 

55 1071 326 1052 307 1615 608 1220 419 1139 404 1060 450 

50 1090 337 1071 323 1593 591 1272 467 1152 443 1088 486 

45 1076 337 1078 338 1551 584 1304 525 1094 399 1116 543 

40 1053 349 1056 349 1508 603 1345 622 1049 382 1130 590 

35 1015 366 1003 356 1416 601 1360 709 986 398 1110 630 

30 955 379 924 364 1258 579 1319 739 894 417 1015 624 

25 858 381 818 368 1058 550 1215 715 738 368 868 585 

20 727 372 673 361 853 504 1045 654 621 339 706 545 

15 564 362 503 349 604 482 765 626 456 300 527 539 

10 395 340 348 357 346 412 449 561 262 286 341 521 

Mean 811 309 797 307 1167 536 962 463 815 403 809 449 

SD of the 

mean 
260 67 268 59 426 90 366 198 274 54 291 145 

95% CI 

for the 

mean 

LB 637 264 617 268 881 475 716 330 631 367 614 352 

UB 986 354 977 346 1453 597 1208 597 999 440 1005 547 

Table 6.3. The calculated patellar tendon forces (𝐅𝐩) as a function of knee flexion angle 

during knee extension for different knee CoR. SD, CI, UB and LB represent the standard 
deviation, confidence interval, and the upper and lower bounds of the confidence interval 
respectively. 
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The calculated patellar tendon forces (Fp) for each individual subject based on the six different 

knee CoR as a function of knee flexion angle during the dynamic trials are indicated in Figure 

6.4. 

 

Figure 6.4. Patellar tendon forces for each subject using different knee CoR. The method of 
quantification of knee CoR is represented using different colours.  

6.4.2 Statistical analysis  

A two-way repeated-measures ANOVA was conducted to determine if the main effect of the 

type of knee CoR (with 6 levels representing each method of quantifying the knee CoR) on the 

estimated patellar tendon forces (the dependent variable) at different knee flexion angles 

(with 17 levels representing every 5° of knee flexion angle in the range of motion) is 

statistically significant, and to identify if there is a statistically significant two-way interaction 

between the knee CoR type and flexion angle (if the effect of the different method of 

quantifying the CoR on the estimation of patellar tendon force depends on the knee flexion 

angle).  

Analysis of the residuals showed that the data were normally distributed based on the 

Shapiro-Wilk test of normality (p > 0.05). The assumption of sphericity for the main effect of 
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the knee CoR type and the interaction effect was not met as assessed by the Mauchly’s test 

of sphericity (p < 0.05), therefore, a Greenhouse-Geisser correction was applied (Table 6.4). 

 
Greenhouse-Geisser 

correction (ɛ) 

Significance 

(p-value) 

Main effect of the knee CoR method 0.559 0.0005 

Interaction effect of the knee CoR 

method × flexion angle 
0.058 0.001 

Table 6.4. The results of the two-way repeated-measures ANOVA to investigate the main 
effect of the knee CoR method, and the interaction effect between knee CoR method and 
flexion angle. p < 0.05 indicates statistically significant effect at an alpha level of 0.05. 

Table 6.4 shows that the main and interaction effects were statistically significant. This means 

that the overall effect of the knee CoR type on estimation of the patellar tendon forces is 

statistically significant across the range of motion, and also the influence of the knee CoR type 

depends on the knee flexion angle for which the tendon force is calculated.   

Therefore, the two-way repeated-measures ANOVA was followed by one-way repeated- 

measures ANOVA tests with post-hoc analysis at each flexion angle to identify whether the 

effect of the six methods of quantifying the knee CoR (the within-subject factor with 6 levels) 

on the patellar tendon forces at each level of knee flexion angle was statistically significant. 

Thus, 17 separate tests were performed to investigate every 5° of knee flexion angle in the 

range of motion. In each test, the data were assessed to be normally distributed using the 

Shapiro-Wilk test of normality (p > 0.05). Also, the assumption of sphericity was assessed by 

the Mauchly’s test of sphericity and a Greenhouse-Geisser correction was applied when the 

assumption was violated (p < 0.05). Once a statistically significant difference was observed a 

post-hoc pair-wise comparison with a Bonferroni adjustment was made to determine which 

methods of quantifying the knee CoR were statistically significant from each other (Table 6.5).  
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Table 6.5. The results of one-way repeated-measures ANOVA tests indicating the main 
effect of the method of quantifying the knee CoR on the patellar tendon forces at each 
flexion angle, and pair-wise comparison of the estimated patellar tendon forces using the 
six methods of quantifying the knee CoR. SD and Diff represent the standard deviation and 
mean difference of the patellar tendon forces. * denotes p < 0.05.   

Table 6.5 depicts that the method of quantifying the knee CoR elicited statistically significant 

changes in the mean patellar tendon forces at all knee flexion angles except at the beginning 

(90°) and end of knee extension (10°). The pair-wise comparison of the knee CoR methods 

FB 

vs. 

2DM

FB 

vs. 

Dig.

FB 

vs. 

Mrk.

FB 

vs. 

OHA

FB 

vs. 

IHA

2DM 

vs. 

Dig.

2DM 

vs. 

Mrk.

2DM 

vs. 

OHA

2DM 

vs. 

IHA

Dig. 

vs. 

Mrk.

Dig. 

vs. 

OHA

Dig. 

vs. 

IHA

Mrk. 

vs. 

OHA

Mrk. 

vs. 

IHA

OHA 

vs. 

IHA

Mean 

diff.    

±SD 

Diff. (N) 24 156 77 55 132 181 53 30 157 233 211 24 22 209 187 117

p-value 0.1 0.09 0.00* 0.15 0.27 0.06 0.02* 0.06 0.19 0.02* 0.26 0.82 0.14 0.1 0.13 ±79

Diff. (N) 8 292 44 31 108 284 52 38 100 336 323 184 14 152 138 140

p-value 0.3 0.02* 0.05* 0.19 0.28 0.02* 0.02* 0.1 0.3 0.01* 0.01* 0.1 0.58 0.15 0.19  ±117

Diff. (N) 17 422 15 16 77 406 32 33 60 437 439 345 1 92 93 166

p-value 0.11 0.01* 0.63 0.62 0.37 0.01* 0.22 0.33 0.47 0.00* 0.00* 0.01* 0.97 0.33 0.31 ±182

Diff. (N) 16 500 4 19 49 484 12 35 33 496 519 451 23 45 68 184

p-value 0.18 0.01* 0.92 0.69 0.53 0.01* 0.76 0.45 0.67 0.00* 0.00* 0.01* 0.65 0.63 0.43 ±225

Diff. (N) 15 547 32 24 37 532 16 40 21 515 571 510 56 5 61 199

p-value 0.32 0.01* 0.58 0.7 0.61 0.01* 0.76 0.47 0.76 0.01* 0.00* 0.01* 0.41 0.96 0.43 ±247

Diff. (N) 5 562 62 25 36 557 56 30 31 501 587 526 86 25 61 210

p-value 0.77 0.01* 0.35 0.74 0.6 0.01* 0.35 0.63 0.63 0.01* 0.00* 0.01* 0.28 0.8 0.35 ±248

Diff. (N) 8 565 104 17 42 573 112 9 50 461 582 523 122 62 60 219

p-value 0.66 0.01* 0.13 0.82 0.52 0.01* 0.11 0.9 0.4 0.01* 0.00* 0.01* 0.15 0.53 0.33 ±239

Diff. (N) 19 545 149 11 69 564 168 8 88 396 555 476 159 80 79 224

p-value 0.34 0.00* 0.03* 0.89 0.18 0.00* 0.03* 0.92 0.09 0.01* 0.00* 0.01* 0.07 0.33 0.2 ±215

Diff. (N) 19 503 182 3 62 522 200 16 81 321 506 441 184 120 64 215

p-value 0.3 0.00* 0.01* 0.98 0.21 0.00* 0.02* 0.86 0.11 0.01* 0.00* 0.01* 0.05* 0.14 0.41 ±193

Diff. (N) 2 475 228 40 18 473 226 38 16 247 435 457 188 210 22 205

p-value 0.93 0.00* 0.02* 0.73 0.74 0.00* 0.03* 0.72 0.73 0.02* 0.01* 0.01* 0.13 0.1 0.84 ±182

Diff. (N) 3 455 292 77 3 452 289 74 7 163 378 458 215 296 80 216

p-value 0.9 0.00* 0.03* 0.56 0.96 0.00* 0.03* 0.54 0.9 0.11 0.03* 0.01* 0.16 0.07 0.49 ±171

Diff. (N) 12 401 346 96 29 413 357 108 17 56 306 430 250 374 124 221

p-value 0.62 0.01* 0.03* 0.5 0.63 0.00* 0.03* 0.42 0.75 0.58 0.06 0.01* 0.15 0.04* 0.29 ±162

Diff. (N) 31 303 364 59 62 334 395 91 30 61 244 365 305 426 121 213

p-value 0.12 0.01* 0.03* 0.65 0.24 0.01* 0.02* 0.47 0.55 0.55 0.11 0.01* 0.07 0.01* 0.28 ±150

Diff. (N) 40 200 357 10 119 241 397 50 79 157 191 320 347 477 129 208

p-value 0.01* 0.04* 0.02* 0.92 0.01* 0.02* 0.01* 0.63 0.1 0.15 0.14 0.01* 0.02* 0.01* 0.22 ±144

Diff. (N) 53 126 318 21 106 179 371 32 53 192 147 232 339 424 85 179

p-value 0.01* 0.1 0.02* 0.78 0.03* 0.02* 0.01* 0.69 0.22 0.06 0.15 0.02* 0.01* 0.01* 0.4 ±131

Diff. (N) 60 40 202 36 107 100 262 24 47 162 76 147 238 309 71 125

p-value 0.04* 0.56 0.1 0.61 0.06 0.15 0.04* 0.74 0.23 0.04* 0.33 0.11 0.02* 0.04* 0.47 ±91

Diff. (N) 47 49 53 55 134 2 101 7 86 102 6 84 108 187 79 73

p-value 0.09 0.33 0.53 0.46 0.06 0.98 0.26 0.92 0.18 0.09 0.93 0.28 0.05* 0.13 0.41 ±50

22.3 361 166 35 70 370 182 39 56.2 284 357 351 156 205 89.5 183

±18 ±199  ±132 ±26 ±43 ±193 ±143 ±29 ±40 ±169 ±200 ±176 ±117 ±156 ±43 ±132±SD
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shows that the mean difference of the patellar tendon force increases from 117 N at 90° to 

224 N at 55° and then decreases to 73 N at 10°. Also, the overall mean difference of the 

patellar tendon force across the full range of motion changes from a minimum of 22.3 N to a 

maximum of 370 N according to the pair-wise comparison of each method (Table 6.5).  

6.4.3 IHA anatomical location 

Figure 6.5, Figure 6.6 and Figure 6.7 illustrate the anatomical locations of the mean OHA and 

IHA for all subjects as a function of knee flexion angle with respect to the femur. The locations 

of the IHA are mapped in terms of the knee flexion angle during knee extension using colour-

coded IHA, and presented in different anatomical planes of the femur. In these figures, the 

femur was presented for illustrative purposes, and it was approximately scaled according to 

the mean epicondylar length of the subjects and using the reported condylar depth by Terzidis 

et al. (2012).   
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Figure 6.5. Lateral sagittal view of the femur: intersection of the mean OHA and IHA with 
the mid-sagittal plane (N=11). The filled circle represents the OHA and coloured bar shows 
the knee flexion angles during knee extension. 
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Figure 6.6. Anterior femoral view of the location of the mean OHA and IHA (N=11). The black 
arrow represents the mean OHA and the coloured bar shows the knee flexion angles during 
knee extension.  
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Figure 6.7. Distal transverse femoral view of the mean OHA and IHA (N=11). The black arrow 
indicates the mean OHA and the coloured bar illustrates the knee flexion angles during knee 
extension.  

Figure 6.5 illustrates that the knee CoR moved in the anterior-posterior direction of the femur 

for approximately 2 cm during knee extension ranging from 90° to 10°. Figure 6.5, Figure 6.6 

and Figure 6.7 show that the IHA moved in both anterior-posterior and distal-proximal 

directions of the femur, and the orientation of the IHA changed as the knee extends from 90° 

to 10°.       

6.5 Discussion  

In this chapter, the effect of six different methods for quantifying the knee CoR on calculation 

of the patellar tendon forces using MSK modelling was investigated. The knee CoR in each 

method was derived using geometric and functional techniques, and also it was characterised 

based on fixed and moving CoR to investigate the influence of joint translations during motion. 
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The results indicated that the use of geometric (epicondylar axis) and functional (HA) 

techniques for quantifying the knee CoR can significantly affect estimation of patellar tendon 

forces depending on characterising the CoR using a fixed or moving CoR. Also, the changes in 

the anatomical location of the knee centre and axis of rotation were visualised in order to 

provide an insight into the osseous functional anatomy of the knee joint during motion.  

In this section, the results are discussed in terms of each method of quantifying the knee CoR 

and the influence of knee joint translations during motion, along with their clinical 

implications. The movement of the IHA during motion is also discussed to indicate how the 

movement of the knee AoR can provide an understanding of the functional anatomy of the 

knee joint.  

6.5.1 Post-hoc analysis 

6.5.1.1 FB versus 2DM (geometric-moving techniqeus) 

The post-hoc analysis for the knee flexion angle of 85° to 15° (the range in which the method 

of quantifying the knee CoR had a statistically significant effect) revealed that the mean 

patellar tendon forces estimated from the 2DM and FB techniques (both representing the 

geometric-moving techniques) were not significantly different during most of the range of 

motion (as described in Chapter 5), except during terminal phase of knee extension from 25° 

to 15°. This may be explained by the antagonist co-activation of the hamstrings muscles which 

was included in FreeBody but excluded in the 2D model. However, the overall difference 

between the 2D model and FreeBody in Chapter 5 was found to be insignificant by making 

separate comparison between these techniques using a two-way repeated-measures ANOVA.  

6.5.1.2 IHA versus 2DM and FB (functional- and geometric-moving techniques) 

The comparison between the 2DM and IHA techniques revealed no statistically significant 

difference in the mean patellar tendon forces, indicating no difference between the moving-

CoR determined from geometric or functional techniques. This suggests that the 2D model 

can be used to characterise the HA description of motion. The comparison between the FB 

and IHA techniques also showed no significant effect of the method of quantifying the knee 

CoR for the most part of the motion (except at 25° and 20° which may be due to the inclusion 

of the hamstrings forces as described previously). In general, these findings show that similar 
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patellar tendon forces can be obtained using both geometric and functional CoR once they 

are characterised as moving-CoR with respect to the femur.  

6.5.1.3 Dig versus Mrk (geometric-fixed techniqeus)  

The comparison between Dig and Mrk showed a statistically significant difference at all knee 

flexion angles except in the range of 40° to 20°. This highlights the presence of soft tissue 

artefacts and error in identification of the anatomical landmarks of the femur for representing 

the geometric-fixed techniques, which questions the reliability of the geometric-fixed CoR for 

quantifying knee extensor forces. 

6.5.1.4 Dig and Mrk versus FB, 2DM and IHA (geometric-fixed and moving technqieus) 

The pair-wise comparisons also revealed that there was a significant difference between Dig 

versus FB, 2DM and IHA (fixed- versus moving-CoR) for most flexion angles excluding the end 

of knee extension (20° and 15°) for FB and 2DM, and the beginning and end of knee extension 

(85° and 15°) for IHA. This highlights the significant difference between the geometric-fixed 

technique using manual digitisation and the moving-CoR (both geometric and functional) 

methods, suggesting the importance of knee translations during motion.  

The comparisons between Mrk versus FB, 2DM and IHA also showed a statistically significant 

difference for most flexion angles excluding the range of 85-60° for FB, 80-60° for 2DM and 

85-40° for IHA. This also highlights the significant difference between the geometric-fixed 

method using reflective markers and the moving-CoR (both geometric and functional) 

techniques, indicating the importance of knee joint translations during motion.  

6.5.1.5 Dig and Mrk versus OHA (geometric- and fucntional-fixed techniques)  

The comparisons between the OHA versus Dig and Mrk (geometric- and functional-fixed 

techniques) revealed a statistically significant difference between the OHA and Dig for most 

flexion angles ranging between 85-40°, and between the OHA and Mrk at 50° as well as from 

knee flexion angles of 25° to 15°. This suggests that the method for quantifying the fixed-CoR 

has a significant effect on estimation of the patellar tendon forces, and given the significant 

difference between the Dig and Mrk techniques due to soft tissue artefacts, the functional-

fixed method (OHA) may be more appropriate for characterising the fixed-CoR.  
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6.5.1.6 OHA versus FB, 2DM and IHA (functional-fixed and moving techniques) 

The pair-wise comparison also revealed that the mean patellar tendon forces were not 

statistically different between OHA versus FB, 2DM and IHA for all flexion angles. Interestingly, 

this suggests that the OHA method can be used to characterise the moving-CoR and obtain 

similar results to the geometric-moving (FB and 2DM) and functional-moving (IHA) techniques 

(Table 6.5).  

6.5.2 Knee joint translations: fixed and moving CoR 

The results in this chapter show that the knee joint translations (moving CoR) during motion 

can have significant effect on the knee extensor muscle forces. This confirms that the rolling 

and gliding (rotation and translation) of the tibiofemoral joint should be incorporated in 

clinical applications of the models.  

The concept of moving AoR for the knee joint has been discussed in various previous studies 

in order to optimise the choice of knee flexion-extension AoR in clinical applications by 

investigating the effect of the anatomical location of the axis on the joint kinematics (Hollister 

et al., 1993; Smith et al., 2003). 

Despite the fact that rotations and translations (moving CoR) of the knee during motion are 

very well understood (Pinskerova et al., 2000; Freeman et al., 2003; Freeman et al., 2005), a 

large number of researchers, particularly among the orthopaedic surgical community, have 

used a fixed AoR based on the anatomical landmarks of the femur (typically epicondylar axis) 

as a reliable reference axis in various clinical studies including TKA (Kurosawa et al., 1985; Elias 

et al., 1990; Hollister et al., 1993; Siu et al., 1996; Churchill et al., 1998; Eckhoff et al., 2001; 

Asano et al., 2005; Siston et al., 2005; Eckhoff et al., 2007; Blakeney et al., 2011). For example, 

Churchill et al. (1998) stated that a geometric-fixed AoR based on the femoral epicondyles can 

be considered as “the true flexion axis of the knee”, and the knee motion can be sufficiently 

characterised using this axis along with a fixed longitudinal axis of the tibia, and “no other 

translations and rotations exist”. They also suggested this should be considered in clinical 

applications and design of the knee implants.  

This is in contrary to the findings in this chapter. The results in this chapter clearly show that 

the geometric-fixed AoR can significantly affect the knee muscle forces (Figure 6.3), and the 

geometric axes may be only used with inclusion of the motion of the axes during activity (such 
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as the methods used in the 2D model and FreeBody). The findings also suggest that a fixed 

AoR might be appropriate, only if it is determined using functional techniques based on an 

OHA. However, this is also highly dependent on the activity and the loading conditions which 

is discussed in Section 6.5.5.2.  

Although geometric axes based on the bony landmarks of the femur have been widely used 

as reliable reference axes for the flexion-extension AoR of the knee in various studies (Hollister 

et al., 1993; Churchill et al., 1998; Eckhoff et al., 2001; Most et al., 2004; Eckhoff et al., 2007; 

Walker et al., 2011), the AoR was not characterised as moving in any of these studies. In these 

studies, the epicondylar axis, the cylindrical axis that most closely reproduces the geometry 

of the condyles, or the line through the posterior femoral condyles (geometric-based axes) 

have all been characterised as a fixed axis with respect to the femur. In contrast, the results 

in this chapter showed that the geometric-based AoR based on the geometry of the femur can 

be used as a reliable axis to estimate the knee extensor forces, if it is characterised as a moving 

AoR (2DM and FB) during motion, and the geometric-fixed AoR (Dig and Mrk) may not be used 

as a reliable AoR to characterise the knee forces (Figure 6.3). This highlights the importance 

of the tibiofemroal joint translations for quantifying the knee muscle forces. Also, the 

potential errors for identification of the landmarks to quantify the geometric axis (such as soft 

tissue artefacts) should be carefully considered during acquisition process for using the 

geometric AoR based on epicondylar axis. 

Furthermore, Asano et al. (2005) showed a close correspondence of the moving functional 

AoR with fixed geometric AoR during motion. This is also in contrast to the findings in this 

chapter indicating that the geometric-fixed techniques (derived from reflective markers and 

manual digitisation of the femur) are significantly different to the functional-moving 

technique (IHA). This contrast may be explained by the difference in the method of deriving 

the moving functional technique in the work of Asano et al. (2005) which was not based on 

HA. Also, in their study the effect on the knee muscle forces was not investigated using 

different AoR. However, it should be noted that the results in this chapter indicate that the 

use of functional and geometric AoR can yield similar outputs in terms of knee extensor forces, 

once the axes are characterised as moving during motion (2DM and FB).  

The difference between the functional moving (IHA) and geometric fixed (Dig and Mrk) 

techniques found in this chapter is also supported by Schache et al. (2006). In their study, the 
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kinematics parameters were assessed between geometric-fixed (similar methods to Dig and 

Mrk in this chapter) and a functional moving technique (based on an optimisation technique 

equivalent to the IHA), and the functional moving method showed different and more 

repeatable results in comparison to the other geometric-fixed techniques, thus, questioning 

the prevalent use of fixed epicondylar axis as the clinical AoR for the knee joint. This confirms 

the findings in this chapter, where inconsistent results were obtained using the geometric-

fixed (Dig and Mrk) techniques (Figure 6.3).    

Although similar knee extensor muscle forces were found between the moving epicondylar 

axis (2DM and FB) and the moving HA (IHA) in this chapter, Wilson et al. (2014) showed that 

the anatomical locations of these axes may be distinctly different during motion. This 

discrepancy can be explained by the difference in several factors between this chapter and 

their study. Firstly, in the work of Wilson et al. (2014) the effect on the muscle forces was not 

investigated. Secondly, their study was conducted with OA patients where the motion of knee 

AoR can be substantially different than for healthy knees (Wolf et al., 2007). Thirdly, the 

motion of the knee in their study was not investigated during physiological in-vivo loading 

conditions. Fourthly, the numerical algorithm they employed for computing the HA is different 

from this chapter, which can introduce large errors in quantification of the HA due to the high 

sensitivity of computing the HA. These factors can all contribute to different motion of the 

knee AoR.  

Besier et al. (2003) made a comparison between the geometric fixed (determined using 

manual digitisation of the epicondylar axis similar to Dig in this chapter) and the functional 

fixed (equivalent to the OHA in this chapter) techniques to quantify the knee AoR and evaluate 

the repeatability of the knee joint kinematics and moments using the two methods. They 

showed that the functional technique based on an OHA can provide slightly more repeatable 

results than the geometric fixed technique based on the epicondylar axis, however, the 

difference was found to be small and insignificant. Similarly, Pohl et al. (2010) found a small 

difference in the kinematics parameters between the geometric fixed (based on the position 

of reflective markers on the femoral epicondyles similar to Mrk in this chapter) and the 

functional fixed (equivalent to the OHA in this chapter) techniques.  

In contrast, in this chapter, a significant difference between the geometric fixed (Dig and Mrk) 

and functional fixed (OHA) techniques was found (Figure 6.3; Table 6.5). However, the results 
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in this chapter showed an insignificant difference between the OHA and the manually digitised 

epicondylar axis that was characterised as moving (2DM and FB). Thus, the results can be 

considered to be in partial agreement with Besier et al. (2003) and Pohl et al. (2010)  in terms 

of the type of the AoR (epicondylar axis), but significantly different in terms of characteristics 

of the AoR as fixed and moving, which highlights the importance of joint translations. 

Nonetheless, it should be noted that the variability among different examiners for identifying 

the anatomical landmarks of the geometric axis, the numerical differences in calculation of 

the HA and the difference in the activity and loading conditions may also contribute to the 

discrepancy between the functional and geometric techniques.  

Therefore, in summary, the prevalent assumption of using geometric fixed AoR based on the 

anatomical landmarks of the femur can be questioned (at least, in terms of the effect on the 

knee muscle forces) according to the findings in this chapter. The results in this chapter show 

a significant difference between the geometric fixed and moving AoR of the knee for 

quantifying the knee forces, which highlights the importance of the knee joint translations 

during motion. This suggests that the moving AoR of the knee should be incorporated in the 

MSK models of the lower limbs to include the joint translations, and therefore improve the 

outputs of the models for clinical and subject-specific applications. As an example, Xu et al. 

(2015) showed how the outputs of an OpenSim MSK model can be improved by incorporating 

a 6-DoF knee model. This finding has important clinical implications which are discussed in the 

next section.  

In addition, the findings in this chapter also suggest that the knee forces might be reliably 

estimated using a fixed AoR that is derived using functional techniques based on an OHA. This 

is discussed in Section 6.5.4. 

6.5.3 Clinical implications 

6.5.3.1  Alignment of the femoral component during TKA  

The correct positioning and rotational alignment of the femoral component during TKA is 

crucial for preserving natural function of the knee joint kinematics and muscle forces, and 

avoid articular maltracking, premature joint wear, joint instability, tibiofemoral and 

patellofemoral complications and abnormal movement patterns after TKA (Jenny et al., 2004; 

Asano et al., 2005; Siston et al., 2005; Aglietti et al., 2008; Victor, 2009).  
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Geometric fixed AoR based on the bony landmarks of the femoral condyles has been 

commonly used as a reliable reference axis for aligning the femoral component in TKA (Berger 

et al., 1993; Stiehl et al., 1995; Miller et al., 2001; Jenny et al., 2004; Asano et al., 2005; Siston 

et al., 2005; Aglietti et al., 2008; Victor, 2009; Blakeney et al., 2011; Walker et al., 2011). One 

of the reasons for prevalent use of fixed geometric AoR during TKA is because this axis has 

been typically assessed in terms of the kinematics parameters of the joint without considering 

muscle forces.  

However, the use of geometric fixed axes in TKA for preserving the natural knee muscle forces 

can be questioned according to the findings in this chapter. The difference between the knee 

muscle forces using different AoR found in this chapter suggests that natural mechanical 

alignment relative to a geometric fixed AoR as the primary guiding principle during TKA may 

not be as important for restoring the normal knee muscle forces as previously understood. 

The results in this chapter suggest that moving AoR (either functional or geometric) should be 

used for adequate replication of the knee forces, therefore, the joint translations need to be 

considered for assessing the femoral alignment in TKA.  

Although the results in this chapter support the use of both functional- and geometric-moving 

AoR for characterising the knee motion, functional-based methods may be more appropriate 

during TKA. This is because the correct identification of the geometric axes according to the 

intraoperative palpation of the femoral landmarks may not be always reproducible depending 

on the experience of the surgeon (Jenny et al., 2004; Siston et al., 2005; Lee et al., 2010). 

Therefore, direct visual identification of the femoral landmarks as a guide for aligning the 

femoral component during TKA may not be reliable as the sole determinant of the rotational 

alignment of the femur. This supports the use of knee navigation systems that work based on 

functional moving AoR (Doro et al., 2008) for rotational alignment of the femoral component 

and reduce the variability of using geometric techniques due to different interpretations of 

the surgeons. 

6.5.3.2 Design of knee implant 

The findings in this chapter can also be used in the design of the knee joint implants, as 

understanding the characteristics of the knee AoR during motion is essential for designing 

improved knee joint implants that can restore a more natural function of the knee (Walker et 

al., 1972; Kurosawa et al., 1985).  
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The geometry of the femur plays an important role for creating the joint translations. Since 

the femoral condyles are not perfectly circular and the curvature of the lateral and medial side 

is different, the AoR moves during motion (Most et al., 2003b; Smith et al., 2003). The results 

in this chapter showed that this characteristic of the joint can highly influence the knee muscle 

forces. Therefore, the joint translations should be considered in the design of the knee 

implants for replicating the geometry of the normal femur and therefore preserving natural 

knee muscle forces. This supports the use of multi-radius design of the femoral component, 

such as the Smith and Nephew Journey Bi-Cruciate Stabilized knee system, in which the knee 

joint translations are considered in the design of the implant (Catani et al., 2009). 

On the other hand, the viability of using the symmetrical, constant-radius design of the 

femoral component (Kessler et al., 2007) can be questioned, as the geometric factors for 

creating the joint translations and moving-AoR are not incorporated in the design of the 

implant. Therefore, these types of knee implants, such as the Stryker Triathlon knee system 

(Cook et al., 2012), may not be able to reliably recreate the function of the knee in terms of 

muscle forces. This is crucial for restoring the normal kinematics and muscle forces not only 

at the knee joint, but also througout the lower limbs.  

Although this type of implant has been used in several studies (Kessler et al., 2007; Cook et 

al., 2012), its outcome has been typically assessed in terms of the kinematics parameters 

without considering muscle forces. Therefore, the findings in this chapter provides a different 

insight into the application of this type of implant for restoring natural muscle forces and 

kinematics. 

However, it is worth noting that the knee joint geometry is not the only determinant of the 

joint translations and moving AoR, and there are other factors such as functional role of the 

ligaments and different loading conditions that can contribute to the motion of the knee AoR, 

which should also be considered for replicating the characteristic of moving-AoR. These 

factors are discussed in Section 6.5.5.2. This highlights the importance of investigating the 

effect of characteristics of AoR not only on the kinematics parameters (as explored by many 

studies), but also on the muscle forces.  
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6.5.4 The optimal helical axis 

An interesting finding in this chapter is the capability of the OHA technique to estimate similar 

knee extensor forces to the moving-AoR (both geometric and functional) techniques (Figure 

6.3). This suggests that the OHA may be used as a reliable method to provide an approximation 

of moving-AoR during motion for quantifying the knee muscle forces. This finding is also 

supported by Doro et al. (2008) who showed a better reproducibility of the OHA technique 

over geometric-fixed techniques based on digitisation of the epicondylar axis.  

This finding supports the use of the OHA method in clinical studies for evaluating the knee 

joint kinematics and muscle forces (Doro et al., 2008; Colle et al., 2012; Wilson et al., 2014), 

highlighting the potential clinical applications of OHA during TKA for resolving the issues of 

aligning the femoral component as described previously. Therefore, the OHA technique can 

be used more reliably as a reference axis for rotational alignment of the femoral component 

than the conventional techniques based on the geometric-fixed AoR to restore more natural 

knee muscle forces. For example, Colle et al. (2012) and Wilson et al. (2014) demonstrated 

that the OHA technique can be used to identify the AoR for characterising the knee motion 

during TKA, as well as assessing the performance of the implant before and after TKA, 

confirming the application of OHA to aid in development of improved surgical techniques and 

restore normal function of the knee.  

Furthermore, the results in this chapter indicating similar patellar tendon forces between OHA 

and other moving axes (IHA, FB and 2DM) provides encouragement for the use of 

intraoperative surgical navigation systems that use an OHA for positioning the femoral 

component during TKA (Doro et al., 2008; Lee et al., 2010). An example is the Stryker knee 

navigation system which divides the arc of motion into 3 increments and calculates an OHA 

for the full range of motion (Doro et al., 2008).   

Although the similarity between the OHA and the other moving axes for calculating the knee 

muscle forces in this chapter suggests that the OHA can be used as a practical method for 

approximating the moving-AoR of the knee during motion, it should be noted that the OHA 

was determined during a controlled planar motion of the knee as the main experimental task 

in this thesis. This means that the behaviour of the OHA is associated with the isolated knee 

extension exercise and the given loading conditions in the experimental task, and it may not 

necessarily indicate similar characteristics once it is calculated during a planar motion 
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calibration trial and applied to a non-planar activity, such as in the work of Besier et al. (2003) 

and Pohl et al. (2010). This is important as the kinematics of the joint are not the sole 

determinant of the anatomical location of the knee AoR, and it may change depending on the 

task, and external and internal forces during activity (Section 6.5.5.2). Therefore, the 

application of an OHA determined during a planar calibration trial to different activities should 

be further investigated. In other words, an OHA may not always be a true representation of 

IHA during different activities, which should be considered for clinical application of this 

method. 

The method of calculation and implementation of an OHA should also be considered in clinical 

applications of this method, as it can be highly sensitive to the employed numerical method 

for computing the OHA.  The methods of quantifying and implementing the OHA technique 

vary among different studies. Some studies used an OHA as a representation of a fixed knee 

AoR for the entire range of motion similar to this thesis (Besier et al., 2003; Pohl et al., 2010), 

and some others used an OHA for a finite range of motion of the activity under investigation 

(Peterson et al., 1985; Dennis et al., 2005; Colle et al., 2012; Wilson et al., 2014) by assuming 

that the OHA is fixed during each rotation interval, for example, at every 30° of rotations 

(Wilson et al., 2014), while it can move in between rotation intervals. The outputs of the model 

from each method of implementation of OHA can be compared to IHA or other types of knee 

AoR (similar to this chapter) to verify the OHA method. 

Although an OHA has been used in many studies as an approximation of the IHA to quantify 

the knee AoR (Peterson et al., 1985; Hart et al., 1991; Manal et al., 2000; Besier et al., 2003; 

Doro et al., 2008; van den Bogert et al., 2008; Pohl et al., 2010; Wilson et al., 2014), in these 

studies, the effect of using a single fixed AoR in terms of the OHA as a replacement for the IHA 

on the knee muscle forces has not been investigated. The study presented in this chapter is 

the first investigation of this effect (according to all of the studies reviewed in this thesis).  

6.5.5 Instantaneous helical axis of motion 

6.5.5.1 Anatomical location of IHA 

The results in this chapter showed that the knee centre and axis of rotation in terms of IHA 

moved with respect to the femur as a function of knee flexion angle during knee extension 

(Figure 6.5, Figure 6.6 and Figure 6.7). The IHA position moved for about 20 mm in the 
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anterior-posterior direction, and for approximately 10 mm in the distal-proximal direction 

during knee extension from 90° to 10°. The IHA orientation was mainly changed in the frontal 

plane of the femur and it was distributed in a cone-shape during motion. The IHA direction 

was predominantly in the lateral direction (representing knee extension) with a deviation of 

about 10° in the frontal plane of the femur, representing non-sagittal rotations of the knee 

(internal-external rotation of the tibia) during motion. The IHA direction was almost 

perpendicular to the sagittal plane at full knee flexion (90°) and moved anteriorly during 

extension, while the lateral side moved proximally and the medial side moved distally with 

decreasing knee flexion angle. This is an indication of the external rotation of the tibia during 

knee extension as presented previously (Blankevoort et al., 1990; van den Bogert et al., 2008; 

Millán-Vaquero et al., 2016), and the IHA can move in the exact opposite direction once an 

internal rotation is applied to the tibia (Blankevoort et al., 1990).  

The position and orientation of IHAs were found to remain fairly stable in the approximate 

range of 40° to 80°, in accordance to the previous investigations (Blankevoort et al., 1990; 

Marin et al., 2003). This range of motion has been used in previous studies for calculating an 

OHA (Blankevoort et al., 1990; Jonsson et al., 1994; Marin et al., 2003) by assuming a hinge 

joint model of the knee for this range of motion. However, although an OHA in this range may 

adequately represent the IHA, it may not be a true representation of the IHA for the rest of 

motion where the motion of IHA can be substantial. Therefore, application of OHA for 

representing the motion of knee AoR depends on the range of motion of interest. In this 

chapter, the OHA was determined with respect to the full range of 90-10° as the motion of 

IHA outside 40-80° can be significant due to non-sagittal rotations of the tibia, and should be 

considered for calculating the muscle forces.   

In general, the motion pattern of the IHA in this chapter showed a close correlation with the 

previous studies of the knee joint HA (Blankevoort et al., 1990; van den Bogert et al., 2008; 

Wilson et al., 2014; Millán-Vaquero et al., 2016). For example, the tendency of the IHA to move 

anteriorly and the proximal shift of the IHA during extension were consistent with the work of 

van den Bogert et al. (2008) and Blankevoort et al. (1990). Similarly, the motion patterns of 

the IHA were also consistent with Wilson et al. (2014), who demonstrated that the knee AoR 

in terms of HA moved anteriorly and proximally from flexion to extension. However, the 

magnitude of translations in these studies were slightly different from the findings in this 
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chapter, which can be explained by the difference in the experimental task, loading conditions, 

numerical computation of HA and knee JCS in their study.  

Although the motion patterns of the IHA in this chapter can be compared to several studies in 

the literature, it should be noted that the precise characteristics of the knee AoR may be 

unique and it may vary among different studies according to various factors including the type 

of activity and loading conditions. The effect of these factors on the motion pattern of the 

knee AoR is discussed in the next section.  

6.5.5.2 Functional anatomy of the knee 

The change in the anatomical location of the IHA found in this chapter can provide an insight 

into the functional anatomy of the knee, including the functional effect of the ligament 

restraints, femoral geometry, and internal and external forces on the movement of the knee 

AoR. These are discussed in the following sections with respect to the motion pattern of the 

IHA found in this chapter. 

Anterior-posterior translations: functional role of the ligaments 

The anterior-posterior shift of the IHA provides an insight into the functional role of the knee 

ligaments. In the flexed position of the knee, the knee AoR is in the closest position to the joint 

surface with short radius of curvature, which allows some of the knee ligaments (particularly, 

the collateral and cruciate ligaments) to be slackened (Chuinard et al., 1997). In the extended 

knee the radius of curvature of the condyles are larger which leads to increase in the distance 

between the articular surfaces and the ligament origins and the AoR is in furthest position to 

the joint surface, thus, creating tension in some of the ligaments to provide joint stability 

(Brantigan et al., 1941; Smith et al., 2003). This motion of the knee AoR can be seen in Figure 

6.5 and Figure 6.7. Therefore, the geometry of the femoral condyles along with the ligament 

restraints can control the passive flexion-extension motion of the knee joint and determine 

the location of the IHA (Blankevoort et al., 1988, 1990).  

The anterior-posterior shift of the IHA is comparable to the motion of the knee CoR in the 

planar four-bar-linkage model of the knee (Zavatsky et al., 1992; O'Connor, 1993). In this 

model, the knee joint translations can be characterised using the motion of the knee CoR as 

the intersection of the cruciate ligaments, which has been used in the knee joint 
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reconstruction (Momersteeg et al., 1995; Most et al., 2003b) as well as the design of the knee 

prostheses (Freeman et al., 1988; Dennis et al., 1996).  

Distal-proximal translations: screw-home mechanism  

The motion pattern of the IHA can also provide an insight into the integration of the ligament 

restraints and femoral geometry for producing joint stability at the terminal phase of knee 

extension.  

The stability of the knee and change in the orientation of the knee AoR at terminal phase of 

knee extension is thought to be more due to the functional role of the ligaments than the 

geometry of the tibiofemoral joint (Hallen et al., 1966; Müller, 1983). However, the asymmetry 

of the femoral condyles has also a large contribution in knee stability and in integrating the 

functional role of the ligaments. Therefore, the change in the anatomical location of the knee 

AoR is not solely based on the ligament restraints, but also the asymmetry of the femoral 

condyles (Blacharski et al., 1975; Smith et al., 2003).  

The change in the orientation of the IHA during knee extension (Figure 6.6) represents the 

external rotation of the tibia relative to the femur (or the internal rotation of the femur 

relative to the tibia) as the knee extends. This means that the knee rotates about the 

longitudinal axis of the tibia at the same time as rotation about the flexion-extension AoR, and 

this therefore changes the direction and position of the IHA during knee extension. This 

phenomenon is known as the screw-home mechanism of the knee which is usually caused by 

ligament restraints and the femoral geometry working together. Screw-home motion is often 

considered as a normal mechanism of a healthy knee joint for providing joint stability (Piazza 

et al., 2000), and it has been used as an indicative measure of joint stability (Nordin et al., 

2001; Kim et al., 2015) as well as for evaluating the performance of knee joint replacements 

(Nilsson et al., 1991). 

The asymmetry of the femoral condyles causes a larger translation of the IHA in the lateral 

side than the medial side (Figure 6.6) which results in lateral roll back and medial pivot of the 

IHA; this is external rotation of the tibia during knee extension. This means that the smaller 

translation in the medial side shows that the medial femoral condyle rotates around the 

flexion-extension AoR, while the lateral condyle rolls and slides on the tibia, thus, creating the 

internal-external rotation of the tibia. This causes the tibia to rotate externally at lower flexion 
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angles, and internally at higher flexion angles (Iwaki et al., 2000; Freeman et al., 2003; 

Pinskerova et al., 2004; Freeman et al., 2005).  

In other words, the asymmetry in the size and shape of the femoral condyles contributes to 

the screw-home motion such that the longer medial side of the femur continues to roll after 

the lateral side reaches its limit of motion (Kapandji et al., 1988). The curve of the 

intercondylar notch of the medial condyle forces the tibia to rotate as it glides against the 

tibial plateau (Fuss, 1992; Smith et al., 2003). 

Therefore, the change in anatomical location of the IHA found in this chapter reflects the 

screw-home motion of the knee. However, the screw-home mechanism (the combination of 

the ligament restraints and femoral geometry) does not solely dictate the motion of the knee 

AoR, and the motion pattern of the AoR also depends on the activity and loading conditions; 

this is discussed in the next section.  

The effect of activity and loading 

The screw-home mechanism and change in the location of the knee AoR may not necessarily 

be an obligatory effect of the passive joint characteristics during motion, but also depends on 

the type of activity as well as internal and external forces (Hallen et al., 1966; Blankevoort et 

al., 1988, 1990; Freeman et al., 2003; Sheehan, 2007). Therefore, these factors can change the 

motion characteristics of the knee AoR.  This means that the motion patterns of the knee AoR 

during the terminal phase of knee extension (screw-home mechanism) are highly susceptible 

to small changes in external or internal loading configurations, and the screw-home effect can 

be overcome or changed according to the activity and different loading conditions during 

active motion of the knee (Blankevoort et al., 1988, 1990; Smith et al., 2003). This suggests 

that the anatomical location of the IHA observed in this chapter may be altered by changing 

the external forces through varying the exercise intensity, or by removing the resistance pad 

during motion.  For example, a different pattern of IHA from the findings in this chapter was 

observed by Sheehan (2007) during prone knee extension without any resistance forces. In 

her study, the IHA moved posteriorly and proximally during knee extension.  

This also suggests that the location of the knee AoR due to the screw-home mechanism during 

in-vitro studies may be different from active motion of the knee in-vivo. For example, different 

patterns of IHA were observed between the cadaveric study of Millán-Vaquero et al. (2015) 
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and in-vivo analysis of van den Bogert et al. (2008). This effect becomes more apparent during 

closed kinetic chain exercises due to the mechanical constraints imposed by the application 

of the external forces to the tibia, which can be seen during different exercises such as 

squatting (Hill et al., 2000; Freeman et al., 2003; Pinskerova et al., 2004), leg press (Scarvell et 

al., 2004) and leg lunge (Pinskerova et al., 2004; Feng et al., 2015). Also, in the closed kinetic 

chain exercise the joint contact forces may be significantly different from the open kinetic 

chain activities (Wilk et al., 1996), which can influence the motion of the knee AoR due to the 

difference in the internal forces. 

The influence of open- and closed-kinetic chain exercises on the anatomical location of the 

knee AoR can also be seen by the difference in the motion pattern of the AoR during knee 

extension in the work of Sheehan (2007) and during various closed-kinetic exercises in the 

work of Pinskerova et al. (2004).  

Therefore, the inconsistency between the reported motion patterns of the knee AoR can be 

explained by the difference in the task and loading conditions in different studies. This means 

that the motion pattern of the knee AoR may be unique to a specific task with specific internal 

and external loading, and it may not be reproducible. Therefore, comparison of the motion of 

AoR may not be always appropriate, unless for the same activity with identical loading.  

The dependency of the motion of the knee AoR on the loading conditions and type of activity 

can also question the validity of the knee joint models that employed previously developed 

models to include joint translations in the model. For example, Arnold et al. (2010) used the 

OpenSim software with a hinge joint model as the default setting of the model and used the 

equations reported in the model of Walker et al. (1988) based on different loading conditions 

to incorporate knee joint translations. Another example includes the use of the model of 

Yamaguchi et al. (1989) in a large number of knee models to include joint translations 

(Richards et al., 2010; Sandholm et al., 2011; Xu et al., 2015; Saxby et al., 2016). Therefore, 

the knee joint translations should be integrated in the employed model of the knee with 

respect to the subject-specific task and loading conditions, or the sensitivity of the model with 

a previously developed joint translations models should be investigated for verifying the 

outputs and accurate quantification of the knee forces.  

In summary, the geometry of the femoral condyles and ligament restraints are not the only 

determinants of the translations of the IHA during motion; the translations are also affected 
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by change in the loading conditions either by external factors such as different activities with 

specific external forces or by internal factors due to inter-individual anatomical variations and 

different muscle forces. These should be considered on a subject-specific basis in the models 

for accurate quantification of the knee forces, especially in clinical applications.  

6.5.5.3 The effect of screw-home mechanism on muscle forces  

The translations and changes in the position and direction of the knee AoR due to the screw-

home mechanism during knee extension can cause variations in the moment arms, therefore, 

in the knee extensor muscle forces. Thus, the method of quantifying the knee AoR (particularly 

based on IHA) was expected to significantly affect estimation of the patellar tendon forces at 

terminal stage of knee extension. However, in this chapter, the effect of knee AoR on the 

estimated patellar tendon forces at the end of knee extension (10°) was found to be 

statistically insignificant (Table 6.5). 

The insignificant effect of different methods of AoR on the patellar tendon forces at terminal 

stage of knee extension may have several reasons. Firstly, the patellar tendon forces in all 

techniques (except in FreeBody) were determined using the 2D model based on the analysis 

of the forces and moments in the sagittal plane of the knee (Chapter 4), and it was assumed 

that the knee motion is planar according to the design of the experimental task. Hence, the 

moment arm of the patellar tendon force was estimated with respect to the knee CoR as the 

intersection of the AoR with the sagittal plane of the femur. This means that the medial and 

lateral variations of the AoR near full extension (Figure 6.6) were not included in estimation 

of the patellar tendon forces, suggesting that 3D analysis of the knee forces might be different 

from the findings in this chapter.  

Secondly, the results reflect that the screw-home motion at 10° of knee flexion might not be 

large enough to significantly influence the patellar tendon forces. This can be explained based 

on the tested range of motion in this thesis. The motion analysed in this thesis did not include 

the entire range of full extension, and the last 10° of the motion was excluded from the 

analysis as described in Chapter 3. The last 10° of extension usually includes the largest effect 

of the screw-home mechanism (Iwaki et al., 2000; Freeman et al., 2003), and the effect is 

relatively smaller beyond 10°. Moreover, the insignificant effect of the screw-home motion on 

the patellar tendon forces may be due to errors in the kinematics measurements, as small 
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errors in the kinematics parameters can prevent a true screw-home motion to be measured 

(Piazza et al., 2000).    

6.5.5.4 Visualisation of IHA 

Analysis of the knee joint motion by visualising the spatial motion of the knee axis and centre 

of rotation has received ongoing interest from early studies of the knee kinematics (Frankel et 

al., 1971; Blacharski et al., 1975). This approach has been used as an intuitive tool for 

understanding the functional anatomy of the knee joint, particularly the relation between the 

functional role of the ligaments and geometry of the articular surfaces. 

In this chapter, the motion of the IHA during knee extension was quantitatively presented in 

the anatomical planes of the femur as a function of knee flexion angles for the entire range of 

motion. Direct visualisation of the IHA based on the motion of the knee at a subject-specific 

level can be used as an intuitive tool for characterising the functional anatomy of the knee 

joint. This approach can be used in the MSK models for various clinical applications including 

the diagnosis and treatment of knee pathologies (Wolf et al., 2007; Wilson et al., 2014; Millán-

Vaquero et al., 2015; Millán-Vaquero et al., 2016). For example, the motion pattern of the IHA 

can be used with a machine learning classifier to differentiate the healthy and pathological 

knees using HA parameters (Wolf et al., 2007), or it can be used to improve positioning, 

alignment and surgical techniques during TKA (Millán-Vaquero et al., 2015; Millán-Vaquero et 

al., 2016). 

6.5.6 Limitations 

The HA description of motion in this chapter was used based on the experimental task in this 

thesis which included a controlled planar motion of the knee with flexion-extension rotation 

as the principal motion. However, this method may not be appropriate for characterising the 

non-planar motions in different activities due to the difficulties in interpretation of joint 

rotations and translations using HA. Therefore, the application of HA description of motion for 

analysing the knee joint motion may be limited to planar activities. 

In this chapter, the movement of the knee AoR in terms of HA was determined during knee 

extension, and full flexion-extension motion of the knee including the transition from 

extension to flexion, as well as the accelerating and decelerating parts of motion, were not 

investigated. However, the characteristics of the HA have been found to be highly sensitive to 
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the motion reversal and manoeuvre changes of the activity under investigation (Johnson et 

al., 2004). Therefore, the movement of the HA during full flexion-extension exercise including 

the motion reversal part of exercise and its effect on the knee muscle forces should be further 

investigated.  

Furthermore, computation of HA parameters is highly sensitive to different analytical and 

experimental factors. These factors include the employed numerical algorithm and the 

rotation increment size for computing the HA parameters, type of activity and the range of 

motion of interest, angular velocity of the motion, loading conditions and the accuracy of the 

kinematics data, which all can affect the reproducibility of the calculated HA parameters 

during motion (Spoor, 1984; Woltring et al., 1985b; Blankevoort et al., 1990; Ehrig et al., 2007; 

Wilson et al., 2014). Therefore, the reproducibility of the HA parameters with respect to these 

factors should be considered on a subject-specific basis for using HA description of motion in 

clinical applications. 

Moreover, the change in the orientaiton of the knee AoR found in this chapter suggests that 

the knee joint motion is not fully planar at the terminal phase of knee extension, which can 

undermine the assumption of 2D analysis of forces for esimtating the patellar tendon forces. 

This suggests that 3D calculation of the moment arm of knee extensor forces relative to the 

knee AoR may be different from the 2D estimation of the moment arm with respect to the 

knee CoR. Therefore, the effect of joint translaiton on the knee muscle forces should be 

further evaluated based on 3D analysis of forces and moment arms. 

6.6 Summary and conclusions  

In this chapter, the effect of different methods of quantifying the knee CoR on the calculation 

of the patellar tendon forces was investigated. The knee CoR was determined using geometric 

(based on the epicondylar axis of the femur) and functional (based on HA) techniques which 

characterised in terms of both fixed- and moving-CoR. 

The results showed that the method of quantifying the knee CoR can significantly affect the 

estimation of the patellar tendon forces depending on whether the CoR is characterised as a 

fixed or moving CoR. In particular, similar results between all moving CoR techniques (based 

on both functional and geometric) were observed, whereas the geometric fixed CoR was 

found to be significantly different from the other techniques. Interestingly, the patellar tendon 
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forces obtained from the fixed functional CoR were found to be similar to the other moving 

CoR, suggesting that this type of knee CoR may be used as an approximation of moving CoR 

during motion.  

The findings in this chapter highlight the importance of knee joint translations during motion 

for accurate quantification of knee muscle forces. The effect of knee joint translations was 

discussed based on its clinical implications in TKA and design of knee joint implants.    

In addition, the motion of the knee AoR as a function of knee flexion angle was used as an 

intuitive visualisation tool to provide an insight into the knee joint functional articulation. The 

change in the anatomical location of the AoR during motion was then discussed in terms of 

different factors that can influence the motion pattern of the AoR including the functional role 

of the ligaments, the geometry of the femur and the nature of the activity with different 

external and internal loading conditions. These factors were discussed to indicate how the 

movement of the knee AoR can provide an insight into the functional anatomy of the knee 

joint.  

In summary, this chapter indicated that the knee AoR is not fixed during motion, and its 

translations during motion changes the moment arms, thus, the muscle forces. Therefore, the 

knee joint translations (moving AoR) should be incorporated in the MSK models for accurate 

quantification of knee muscle forces, especially for clinical applications of the models on a 

subject-specific basis. This is important not only for replicating the natural muscle forces at 

the knee joint, but also throughout the lower limbs. 

The next chapter investigates the feasibility of using an ultrasound-based imaging technique 

(shear wave elastography) for quantifying physiologically-relevant musculotendon forces as a 

potential method for direct validation of MSK models’ predictions.  
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 Chapter 7. Shear Wave Elastography: A 

potential method for quantification of 

physiologically-relevant musculotendon 

forces26  

                                                      
26 The study presented in this chapter was conducted with the assistance of the group of Dr. Mengxing Tang at 
Imperial College London, and I gratefully acknowledge the support of Dr. Menxing Tang, Dr. Xiao Chen and Mr. 
Henrik Hagemann.  
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7.1 Chapter overview 

As described in Chapter 2, validation of the MSK model predictions of musculotendon forces 

remains a big challenge due to a lack of independent measurement techniques for quantifying 

musculotendon forces, and the technological difficulties arising from invasive techniques. This 

chapter presents a study for investigating the feasibility of an ultrasound-based method 

(ultrasound elastography) as a non-invasive technique for quantifying musculotendon forces 

during physiologically-relevant loading to validate the predictions of the MSK models.  

In the first part of this chapter, a brief background of ultrasound elastography techniques 

including strain elastography (SE) and shear wave elastography (SWE) is provided. The 

motivations and aims of this chapter are then outlined according to the current limitation of 

these techniques for quantifying physiologically-relevant tendon forces. This is followed by 

developing an experimental protocol that consists of a tensile testing and SWE method with a 

cadaveric human patellar tendon. In this study, the SWE technique is used to measure the 

propagation of remotely-induced shear waves within the tendon, and a tensile test is 

implemented to apply tensile forces to the tendon and measure these forces using SWE. The 

results are then discussed in terms of the relationship between the shear wave speed (SWS) 

and tensile forces, to identify whether SWE can be potentially used as a tool for quantifying 

physiologically-relevant forces and validate the MSK model predictions.  

7.2 Introduction 

7.2.1 Background  

Ultrasound elastography (UE) is an ultrasound-based imaging modality for mapping the elastic 

properties and stiffness of soft tissues. In this technique, the stiffness of the tissue is estimated 

either qualitatively or quantitatively by measuring the deformation response of the tissue to 

a remotely-induced mechanical excitation. The mechanical excitation can be generated by 

internal physiological motion such as a beating heart (Kanai, 2005; Uff et al., 2009), manual 

external compression (Hall et al., 2003; Oberai et al., 2009; Brusseau et al., 2011; Chakraborty 

et al., 2012; Choi et al., 2015), vibration (Sandrin et al., 2002; Wu et al., 2004; Castera et al., 

2008; Aguilo et al., 2010), or focused acoustic radiation force (Sarvazyan et al., 1998; 

Nightingale et al., 2003; Bercoff et al., 2004; Nordez et al., 2010; Bercoff, 2011). 
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The UE methods can be categorised into strain elastography (SE) and shear wave elastography 

(SWE) according to the methods used to measure the tissue deformation (Table 7.1). In the SE 

methods, the stiffness of the tissue is estimated qualitatively by measuring the difference in 

tissue displacement (strain) at different regions (smaller changes in strain represent stiffer 

regions) which is indicated using variations in colour or grey scale (Carlsen et al., 2013; Choi et 

al., 2015).   

SWE is an emerging elastography technique for characterising mechanical properties of soft 

tissues quantitatively by dynamic measurement of the shear deformation within the tissue 

caused by the mechanical excitation. In this way, the speed of the propagating shear wave 

within the tissue is measured using ultrafast imaging, and the shear wave speed (SWS) is used 

to characterise the stiffness of the tissue (Sarvazyan et al., 1998; Nightingale et al., 2003; 

Bercoff et al., 2004; Brandenburg et al., 2014). 

The physics and technical aspects of each method, as well as their clinical applications, have 

been described in detail in several review studies in the literature (Sarvazyan et al., 2011; 

Drakonaki et al., 2012; Bamber et al., 2013; Cosgrove et al., 2013; Gennisson et al., 2013; Ooi 

et al., 2013; Brandenburg et al., 2014; Zaleska-Dorobisz et al., 2014; Sigrist et al., 2017).   

UE method Mechanical excitation 
Measured 

property 

Qualitative or 

quantitative 

SE 

Physiologically-induced Strain or strain rate Qualitative 

Manual compression Strain or strain rate Qualitative 

Ultrasound-induced focused 

acoustic radiation force 
Strain or strain rate Qualitative 

SWE 

Vibration and oscillatory force SWS Quantitative 

Ultrasound-induced focused 

acoustic radiation force 
SWS Quantitative 

Table 7.1. Overview of ultrasound elastography methods. 
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7.2.2 Motivations 

SWE has been widely used to characterise mechanical properties of various soft tissues 

including liver (Ferraioli et al., 2012), prostate (Barr et al., 2012), breast (Sebag et al., 2010; 

Cosgrove et al., 2012), brain (Mace et al., 2011), carotid artery (Widman et al., 2012) and MSK 

tissues (Brandenburg et al., 2014).  

Among MSK tissues, several attempts have been made using SWE to quantify the stiffness of 

muscles (Gennisson et al., 2010; Shinohara et al., 2010; Bouillard et al., 2011; Lacourpaille et 

al., 2012; Eby et al., 2013; Leong et al., 2013), ligaments (Wu et al., 2016) and tendons (Kot et 

al., 2012; Aubry et al., 2013; Chen et al., 2013; Zhang et al., 2013; DeWall et al., 2014; Aubry 

et al., 2015; Cortes et al., 2015; Slane et al., 2015; Haen et al., 2017). In these studies, SWS has 

been measured to characterise the length- and activation-dependence of stiffness changes in 

MSK tissues when loaded to varying amounts. The length-dependence of stiffness changes has 

been investigated by measuring the stiffness of the tissue at different conditions such as the 

resting position (Lacourpaille et al., 2012; Chen et al., 2013; Zhang et al., 2013; Cortes et al., 

2015) or passive tension at various positions (Kot et al., 2012; Aubry et al., 2013; DeWall et al., 

2014; Aubry et al., 2015; Slane et al., 2015; Haen et al., 2017). The activation-dependence of 

stiffness changes has been characterised by measuring the stiffness during static (Gennisson 

et al., 2010; Nordez et al., 2010; Shinohara et al., 2010; Leong et al., 2013) or dynamic muscle 

contraction (Gennisson et al., 2010; Nordez et al., 2010; Bouillard et al., 2011). However, 

despite recent advances in the SWE techniques, there are two major limitations in all of these 

studies that hinder application of SWE for direct quantification of physiologically-relevant 

loadings in tendons.  

Firstly, in these studies, tissue stiffness has been mostly characterised in terms of Young’s 

modulus (Aubry et al., 2013; Chen et al., 2013) or shear modulus (Gennisson et al., 2010; Kot 

et al., 2012; Lacourpaille et al., 2012; Leong et al., 2013; Zhang et al., 2013; Cortes et al., 2015; 

Haen et al., 2017) by using the relation between SWS and stiffness based on the assumption 

of an isotropic linear elastic tissue. However, the validity of this assumption for tendons under 

physiologically-relevant loading is highly questionable (Royer et al., 2011; Vergari et al., 2012; 

Yeh et al., 2013; Swedberg et al., 2014), and advanced modelling techniques are required for 

characterising the non-linear, anisotropic (or, at least, transversely isotropic) and viscoelastic 

properties of MSK tissues to quantify stiffness of the tissue according to the measured SWS 
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(Greenleaf et al., 2003; Bercoff et al., 2004; Tanter et al., 2008; Sarvazyan et al., 2011). The 

validity of the relation between SWS and stiffness is assessed in Section 7.4.2 of this chapter. 

As a result, some studies suggest characterising the stiffness of the MSK tissues in terms of 

changes in SWS only (Gennisson et al., 2010; DeWall et al., 2014; Aubry et al., 2015; Martin et 

al., 2015). However, although these studies reported that SWS and stiffness increase by 

increasing the load, the direct relationship between tensile force, mechanical stress and SWS 

in human tendons remained unexplored.  

Secondly, although the results of several SWE studies have shown promise for quantifying the 

stiffness of tendons at controlled postures, or for investigating the load-dependent changes 

of stiffness during low muscular activations, the stiffness of tendon under actual physiological 

loadings at different activities has not been adequately investigated. For instance, Aubry et al. 

(2015) used the SWE technique with Achilles tendon to assess the stiffness of healthy and 

injured tendons at relaxed and passive ankle positions. Moreover, some studies used the SWE 

technique to assess the load-dependent stiffness changes of muscles at very low muscular 

activation which may not represent physiologically-relevant loading (Nordez et al., 2010; 

Bouillard et al., 2011). Hence, it has not yet been established whether these findings can be 

applied to in-vivo physiological loadings of tendons.  

Human tendons, particularly in the lower limb, are typically subjected to substantial 

mechanical stresses that has been estimated up to one-quarter of their ultimate tensile stress 

during normal physiological activities (Schechtman et al., 2002). For the human patellar 

tendon, this is equivalent to a loading stress of 6 MPa to 23 MPa based on the minimum (Haut 

et al., 1990) and maximum (Cooper et al., 1993) reported values for the patellar tendon’s 

ultimate tensile stress in the literature. Although these estimates depend on the individual 

tendon and the intensity and type of physiological activity, it is evident that lower limb 

tendons are subjected to considerable forces that are higher than those investigated in 

previous SWE studies. The higher stiffness of tendons compared to muscles, especially under 

physiologically-relevant tensile stresses, results in higher SWS that usually exceeds the range 

of SWS that can be detected by existing SWE systems. This issue has been conclusively 

reported as a key limitation of SWE with MSK tissues (Gennisson et al., 2010; Nordez et al., 

2010; Bouillard et al., 2011; Kot et al., 2012; Aubry et al., 2013; Chen et al., 2013; Leong et al., 

2013; Zhang et al., 2013; DeWall et al., 2014; Aubry et al., 2015; Cortes et al., 2015; Slane et 
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al., 2015). Therefore, a technical improvement is required to allow the measurement of higher 

SWS and therefore investigate mechanical properties of tendons with high stiffness under 

more physiologically-relevant loading.  

Thus, the aims of the study presented in this chapter are to:  

• find the direct correlation between tensile force, tensile stress and SWS in a cadaveric 

human patellar tendon using conventional tensile testing and SWE;  and 

• use an improved SWE system to measure the SWS in tendon under physiologically-

relevant loading (high tensile force and stiffness) and assess the feasibility of using the 

SWE technique as a direct measurement method to quantify physiologically-relevant 

tendon forces for validating the MSK models.   

7.3 Materials and methods  

7.3.1 Patellar tendon specimen preparation 

A human cadaveric knee was harvested from the left leg of a male donor (age: 48). The patellar 

tendon with the entire patella and part of tibial bone, including the tibial tuberosity, was 

isolated by removing skin, muscles and knee ligaments (Figure 7.1). The tibial bone was cut 

into a block using a saw in order to fit in a custom-made pot for tensile testing. The tibial bone 

block and the patella were placed into the custom-made cylindrical aluminium pots and 

secured by alignment screws (Figure 7.1). The tendon was carefully aligned so that it was 

coaxial with the direction of loading of the materials testing machine. The patellar tendon was 

then set in polymethyl-methacrylate (PMMA) bone cement before tensile testing. Ethical 

approval was granted from the Tissue Management Committee of the Imperial College Tissue 

Bank ethics committee (reference number: 12-WA-0196). 
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Figure 7.1. Preparation of the patellar tendon specimen. 

7.3.2 Cross-sectional area of the tendon  

The cross-sectional area (CSA) of the specimen was measured using a previously-validated 

protocol for soft tissues (Goodship et al., 2005) to estimate the tensile stress of the tendon 

during loading. In this protocol, a cast of tendon was made using stiff alginate paste (Blueprint 

cremix, Dentsply DeTrey, Germany) while the specimen was held under tension. The solid 

alginate paste was then cut at four different sites along its length, and digital photographs 

were taken from each section (Figure 7.2). The photographs were then converted to binary 

code to identify the pixels with the image of the tendon cast. Finally, the number of the pixels 

were counted using a custom-written script, and the CSA of the tendon was calculated as the 

mean of the pixel counts according to the known area of each pixel derived from a calibrated 

photograph with known CSA.  
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Figure 7.2. Cross-sectional area of the patellar tendon specimen. 

7.3.3 Tensile test 

A tensile test was conducted using a screw-driven electro-mechanical materials testing 

machine (5866; Instron, Canton, MA, USA). The tendon specimen was mounted onto the 

materials testing machine so that the direction of patellar tendon fibres was parallel to the 

loading axis (Figure 7.3), and load-elongation data were acquired at a sampling rate of 10 Hz 

using Bluehills software (v2.11, Instron, High Wycombe, UK). 

 

Figure 7.3. The experimental setup for tensile test of the patellar tendon specimen. 
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7.3.4 Shear wave elastography measurements  

7.3.4.1 Ultrasound imaging system 

A Verasonics programmable ultrasound imaging system (Vantage, Verasonics Inc., Redmond, 

WA, USA) with a conventional linear transducer array (L7-4, 5MHz, Philips healthcare, Bothell, 

WA, USA) was used to perform the SWE measurements and estimate the SWS within the 

tendon. The system supports 128 transmitting and receiving channels, each individually 

programmable. The Verasonics system consists of a data acquisition system and a software 

program on a host computer which is controlled using Matlab software (R2016a, MathWorks 

Inc., USA) for all ultrasound beamforming, processing and estimating the SWS. The system 

also allows imaging frame rates of up to 20000 frames/s at an imaging depth of 3 cm which is 

essential for adequate temporal resolution of high SWS associated with stiff tissues. This 

system enables the focal depth of the push beam to be controlled so that strong shear waves 

can be generated at the region of interest (ROI) to robustly estimate the SWS. 

The accuracy of the SWE system for estimating SWS has been previously assessed through a 

preliminary study with an elasticity phantom (Hagemann, 2015: undergraduate student co-

supervised by the thesis author). In this study, SWS was measured at different regions of a 

CIRS heterogenous commercial phantom (CIRS 049 Elasticity Phantom, CIRS, USA) 

representing various known stiffnesses, and the estimated SWS was compared with the data 

provided by the manufacturer (Figure 7.4). This study showed that the SWE system can 

quantify the relative difference in stiffness in terms of SWS.    
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Figure 7.4. Comparison between SWS measurements from Verasonics SWE system (red) and 
CIRS heterogenous commercial phantom (blue). SWS measurements are shown as the mean 
of 5 tests, and error bars represent the standard deviation. The error bar is not shown when 
its size is smaller than the data point. All data were obtained from Hagemann (2015). 

7.3.4.2 Estimation of shear wave speed  

The SWE procedure includes generation of a transient shear wave, ultra-fast imaging of 

propagation of the shear wave and estimation of the local SWS within the tendon. The shear 

wave was generated by inducing a single focused ultrasound “push” beam with an aperture 

of 48 elements in the lateral location of the transducer. The lateral push location was chosen 

to optimise the size of the imaging field of view in the lateral direction (38 mm) and to use the 

optimum length of the effective elements in the transducer. The focal depth was fixed to 50 

wavelengths (15 mm) at mid-depth of the tendon specimen (Figure 7.6). The push waveform 

was transmitted with a 500-cycle pulse at the central frequency of 5 MHz and duration of 

100 µs. The push was followed by a 128-element plane wave imaging where the system 

immediately switched to flash imaging mode and used the same transducer to acquire 

successive raw radio-frequency data of propagation of the shear wave for about 2 ms at a 

frame rate of 20 kHz. The imaging waveform consisted of one cycle pulse at the central 

frequency of 5 MHz and produced a set of complex in-phase/quadrature (IQ) data for each 
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push acquisition. A 2D autocorrelation method (Loupas et al., 1995) was used to calculate 

tissue displacement fields due to the shear wave along the ultrasonic beam axis and to obtain 

a spatial-temporal mapping of the axial tissue particle veloctiy. The SWS was calculated by 

tracking the time delay in displacement fields at two reference pixels with known distance 

between them in the lateral direction (Nordenfur, 2013). The local SWS in the direction of the 

tendon fibres was then determined as the average of the calculated SWS in the pixels of the 

ROI. This estimation is based on the assumption that the ROI is homogenous and SWS is 

consistent, and also that the dispersion effect in the ROI is negligible (Greenleaf et al., 2003). 

The ROI was defined as a 12 by 27 mm rectangle on the surface of the tendon.  

7.3.5 Experimental protocol 

The experimental protocol consists of a patellar tendon tensile test inside a water tank with 

simultaneous SWE to measure SWS in the tendon at various static loads (Figure 7.5). The water 

tank was used to ensure a good coupling between the transducer and tendon specimen 

(reducing ultrasound attenuation) for generating the shear wave. The patellar tendon 

specimen was kept at -18°C and thawed for a day prior to each test. The tendon specimen was 

then attached to the materials testing machine and the ultrasound transducer was placed in 

front of the tendon using a clamp (Figure 7.5). Prior to each test, the transducer was carefully 

aligned with the direction of tendon’s fibres according to the ultrasound B-mode image of the 

tendon (Figure 7.6) to ensure the SWS is measured in the longitudinal direction of loading. The 

B-mode image was also used to locate the focal depth of the push and define the ROI. The 

specimen was then loaded to a pre-defined tensile force, at a slow strain rate of 0.001/s, and 

held under static force to perform the SWE measurements (all SWE measurements were 

performed under static loading of the tendon). A slow strain rate was chosen to minimise the 

effect of strain rate on the stiffness and mechanical properties of the tendon (Bonner et al., 

2015). At each static load, measures of tendon force and local SWS were acquired. The 

recorded force was then converted to stress by dividing by the CSA of the tendon. Eleven 

loading increments up to 935 N were tested (Table 2.1). Each trial was repeated six times on 

one day, and then the whole protocol was repeated on two other days, and the results are 

presented as a mean of 18 measurements.  
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Figure 7.5. The experimental setup for combination of SWE and tensile test. 
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Figure 7.6. A typical example of the B-mode image illustrating the position of the ultrasound 
transducer and the patellar tendon under tension. The B-mode image was used to align the 
transducer and set the location of the push beam. 
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Test number Load (N) σ (MPa) 

1 8 0.06 

2 85 0.61 

3 175 1.25 

4 270 1.93 

5 370 2.64 

6 460 3.28 

7 560 4.00 

8 660 4.71 

9 755 5.39 

10 855 6.10 

11 935 6.67 

Table 7.2. Different loads tested during tensile test. σ denotes the normal engineering 
stress. 

7.4 Results  

The spatial-temporal and axial tissue particle velocity map of the shear wave propagation 

were reconstructed for each static load. Figure 7.7, Figure 7.8 and Figure 7.9 demonstrate the 

propagation of the shear wave in the direction of tendon’s fibres for three different tensile 

loads of 8 N, 460 N and 935 N at different time points in a typical trial.  
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Figure 7.7. Axial tissue particle velocity of shear wave propagation at a) 700 μs b) 1200 μs c) 1700 
μs d) 2200 μs time points, when the patellar tendon specimen is loaded to 8 N. 
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Figure 7.8. Axial tissue particle velocity of shear wave propagation at a) 500 μs b) 700 μs c) 
900 μs d) 1100 μs time points, when the patellar tendon specimen is loaded to 460 N. 
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Figure 7.9. Axial tissue particle velocity of shear wave propagation at a) 200 μs b) 400 μs c) 600 μs 
d) 800 μs time points, when the patellar tendon specimen is loaded to 935 N. 

Figure 7.7, Figure 7.8 and Figure 7.9 show that the shear wave propagates the distance of 

about 20 mm in the imaging field of view (38 mm) at 2200 μs, 1100 μs and 800 μs for 8 N, 460 

N and 935 N loads, respectively. This shows that the SWS in the tendon increased substantially 

with increasing the load which reflects the strain-stiffening behaviour of tendons when the 

slack fibres of tendon become taut.   

Figure 7.10 shows the relationship between the mean local SWS, tensile force and tensile 

stress for the patellar tendon specimen. The SWS increased from 10 m/s to 36 m/s by 

increasing the load from 8 N to 935 N.  The stress at each load was calculated by dividing the 

force by CSA of the tendon. The patellar tendon CSA was measured as 140.1 (± 35.3) mm², 

which is close to the reported values determined using MRI in the literature (Kongsgaard et 

al., 2007). 
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Figure 7.10. The relationship between mean local SWS and a) tensile force b) tensile stress for the 
patellar tendon. Error bars represent the standard deviation (N=18). The error bar is not shown when 
its size is smaller than the data point. 

7.4.1 Statistical analysis  

Preliminary analysis showed a linear relationship between the SWS and load. A Pearson’s 

product-moment correlation test was run to assess if there is a statistically significant linear 

correlation between the SWS and load. Both variables (SWS and load) were normally 

distributed as assessed by the Shapiro-Wilk’s test of normality (p > 0.05), and there were no 

outliers according to the inspection of the scatterplot of tensile force and SWS, as the results 

of Pearson’s correlation test has been found to be sensitive to outliers (Wilcox, 2004). The 

results of Pearson’s product-moment correlation test showed a statistically significant positive 

linear correlation between the mean SWS and load (r = 0.99, p < 0.005), which confirms that 

SWS increases linearly by increasing the load. 

7.4.2 The relationship between SWS and stiffness 

As mentioned previously, in many studies the measurements of SWS have been used to 

estimate the stiffness of tendons in terms of Young’s Modulus (YM) using the relation between 

SWS and stiffness. This relationship is derived by assuming that the stress is a linear function 

of strain, and the tendon is elastic, isotropic (in the direction of tendon fibres) and nearly 

incompressible (the overall volume of tendon remains constant under loading). In this way, 
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the SWS in the tendon can be directly related to the shear modulus using Equation 7.1 (Bercoff 

et al., 2004; Shiina, 2013; Sigrist et al., 2017):  

 Cs = √
μ

ρ
 7.1 

where Cs is the SWS, μ is the shear modulus and ρ is the density of the tendon.  

Given the relationship between the shear modulus and YM in Equation 7.2 (Sumi et al., 1995; 

Shiina, 2013): 

 μ =
E

2(1 + ν)
 7.2 

where E denotes YM and ν represents the Poisson’s ratio; the relationship between YM and 

SWS can be derived using Equations 7.1 and 7.2 by assuming that the tissue is nearly 

incompressible (ν ≈ 0.5):   

E ≈ 3 μ = 3ρCs
2 7.3 

In this section, the validity of using Equation 7.3 for quantifying the stiffness based on SWS in 

tendon is evaluated by measuring the YM using two different ways:  

1. YM1: in which the YM is calculated using the stress-strain curve obtained from the 

tensile tests as the slope of the linear region of the curve (tangent modulus) at each 

level of loading (Hansen et al., 2006; Maganaris et al., 2008); and 

2. YM2: in which the YM is determined using Equation 7.3 by assuming that the density 

of the patellar tendon is approximately 1780 kg.m-3 (Hashemi et al., 2005).  
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Figure 7.11. The relationship between load and YM measured using two different methods; 
YM1 is calculated as the slope of the linear region of the stress-strain curve (top) and YM2 
is determined using the relation between SWS and YM in Equation 7.3 (bottom). Error bars 
represent the standard deviation (N=18). The error bar is not shown when its size is smaller 
than the data point. 

Figure 7.10 indicates the estimated YM as a function of load using the two different methods 

(YM1 and YM2). Although both methods showed that YM increases with increasing load, the 

values of YM are significantly different between the two methods.  
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In most of the commercially-available SWE systems, estimation of stiffness by measuring SWS 

has relied on the relation between YM and SWS found in Equation 7.3 (Aubry et al., 2013; 

Haen et al., 2017; Sigrist et al., 2017). However, the results in this section (YM2) showed that 

YM can be substantially underestimated by using Equation 7.3 suggesting that this method 

cannot be reliably used to estimate the stiffness of tendons under physiological loading. This 

also justifies the motivation of the study presented in this chapter for quantifying the direct 

relationship between SWS and load under physiologically-relevant loading (as described in 

Section 7.2).  

The unreliability of using Equation 7.3 for estimating the stiffness under physiological loading 

can be explained by the core assumption of this approach, that is the stress changes linearly 

by increasing strain. The stress-strain behaviour of tendon under physiological loading 

corresponds to the toe-region of the stress-strain curve (before the linear region of the curve) 

where the stress changes non-linearly by increasing strain (Bennett et al., 1986; Maganaris, 

2002; Hashemi et al., 2005; Chandrashekar et al., 2008). Thus, Equation 7.3 may only be valid 

for estimating the stiffness under high stress levels which are typically beyond the normal 

physiological range even during intense activities (Hansen et al., 2006; Carroll et al., 2008). 

This means that YM might be estimated from SWS using Equation 7.3 at very high stress levels 

(typically beyond 30 MPa) where the stress-strain relation is approximately linear  (Hashemi 

et al., 2005; Hansen et al., 2006; Chandrashekar et al., 2008). However, the SWS in tendon will 

be extremely fast at these levels which is beyond the current capability of the SWE systems to 

be measured.  

7.5 Discussion  

In this chapter, the SWE technique and conventional tensile testing were used to quantify the 

direct relationship between tensile force, tensile stress and SWS in human patellar tendon. 

The results showed a significant linear correlation between tensile force, tensile stress and 

SWS. The developed SWE system used in this study measured the maximum SWS of 36.1 m/s 

for maximum tensile force of 935 N that corresponds to tensile stress of 6.67 MPa. These 

results are discussed in this section based on the comparative studies in the literature, 

physiological relevance of the tested level of loading, and limitations and further 

improvements for clinical application of SWE.   
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7.5.1 Comparative studies in the literature  

Only a few studies used the SWE method along with conventional tensile testing to 

characterise mechanical properties of tendons, in which most of them used animal tendon 

specimens. Yeh et al. (2013) investigated the correlation between static tensile force and the 

SWS in porcine tendons to distinguish between the normal and diseased tendons by 

measuring the SWS. In their study, the similar trend of SWS and loading was found, however, 

the level of loading was limited to 1% strain which corresponds to 3 N. Similarly, Zhang et al. 

(2013) tested the correlation between shear modulus (estimated from SWS) and tangent 

modulus (obtained from tensile testing) in porcine tendon specimens, but the level of loading 

was limited to the maximum force of 10 N. Moreover, Eby et al. (2013) combined the SWE 

technique with tensile testing to find the change of SWS and stiffness with increasing load in 

swine brachialis muscle, nonetheless, their study is limited to muscle only as well as the low-

level stress of 40 kPa.  

The number of studies that used the SWE method to assess physiologically-relevant tendon 

forces in-vivo is limited. Some studies  used a commercial ultrasound scanner for SWE to 

evaluate the stiffness of Achilles tendon (Aubry et al., 2013; Chen et al., 2013; DeWall et al., 

2014; Aubry et al., 2015; Slane et al., 2015), however, their investigations were focused on 

assessment of tendon stiffness at static and passive positions rather than tendon forces during 

active muscle contraction. Similarly, Zhang et al. (2013) and Kot et al. (2012) used a 

commercial scanner for SWE to examine the stiffness of human patellar tendon at a resting 

condition. Although some other researchers investigated muscle activation using the SWE 

technique, their findings are limited to either qualitative assessment of muscle activation only 

(Nordez et al., 2010; Bouillard et al., 2011) or very low muscle activation (Gennisson et al., 

2010) that may not represent physiological loading. For example, Bouillard et al. (2011) and 

Nordez et al. (2010) used a commercial scanner for SWE together with EMG measurements of 

finger and biceps muscles, and reported the change of muscle stiffness with muscle EMG 

activations, and Gennisson et al. (2010) used SWE for measuring the SWS at a maximum 

loading of 50 N in human biceps muscles.  

Bouillard et al. (2011) demonstrated that a widely-used commercial SWE scanner can only 

measure the SWS up to 40% of maximal voluntary contraction of finger muscles. It is clear that 

this force will be substantially larger in the lower limb tendons confirming the incapability of 
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their SWE system for measuring lower limb tendon loading, even during low-level muscular 

activation. Their SWE scanner (Aixplorer, SuperSonic Imagine, France) is the most frequently-

used SWE system in MSK tissue studies (Nordez et al., 2010; Shinohara et al., 2010; Kot et al., 

2012; Lacourpaille et al., 2012; Aubry et al., 2013; Chen et al., 2013; Leong et al., 2013; Zhang 

et al., 2013; DeWall et al., 2014; Aubry et al., 2015; Slane et al., 2015) which is limited to 

measuring the maximum SWS of 16 m/s. 

The results in this chapter present the largest tensile load (935 N) and SWS (36.1 m/s) 

measured with the SWE technique in the literature (as compared to all of the recent SWE 

studies reviewed in this chapter, including nine review papers). The maximum SWS measured 

within stretched tendon in the literature is 16 m/s (Aubry et al., 2013; Chen et al., 2013; Brum 

et al., 2014; Slane et al., 2015) and 20 m/s (Cortes et al., 2015) using two different SWE 

scanners, which confirms the inability of the current existing systems for measuring faster SWS 

within tendon associated with physiologically-relevant loading.  

The study presented in this chapter shows an improvement in SWE technique for measuring 

fast SWS within tendons under physiologically-relevant loads. This was achieved by optimising 

a number of different experimental and image processing parameters. Since the shear wave 

propagation within the tendon is directly extracted from the ultrasound signal, weak 

ultrasound signal in a noisy environment can substantially deteriorate the process of shear 

wave detection. Therefore, the use of water tank helped this process by minimising ultrasound 

attenuation and improving the coupling between the transducer and the specimen for 

detecting fast shear waves. Moreover, the location of the focal depth of the push was set at 

the mid-depth and at the furthest lateral location of the specimen according to the B-mode 

image of the tendon. This allowed the imaging field of view to be maximised and the optimum 

length of the effective elements of the transducer to be used, as well as strong shear waves 

to be generated within the tendon to maximise tissue displacements within the specimen, 

therefore, detecting faster shear waves. Also, the signal-to-noise ratio for calculating tissue 

displacement fields and SWS was improved by using the employed autocorrelation algorithm 

as well as the maximum imaging frame rate of the scanner (20 kHz) in order to detect fast 

shear waves.  
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7.5.2 Physiological relevance of loading  

The physiological relevance of load in tendons depends on the individual tendon, physiological 

activity and the intensity of the activity. Nevertheless, the measured tensile force of 935 N in 

the patellar tendon can be associated with a range of activities. For instance, the results in 

Chapter 5 of this thesis indicated that the mean patellar tendon force changes in the 

approximate range of 300-1000 N (Figure 5.3) during low-intensity knee extension with slow 

angular velocity. This is also in agreement with the work of Ahmed et al. (1987) who measured 

the patellar tendon tensile forces during leg raising and static lifting using a force transducer, 

and reported the tendon force changes in the range of 200-800 N as a function of knee flexion 

angle. Moreover, Shelburne et al. (2005) reported that patellar tendon is subjected to a force 

of less than 300 N during normal walking. As another example of the lower limb tendons, 

Maganaris (2002) estimated the force of gastrocnemius tendon following the work of Finni et 

al. (1998) to be less than 500 N during walking, which also lies within the range of loading 

tested in this chapter. 

7.5.3 Limitations and further improvements  

There are a number of limitations associated with the study presented in this chapter that 

need to be further improved for clinical application of the SWE technique.  

Firstly, although the range of mechanical loading measured in this chapter (8-935 N; 0.06-6.67 

MPa) can be associated with some physiological activities, the lower limb tendons (such as 

patellar tendon) can be subjected to significantly higher loading during various activities (Ker 

et al., 1988; Cleather et al., 2013a). Therefore, the relationship between load and SWS should 

be further characterised with higher tensile forces in order to apply the SWE technique for all 

physiological activities.  

Secondly, the study presented in this chapter is limited to a single cadaveric specimen and the 

correlation between SWS and load (Figure 7.10) should be further assessed with more 

specimens to ensure reproducibility of the results. The relationship between SWS and load 

can then be integrated with subject-specific measurements of CSA and strain (using the same 

transducer) to develop regression models and quantify tendon forces from measured SWS. In 

addition, implementation of SWE and SE (using the same ultrasound transducer) provides an 

opportunity for accurate characterisation of properties of MSK tissues to quantify the relation 

between load, stiffness and SWS on a subject-specific basis.  
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Thirdly, the results from isolated tensile testing might not be extrapolated directly to interpret 

in-vivo physiological function of the tendon due to the difference between in-vitro and in-vivo 

conditions (Maganaris et al., 2002). In this study, the effect of water absorption of the tendon 

in the water tank, and the influence of using bone cement for holding the specimen (for 

example, increasing temperature during application of bone cement) on the mechanical 

properties of the tendon were assumed to be negligible. Therefore, the relationship between 

SWS and load should be clinically validated by applying the SWE method in-vivo and compare 

the results with estimation of tendon forces by other means (such as MSK models and force 

transducers). Investigation of the relationship between SWS and load in-vivo during 

physiological activity is a clear pathway for future directions of the study presented in this 

chapter. As mentioned previously, this can be integrated with subject-specific measurements 

of CSA and SE to directly quantify musculotendon forces based on SWS measurements, and 

use this technique for validating the MSK models.   

Fourthly, it should be noted that the SWS measurement is sensitive to several factors including 

the direction in which the SWS is calculated (Chatelin et al., 2014) and the size of ROI and 

border of tendons (Slane et al., 2015).  The SWS in the present study was measured in the 

longitudinal direction of the tendon’s fibres and the size and location of the ROI was set using 

the B-mode ultrasound image of tendon. Therefore, the effect of the transducer alignment, 

size of ROI and border of tendon should be taken into account for comparing the results with 

in-vivo measurements. 

Lastly, in this chapter, the SWS was measured during static loading of the tendon specimen 

(constant strain) and the effects of force/stress-relaxation and creep due to tendon 

viscoelasticity on the SWS was assumed to be negligible. This assumption is supported by 

DeWall et al. (2014) who observed no significant temporal changes in SWS within loaded 

tendons for 30 minutes. However, synchronous measurement of SWS and tensile force during 

dynamic loading of tendon can eliminate the force/stress-relaxation and creep effects on SWS 

calculations, and it can provide more information about the characteristics of SWS during 

dynamic loading conditions, as well as the effect of strain-rate on tendon stiffness.     
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7.6 Summary and conclusions 

This chapter presented an investigation of feasibility of an ultrasound-based imaging 

technique (SWE) for quantifying physiologically-relevant tendon forces. In the first part of this 

chapter, a brief background of the UE techniques including SE and SWE was provided, and the 

major limitations for implementing SWE techniques for quantifying tendon forces were 

outlined. Following this, an experimental protocol was developed to identify the correlation 

between SWS and load in a cadaveric human patellar tendon, and investigate the viability of 

SWE technique for quantifying physiologically-relevant tendon forces.  

The experimental procedure consisted of a conventional tensile test to measure the tensile 

load and SWS measurements using SWE technique in the patellar tendon specimen at various 

static loads. In this study, the tendon specimen was pulled to a pre-defined static tensile load 

and held to perform SWE measurements. A programmable Verasonics ultrasound scanner 

with an L7-4 linear array transducer was used to measure the SWS within the tendon at various 

static tensile loads. The procedure of SWE measurements consisted of generation of the shear 

wave by inducing a focused acoustic radiation force, ultrafast imaging of the propagated shear 

wave at 20000 frames/second and calculation of the SWS within the tendon.  

The developed system of SWE was customised and improved to allow imaging of fast shear 

waves expected in human tendons under physiologically-relevant (high) loading which is 

outside the normal range of the currently existing SWE systems. The SWS was measured with 

the SWE system and the corresponding tensile load was recorded from tensile test. Different 

static tensile loads, ranging from 8 N (stress = 0.06 MPa) to 935 N (stress = 6.67 MPa) were 

tested and the corresponding local SWS in the tendon was measured. Mean local SWS 

increased linearly from 10.8 m/s to 36.1 m/s with the increasing tensile load and a strong 

linear correlation between mean SWS and tensile load (r=0.99, p<0.01) was observed. 

In conclusion, the linear correlation between SWS and tensile load, and the high level of tensile 

load tested in this study confirm the potential application of SWE for quantifying 

physiologically-relevant tendon forces. This is the first study that has been able to measure 

physiologically-relevant levels of loading using SWE, and the results in this chapter can be used 

as a basis for further studies by revealing important information about the quantitative 

relationship between SWS and physiological loads. This can be potentially integrated with 
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measurements of CSA and strain of the MSK tissues on a subject-specific basis for direct 

independent measurement of musculotendon forces from SWS. This approach can be used as 

a novel non-invasive method for direct validation of the predicted musculotendon forces from 

MSK models in addition to the other techniques outlined in Section 2.4.3, as well as for 

treatment and diagnosis of MSK disorders.  
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 Chapter 8. Summary, conclusions and future 

directions 
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8.1  Chapter overview 

In this final chapter, the previous chapters of this thesis are recapitulated and a summary of 

the conclusions along with the limitations and future directions of the work in this thesis are 

presented.  

8.2 Summary of the thesis 

The structure of this thesis can be broadly categorised into three main sections of review 

(Chapter 2), experimental and modelling methods (Chapters 3 and 4) and results (Chapters 5, 

6 and 7). Chapter 2 presented a comprehensive review of MSK modelling techniques for 

quantifying the knee forces which provided motivation and justification for the work in the 

subsequent chapters. Chapters 3 and 4 provided an overview of the experimental methods 

used in the thesis for quantifying knee extensor forces; these methods were both physical and 

computational using MSK modelling. Chapters 5, 6 and 7 presented the results of this thesis 

regarding different approaches for quantifying the knee extensor forces, and verification and 

validation of the estimated forces.  

8.2.1 Towards more accurate quantification of knee forces 

Chapter 2 of this thesis presented a comprehensive review of the MSK modelling techniques 

focusing on quantification of knee forces, applications of the models, and the process of 

verification and validation of the models’ predictions. In this review, the common techniques 

for developing the MSK models to quantify knee forces were described. These techniques 

were described in terms of different measurement methods for acquiring the motion and 

external forces as the inputs into the models, the development process of different 

components of the models including the joint kinematic and kinetic sub-models, and the 

methods for estimating the muscle and joint forces. This review has shown that there is a 

complex set of sensitive modelling parameters in development of the knee joint models that 

should be considered for accurate quantification of the knee forces.  

This was followed by presenting various applications of the models in numerous fields of study 

to highlight the great potential of employing the models in clinical and personalised 

applications, and also the necessity of verification and validation of the estimated knee forces.  
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The process of verification and validation of the models’ predictions with respect to the 

underlying modelling parameters of the sub-models and their relevant outputs was then 

reviewed. This revealed that verification and validation of the models’ outputs, especially at 

the knee joint, remain as the most challenging task of MSK modelling, and there is a large 

number of parameters and uncertainties that need to be rigorously verified and validated 

according to the intended use of the model.  

In particular, the review of different methods for verifying the outputs of the sub-models and 

the model as a whole showed that the accuracy of the estimated knee forces is highly 

susceptible to different parameters of the joint kinematic model including the definition of 

the joint model, the method of quantifying the joint CoR and the effect of knee joint 

translations during motion. Therefore, a consistent methodology for evaluating the accuracy 

of these parameters is needed for verifying the knee joint models.  

The review of various techniques for validating the outputs of the models has identified the 

current challenges and limitations of the conventional methods for validating the models’ 

outputs, especially for the estimated knee muscle and joint forces. It was established that the 

current methods for validating the muscle forces are associated with several limitations which 

can hinder clinical validation of the outputs, therefore, there is a need for developing 

additional validation techniques. In the final sections of Chapter 2, some of the potential 

methods that can be alternatively used for independent cross-validation of the estimated 

muscle forces were reviewed. In these techniques, application of the imaging techniques, 

monitoring the metabolic activities of the muscles and brain activations were identified as the 

potential independent methods which should be further investigated for developing an 

additional method for validating the estimated muscle forces.  These were not addressed later 

on in this thesis and so remain potential future avenues for research.  

The review in Chapter 2 of this thesis highlighted a clear paucity of information regarding 

accurate quantification of knee forces, and indicated that there is a lack of consistent 

methodology for verification and validation of the knee joint models’ estimation in the large-

scale MSK model software platforms, which can be the potential reason for the large 

discrepancy in the reported estimation of knee forces in the literature (Wagner et al., 2013). 

This has formed the basis of the motivation behind this thesis and the work presented in the 

subsequent chapters. As a result, this thesis proposed a methodology for more accurate 
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quantification of knee forces by exploring different experimental, modelling and ultrasound-

based imaging techniques in order to improve hierarchical verification and validation of the 

knee joint model’s outputs in the large-scale MSK models.  

This methodology includes development of an experimental design for measuring the 

kinematics, kinetics and muscular activation of the knee joint during an isolated knee 

extension task, and employing these measurements for quantifying the knee extensor forces 

using two different MSK models. The two models represent a simplified model of the knee 

extensor mechanism and a large-scale 3D MSK model of the lower limb. The predictions of the 

models were then compared as an approach for verifying the estimation of knee forces and 

assess the viability of using the simplified models during planar experimental tasks as a simple 

and computationally-efficient tool for hierarchical evaluation of the large-scale MSK models 

at the knee joint. The simplified model was then employed to investigate the dependency of 

the knee extensor forces to the sensitive modelling parameters including the method of 

quantification of joint CoR and the effect of joint translations, as an approach for verifying the 

sensitivity of the knee joint models. In addition, the feasibility of an ultrasound-based imaging 

method in terms of SWE for quantification of knee forces as an independent validation 

approach of the estimated knee musculotendon forces was investigated. In summary, the 

proposed methodology for improving verification and validation of the knee forces in the 

large-scale MSK models includes the use of simplified deterministic models during a planar 

controlled experimental task, analysing the sensitivity of the forces to key modelling 

parameters, and finally employing an alternative independent technique using ultrasound 

imaging for quantifying the knee forces.  

8.2.2 Experimental and modelling techniques for quantifying the knee 
extensor forces 

The development of the experimental protocol to acquire the required data for the MSK 

models in this thesis was elaborated in Chapter 3. One-legged knee extension of the right 

lower limb against resistance in a seated position with slow constant angular velocity was 

selected as the main experimental task for isolating the activation of the knee extensor 

muscles and characterise the knee extensor mechanism to quantify the knee extensor forces.   
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This experimental task was conducted with simultaneous measurement of the kinematics and 

kinetics parameters as well as the activation of the knee flexor muscles, and tested on a cohort 

of 11 healthy male subjects.  

The kinematics parameters were measured using an optical motion tracking system and a 

manual digitisation process to locate the position of the segments. The accuracy of the motion 

data was verified by minimising the systematic and random errors through calibration and 

filtering techniques. A complete description of these techniques along with their justifications 

were given in Chapter 3.  

The kinetics parameters were measured in terms of the knee joint moments and the external 

forces acting on the leg during the experimental task. The knee joint moments were measured 

using an isokinetic dynamometer that controls the angular velocity of the motion while also 

measuring the joint torques. The measurements from the dynamometer were recorded as 

analog output signals and converted into torque and angular position through a calibration 

procedure. The technical accuracy of the dynamometer recordings was verified based on the 

calibration process and filtering techniques. In addition, the experimental considerations 

regarding the concept of constant angular velocity during an isokinetic exercise were 

discussed and incorporated to minimise errors in torque measurements.  

Different methods were employed to measure the external forces acting on the lower limb 

during the exercise including the reaction forces acting on the thigh and shank of the subjects, 

and the gravitational forces due to the mass of the leg.  

The reaction forces from the seat on the thigh were measured using a custom-designed digital 

scale. The scale design was customised such that the forces applied onto the scale can be 

quantified in terms of magnitude, direction and point of application and synchronised with 

the motion capture system. The digital readings of the scale during the experimental task were 

converted into analog outputs in order to synchronise with the motion data and then 

converted into load through a calibration procedure based on calibrated conversion 

coefficients driven from a regression model. The accuracy of the scale readings was assessed 

based on the calibration process and using filtering techniques.  

The reaction forces acting on the shank due to the resistance forces applied from the 

dynamometer were estimated based on the torque measurements and the moment arm of 
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the external forces using an analytical model of the knee extensor mechanism. The 

gravitational forces were estimated using the mass and position of the centre of mass of the 

segments based on the anthropometric model of de Leva (1996). 

In addition, surface EMG was used to evaluate whether the knee flexor (hamstrings) muscles 

are activated during knee extension. This was used in verification of the simplifying 

assumptions used in development of the simplified knee extensor model.   

The methods for verifying the accuracy of data acquisition through calibration processes and 

the experimental considerations for improving the accuracy of the measurements were 

extensively described in Chapter 3.  

The data acquired from the experimental measurements (Chapter 3) were used for 

implementing the MSK models of the knee extensor mechanism (Chapter 4) to quantify knee 

extensor forces. Two different MSK models were used in this thesis; a simplified model of the 

knee extensor mechanism (the 2D model) and a previously-developed large-scale 3D MSK 

model of the lower limb (FreeBody).  

The simplified model of the knee extensor mechanism consisted of two sub-models including 

the kinematic and kinetic models of the knee extensor mechanism which were employed to 

quantify the knee extensor muscle forces during knee extension. The development process of 

this model was described in terms of the underlying modelling parameters in Chapter 4 of this 

thesis. This was designed to be deterministic and so could be a form of verification of the more 

complex large-scale 3D MSK model.   

In the kinematic sub-model, the dataset acquired from the motion capture system was used 

to reconstruct the body segments and define the position and orientation of the segments 

with respect to each other. This was used to formulate the mathematical description of the 

segments’ motion and establish a knee JCS to calculate the tibiofemoral joint rotations and 

translations.  

In the kinetic sub-model, the patellar tendon forces during knee extension were determined 

based on a 2D analysis of the forces and moments acting on the tibia in the sagittal plane of 

the knee. In this way, the 2D model was simplified by making a number of assumption 

according to the design of the experimental task in order to develop a deterministic system of 

forces that can be readily solved. In this model, it was assumed that the knee joint moments 
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occur about the flexion-extension AoR, and the contribution of knee flexor muscles, ligaments 

and joint reaction forces in production of the resultant knee joint moments during the 

experimental task is negligible. These simplifications were made based on the nature of the 

experimental design, and they have been commonly used in many models of the knee 

extensor mechanism during controlled knee extension exercise in the literature (Smidt, 1973; 

Grood et al., 1984; Nisell et al., 1986; Ahmed et al., 1987; Herzog et al., 1993; Chow, 1999). 

In this model, the patellar tendon forces were determined based on the resultant knee joint 

moments and the external forces acquired from the dynamometer measurements, and 

estimating the moment arm of forces using the motion data. Also, the resultant knee joint 

moments were corrected for the effect of gravitational and inertial forces as well as 

malalignment of the knee AoR. The equilibrium of forces and moments was then used to 

quantify the patellar tendon forces during the experimental task.  

The geometry of the patellar tendon (the line of action and moment arm of the tendon force) 

was quantified through a quasi-static digitisation procedure using multiple calibration of the 

origin and insertion points of the patellar tendon in the expected range of motion of the 

dynamic trials. In this procedure, the patellar tendon origin (apex of the patella) and insertion 

(the tibial tuberosity) points were manually digitised at different rotation intervals of the 

expected range of motion, and the line connecting these points were defined as the line of 

action of the patellar tendon force. The moment arm of the patellar tendon force was then 

calculated as the shortest distance between the line of action and the knee CoR. A complete 

description of the modelling process pipeline of the simplified model was provided in Chapter 

4 of this thesis.  

FreeBody is another model that was employed in this thesis as a representative of a large-

scale MSK model software for quantifying the knee extensor forces. In this model, the motion 

data and the external forces captured from the experimental measurements were used to 

reconstruct the body segments and calculate the kinematics parameters. The kinematics 

parameters and the BSPs along with the external forces acting on the leg were then used to 

formulate the equations of motion and determine the inter-segmental forces and moments 

through an inverse dynamic analysis. The position and orientation of the body segments in 

FreeBody are described based on segmental motions rather than joint motions, and the 

equations of motion are formulated by considering the 6-DoF for each segment and no 
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constraints are imposed based on the joint kinematics. This means that the joints in the model 

represent both rotations and translations during motion.  

The calculated kinematics and kinetics parameters were then employed along with an MRI-

driven model of MSK geometry to calculate the muscle and joint contact forces using an 

optimisation approach. The optimisation in FreeBody was implemented for solving the 

equations of motion simultaneously at each time frame of the motion to determine the 

individual muscle and joint contact forces. The optimisation process was performed using a 

cost function based on minimising the muscle stresses and maximising the muscular 

endurance during motion. More details about the implementation of FreeBody in this thesis 

were described in Chapter 4.  

The MSK models outlined in this thesis were both implemented to quantify the knee extensor 

muscle forces using the acquired experimental measurements. The results from the models 

were then compared to evaluate the estimated knee extensor forces and assess the 

performance of the models for predicting knee forces. 

8.2.3 Verification and validation of the knee forces through experimental, 
modelling and ultrasound imaging techniques 

The nature of the experimental design for isolating the knee extensor muscular activations 

and controlling the planar motion of the knee has allowed a number of simplifying 

assumptions to be made for developing the 2D model. These assumptions were used in the 

2D model to reduce the number of unknowns and convert an indeterminate system to a fully-

deterministic system that can be readily solved for the knee extensor forces using a simple 

analytical model.  

In Chapter 5 of this thesis, the 2D model and FreeBody were both employed to quantify the 

knee joint rotations and extensor (patellar tendon) forces, and the outputs were compared to 

assess the models’ predictions. In this approach, the key modelling parameters in both models 

were characterised using equivalent methods to make an adequate comparison between the 

models.  

The comparison between the models’ predictions revealed similar outputs from the two 

modelling techniques with no statistically significant difference. The results indicated that the 

difference between the level of details and complexity of the models can be compensated 
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based on the experimental design and employing equivalent methods in both models for 

characterising the key modelling parameters to obtain similar outputs. 

In particular, it has been shown that the design of the experimental task by isolating the 

activation of the knee extensor muscles, and careful characterisation of the knee CoR, MSK 

geometry, moment arms of the extensor forces and co-activation of the knee flexor muscles 

can be incorporated in the development of the simplified model to compensate for the 

difference between the levels of details between the models and obtain similar predictions 

from the models.   

This approach was used as a method of hierarchical verification of the models to gain 

confidence in the models’ outputs. In this approach, the 2D model was employed as 

representative of a simplified deterministic model to evaluate the performance of FreeBody 

at the knee joint as representative of a large-scale MSK model software that uses optimisation 

techniques for quantifying the muscle forces.  

The results in Chapter 5 indicated that a simplified model can be reliably used during a 

controlled experimental task as a computationally-fast and effective tool for hierarchical 

verification of the knee joint model in optimisation-based MSK software to provide more 

confidence in the performance of the models. Therefore, this approach can be implemented 

along with other verification methods (Section 2.4.2) to reduce the uncertainties arising from 

the process of verification of the MSK models.  

A further aspect of the findings in Chapter 5 is providing a computationally-fast and practical 

way to investigate the sensitivity of the predictions to the key modelling parameters. This is 

important for implementing the large-scale MSK software as the employed underlying 

modelling parameters cannot be easily accessed or altered by the user, hence, limiting the 

control of the sub-models for analysing the sensitivity of the model predictions during the 

verification process. Therefore, this approach was employed in Chapter 6 by using the 

simplified model to investigate the sensitivity of the knee forces to the key modelling 

parameters including the method of quantifying the knee CoR and the effect of knee joint 

translations.   

In Chapter 6, the effect of different techniques for quantifying the knee CoR on the estimated 

knee extensor forces was investigated. These techniques consisted of geometric- and 
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functional-based CoR which were characterised as fixed- and moving-CoR to include the effect 

of tibiofemoral joint translations during motion. The geometric techniques were represented 

by the epicondylar axis of the femur, and the functional techniques were determined based 

on HA descriptions of motion.  

The results in Chapter 6 showed that the method of quantifying the knee CoR can significantly 

influence the estimation of the knee extensor muscle forces. The comparison between the 

use of geometric and functional techniques for quantifying the knee CoR revealed statistically 

significant changes in the estimated patellar tendon forces depending on the characterisation 

of the joint CoR in terms of fixed- or moving-CoR. This finding has highlighted the importance 

of considering the movement of the knee CoR and the tibiofemoral joint translations in the 

models for more accurate quantification of knee muscle forces, especially in clinical 

applications of the models.  

In Chapter 6, it was argued that the common assumption of using geometric fixed AoR (based 

on the bony landmarks of the femur) for characterising the knee joint motion may not be 

reliably used for accurate quantification of the knee muscle forces, and the movement of the 

knee centre and axis of rotation should be considered for calculating the muscle forces as it 

can significantly change the length of the moment arms of the muscles.  

However, a method for calculating an optimal fixed AoR using HA was proposed that can 

potentially be used to approximate the moving-AoR of the knee joint. Although, it has been 

shown that the anatomical location of the optimal AoR is highly dependent on the loading 

conditions of the activity, and this method may not be always used to represent the moving 

AoR of the knee.  

The clinical implications of the findings in Chapter 6 regarding the joint translations 

(movement of the knee AoR) were discussed in terms of the applications in alignment of the 

femoral component in TKA as well as the design parameters of the knee joint implants for 

preserving the natural knee muscle forces. The results support the use of knee navigation 

systems in TKA, and those designs of knee joint implants that take into account the 

tibiofemoral joint translations for replicating the normal physiological function of the knee for 

improving the outcome of TKA.  
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The findings in Chapter 6 also highlighted one of the potential example for clinical applications 

of the MSK models in TKA. It was demonstrated that the models can be used as a tool to 

evaluate the characteristics of the knee joint in terms of the AoR and joint translations for 

restoring the natural function of the knee muscle forces. This is important because in clinical 

practice evaluation of knee joint replacement surgery has typically relied on intraoperative 

manual testing of the joint kinematics by the surgeons (Fleming et al., 1992; Victor, 2009). 

Therefore, MSK modelling techniques can be used to provide a quantitative representation of 

the joint characteristics as an additional technique for assessing the performance of the 

implants. For example, the effect of pre- and post-operative alignment of the knee joint 

implant with respect to the knee AoR, or the function of the implant in terms of replicating 

the joint translations can be tested to evaluate natural preservation of the muscle forces and 

improve the clinical outcomes of TKA. This is also important for improving the long-term 

satisfaction of the patients after TKA, as there is evidence indicating that the current clinical 

outcomes of TKA should be improved, and TKA has shown more dissatisfaction among 

patients in comparison with hip arthroplasty (Bourne et al., 2010). 

Additionally, in Chapter 6, the motion pattern of the knee AoR during the experimental task 

was visualised with respect to the skeletal anatomy to represent the joint translations and 

provide an insight into the relationship between the anatomical location of the AoR, functional 

role of the ligaments, geometry of the femoral condyles and the effect of loading conditions. 

This was used to indicate how the change in the anatomical location of the knee AoR can help 

to understand the knee joint functional anatomy for stabilising the joint.  

Analysis of the knee AoR movement has shown that the joint kinematics are not the only 

determinants of the tibiofemoral joint translations and motion pattern of the AoR, and the 

functional effect of the ligament restraints, femoral geometry, and loading conditions due to 

internal and external forces during different activities can all contribute to the movement of 

the knee AoR and joint translations.  

The analysis of the knee joint function by visualising the movement of the AoR indicated that 

quantitative representation of the moving AoR can be used as an intuitive tool for 

understanding the knee joint functional articulation, which can be implemented at a subject-

specific level within the MSK models for different clinical applications. This approach can be 

used as a practical tool for interactive analysis of knee joint function and the effect of joint 
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translations, and also provide an opportunity in the multidisciplinary development of 

clinically-relevant models. For example, by integrating MSK modelling with virtual reality and 

machine learning for simulations and developing guidelines in the joint replacement and 

ligament reconstruction surgeries as well as revision planning, such as the studies presented 

by Millán-Vaquero et al. (2016), Millán-Vaquero et al. (2015), Eckhoff et al. (2001) and Wolf et 

al. (2007). 

In Chapters 5 and 6 of this thesis, different experimental and modelling methods for 

evaluating the estimated knee forces in the verification process of the models were presented. 

The findings in these chapters can be used to provide confidence in the solutions of the 

mathematical descriptions of the models, and evaluate if the underlying mathematical 

equations are solved within an accepted accuracy. However, it is clear that this does not 

necessarily mean that the correct mathematical descriptions are chosen for representing the 

MSK system from the perspective of the intended use of the models. Therefore, validation of 

the models’ predictions against independent measurement techniques is still required. 

Given the limitations of the current methods for validating the knee muscle forces outlined in 

Chapter 2, the feasibility of an additional technique based on ultrasound imaging (SWE) was 

investigated in Chapter 7 of this thesis as a novel approach for independent quantification of 

the knee musculotendon forces. 

In Chapter 7, the feasibility of SWE technique for quantifying physiologically-relevant tendon 

forces was explored in a human patellar tendon specimen through a preliminary study. In this 

study, an experimental protocol was developed to measure the SWS (using the SWE 

technique) and tensile load (using a conventional tensile test) in human patellar tendon to 

identify the direct relationship between SWS and tensile force under physiological loading. 

The employed SWE system was customised to allow imaging of faster shear waves expected 

in human tendon under physiologically-relevant (high) tensile forces which is outside the 

normal range of the currently available SWE systems. As a result, the largest tensile load (935 

N) and SWS (36.1 m/s) measured by the SWE technique in human tendon were obtained when 

compared to the literature. These measurements are beyond the capability of the current 

existing SWE systems indicating the inability of the current systems for measuring SWS within 

tendon under physiological loading.  
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The results in Chapter 7 have illustrated that the SWS increases linearly by increasing the load 

in tendon, and there is a strong (statistically significant) linear correlation between SWS, 

tensile forces and tensile stress. The strong linear correlation between SWS and tensile load, 

and the high level of tensile load tested in this study confirm the potential application of SWE 

for quantifying the physiologically-relevant tendon forces.  

The study in Chapter 7 presented a novel approach for independent quantification of the 

tendon forces under physiological loading using the SWE technique. As explained in Chapter 

7, this approach can be implemented along with measurements of CSA and displacements 

(strain) of the MSK tissues (using a single ultrasound transducer) during dynamic activities to 

quantify the musculotendon forces from SWS. The use of ultrasound techniques for measuring 

CSA and displacements in MSK tissues to characterise the viscoelastic properties of the tissue 

have been previously elaborated in the literature (Maganaris, 2002; Kongsgaard et al., 2007; 

Pearson et al., 2007; Guo et al., 2010; O’Brien et al., 2010; Passmore et al., 2017) which can 

be integrated with SWE technique to directly quantify MSK loading. This approach can be used 

as a potential measurement technique for quantitative validation of the predictions from the 

MSK models along with the other validation techniques (Chapter 2) to obtain more accurate 

estimation of musculotendon forces and improve the clinical applicability of the models. For 

example, this approach may be used in addition to EMG as the most prevalent method of 

validating the musculotendon force, given the fact that the use of EMG is associated with 

several limitations and it may not be implemented as a quantitative validation method 

(Chapter 2). 

Moreover, integration of SWE with MSK modelling techniques provides an opportunity for 

subject-specific characterisation of the MSK geometry and estimation of tendon properties 

under loading which can be used in direct validation of the MSK geometry and muscle-tendon 

models within the large-scale MSK models (Peolsson et al., 2010; Hicks et al., 2015; Passmore 

et al., 2017).   

8.3  Limitations and recommendations for further improvements 

The work presented in this thesis is associated with a number of limitations. In this section, 

some of the general limitations that are commonly shared in the MSK models along with the 

relevant recommendations for further improvement of the work in this thesis are 
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summarised. A more detailed description of the technical limitations were presented in the 

respective section of each chapter. 

The MSK modelling techniques in this thesis have been developed based on an assumption 

that the lower limb segments can be characterised as a series of rigid segments. This is a 

fundamental assumption for most MSK models in the field of biomechanics as the basis for 

developing the models. Although this assumption has been well established in different 

models, it is clear that the non-rigid deformation of the body segments due to the soft tissues 

may not be always characterised under rigid-body conditions. Therefore, it is recommended 

to quantify the sensitivity of the kinematics data to a certain degree of non-rigidity of the 

segments, such as the method presented by Söderkvist et al. (1993), for accommodating the 

deformability of the segments and reduce the clinically-relevant errors.  

There are several potential sources of error associated with kinematics data acquisition using 

optical motion tracking systems. There is a large number of investigations in the literature 

regarding these errors which have been extensively reviewed in Chapter 2 of this thesis. The 

first source of error is in identification of the bony landmarks using manual palpation and the 

placement of the markers. Errors in identification of the landmarks and poor placement of the 

skin markers can markedly change the determination of the joint kinematics and lead to 

misinterpretation of the results. Also, the kinematics data are highly susceptible to soft tissue 

artefacts due to the movement and deformation of the skin relative to the underlying bone 

during motion. Soft tissue artefact has been identified as one of the most critical and frequent 

source of error for measuring the kinematics data in human movement analysis (Peters et al., 

2010). The effect of skin motion artefact and errors in anatomical location of the landmarks 

can be further assessed by analysing the sensitivity of the model outputs to variability in the 

kinematics data (for example, due to the intra- and inter-examiner variability)  to identify the 

potential sources of errors and also quantify the range of confidence in the results. This can 

then be used to improve the accuracy of the kinematics data by optimising the experimental 

protocol for marker placement and identification of landmarks. Also, the consistency of the 

kinematics data can be further assessed based on the underlying kinematics constraints, and 

an optimisation algorithm can then be applied to adjust the kinematics inputs data to satisfy 

the constraints.  
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Another source of error is associated with the kinetics (external forces) data acquisition 

process. In this thesis, the external forces acting on the segments during knee extension were 

estimated from analog measurements of the knee joint torques using a dynamometer, and a 

customised scale (Chapter 3). In this way, the external forces were quantified by making 

simplifying assumptions for determining the direction and application point of the forces 

during motion, and the magnitude of the forces were determined based on the analog 

measurements using calibrated conversion coefficients (Chapter 3). The reaction forces from 

the lever arm of the dynamometer acting on the shank of the subjects were assumed to be 

perpendicular to the lever arm and act through the pivot point of the resistance pad during 

motion. The reaction forces from the seat acting on the thigh of the subjects were assumed 

to be perpendicular to the seat and a point load application of the force was assumed to act 

on the thigh during knee extension. Although these assumptions were made according to the 

experimental design, the accuracy of these assumptions should be further assessed by 

investigating the sensitivity of the model predictions to possible changes in direction and point 

of application of the external forces during the dynamic trials. This can be used to quantify the 

range of confidence in the kinetics input data and therefore improve the accuracy of the 

results.       

Moreover, instrumental errors which are caused by either systematic errors associated with 

the acquisition equipment and experimental setup, or by random errors generated during 

acquisition process have their own inherent limitations for capturing the kinematics and 

kinetics data. These sources of errors along with the common methods for minimising them 

have been reviewed in Chapter 2 and Chapter 3 of this thesis. Although these errors have been 

minimised in this thesis by using calibration, manual digitisation and filtering techniques, they 

still might be present in the kinematics and kinetics input data. Measuring the effect variability 

in kinematics and kinetics data through sensitivity analysis can improve the accuracy of the 

results in this thesis.  

In the MSK models of this thesis, the BSPs including the mass, position of the centre of mass 

and moments of inertia of the segments were determined using the generic anthropometric 

model of de Leva (1996). This model provides an estimation of the BSPs based on a subject’s 

height and weight. It is clear that this is an approximation to a more subject-specific estimation 

of BSPs, and it can affect the outputs of the models as described in Chapter 2. However, the 
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influence of BSPs on the results of an inverse dynamic analysis has been found to be small 

(Pearsall et al., 1999). Therefore, the use of generic anthropometric model seems to be a 

reasonable approach for estimating the BSPs.    

The simplifying assumptions used in the 2D model were justified according to the 

experimental task for keeping the design of the model as simple as possible to develop a 

deterministic force system. Although these simplifications have been used in various knee 

models, the validity of the simplifying assumptions with respect to the activity under 

investigation and the intended use of the models should be considered for using a simplified 

knee model in hierarchical verification of a complex 3D model.  

The methodology presented in this thesis for evaluating the predictions of knee forces using 

a simplified model may not be appropriate for analysing high intensity and high acceleration 

activities. In these activities, the assumptions in the simplified model regarding the effect of 

knee flexor muscles, ligaments, joint reaction and inertial forces as well as the moment 

generating capacity of the other structures crossing the joint can be undermined. Therefore, 

the simplified model may no longer be sufficient for estimating the knee forces, and 

alternative verification techniques should be implemented. In these activities, the 

physiological-relevance of the employed cost function in the optimisation-based models 

should also be considered for assessing the performance of the model as discussed in 

Chapter 5.  

In this thesis, the knee extensor muscle forces were characterised in terms of the patellar 

tendon forces, and the quadriceps muscle forces were not included in the analysis. The 

methodology proposed for assessing the estimation of the knee extensor muscle forces from 

a large-scale MSK model (FreeBody) using a simplified model should be further investigated 

by analysing the quadriceps forces. This can be performed by incorporating the quadriceps 

forces in the simplified model of the knee extensor mechanism using the force ratio between 

the patellar and quadriceps tendons as a function of knee flexion angle (Mason et al., 2008), 

or developing a simplified model of the patellofemoral joint for analysing the forces acting on 

the patella during motion and estimating the quadriceps forces based on the force and 

moment equilibrium at the patella (van Eijden et al., 1986; Cleather et al., 2014). Also, the 

multi-plane load-sharing of the quadriceps components can be estimated by approximating 
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the contribution of each muscle from the previous studies (Zhang et al., 2003; Wilson et al., 

2009; Powers et al., 2010). 

Moreover, the simplified model can be further improved (based on the same dataset acquired 

in this thesis) by incorporating the cruciate ligaments and joint contact forces in the model 

using simplifying assumptions to offer more detailed analysis of knee forces. However, this 

would meant that the model would not be deterministic and so other limitations may be 

introduced. The simplified model of Cleather et al. (2014) indicates an example of inclusion of 

ligaments and joint contact forces in a simplified model of the knee for analysing the forces 

an moments acting on the tibia, patella and femur during motion.  

The knee joint motion in this thesis was analysed unilaterally in the right leg of the subjects, 

and unilateral models were used to estimate the knee forces. Therefore, the results were 

interpreted by assuming that the loading in both limbs is symmetrical. This is a reasonable 

assumption for bilateral activities (Messier et al., 2016), however, there is evidence suggesting 

that the biomechanics of the knee may be different between the limbs, and the functional 

characteristics of the knee may not be always symmetrical (Creaby et al., 2012). Therefore, it 

is recommended to analyse the motion of the side of interest for clinical applications of the 

models.  

Moreover, only male subjects were investigated in the experimental task of this thesis. 

Although the biomechanics of the knee extensor mechanism has been found to be similar in 

both genders (Chen et al., 2010), the anatomy of males and females is different, particularly. 

This can affect the MSK geometry model and the scaling method for developing subject-

specific geometry, which should be considered for analysing female subjects. 

The feasibility study of using SWE for quantifying the tendon forces and the relationship 

between SWS and load presented in Chapter 7 should be further tested in-vivo for clinical 

application of the SWE technique. This can be done by applying the SWE technique along with 

SE in the same experimental protocol used in this thesis and compare the results with the 

estimation of the MSK models. The experimental model proposed in this thesis can be 

effectively employed for in-vivo testing of the SWE technique and integrating ultrasound 

imaging with MSK modelling methods as demonstrated in the previous studies (Kongsgaard 

et al., 2007; Pearson et al., 2007; Guo et al., 2010; O’Brien et al., 2010) to develop a non-

invasive technique for direct quantification of MSK loading. In this experimental model, the 
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ultrasound transducer can be fixed onto the muscle or tendon of interest to measure SWS 

along with CSA and displacements of the tissue and quantify the forces during functional 

activities.   

8.4 Concluding remarks and future directions 

The findings in this thesis with respect to the objectives outlined in Chapter 1 can be 

summarised as shown below. 

• The experimental protocol used in this thesis for simultaneous measurement of knee 

motion, torques, external forces and muscular activation can be effectively used to 

develop a simplified deterministic model of the knee extensor mechanism for 

quantifying the knee extensor forces in which the key modelling parameters are 

sufficiently included. The combination of the measurements in the experimental 

design of this thesis for quantifying the knee extensor muscle forces has not been 

previously investigated in the literature.   

• The 2D simplified models of the knee can be used along with large-scale 

comprehensive MSK models for accurate quantification of the knee extensor muscle 

forces during controlled planar activities by considering the experimental factors and 

key modelling parameters in both models. 

• The simplified models of the knee can be used as a computationally-fast and effective 

tool for enhancing hierarchical verification of the large-scale MSK models in which the 

knee forces are normally estimated using optimisation techniques. In this approach, 

the predictions of the models during a controlled experimental task can be compared 

to provide confidence in the performance of the knee joint models and estimation of 

knee forces.  This method can be integrated as an automated tool within the MSK 

models software to reduce the difficulties regarding verification of the models.  

• The motion of the knee includes both rotations and translations causing the knee AoR 

to move during different activities. The knee joint translation (moving AoR) can highly 

influence the estimation of the knee muscle forces, therefore, it should be included in 

the knee joint models for accurate quantification of the knee muscle forces. The 

movement of the AoR can also provide an insight into the functional anatomy of the 

knee which can be used in clinical applications of the MSK models. 
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• SWE can be potentially used as a non-invasive direct technique for quantifying the 

physiologically-relevant musculotendon forces. This can be implemented as a novel 

approach along with the conventional techniques for independent validation of the 

predictions of musculotendon forces from the MSK models.  

MSK models provide a powerful tool for dynamic simulations of movement to analyse the 

internal loading of the MSK system which can be used in numerous clinical applications. The 

large-scale MSK model software typically includes a sophisticated amount of details in order 

to incorporate the complexity of the MSK system and provide more realistic simulations. 

However, the model’s complexity is associated with computational inefficiency for including 

the complete description of the MSK system which is inevitably simplified to some extent. This 

implies that a reliable process of verification and validation is essential for clinical and subject-

specific applications of the MSK model software.  

However, the process of verification and validation of the models’ outputs to ensure the 

simulations accurately represent the essential physiological system and make trustworthy 

conclusions remains as the biggest challenge for clinical application of the models. The lack of 

understanding about the characteristics of the MSK models at subject- and task-specific levels 

is an impediment for applying the models as a clinical tool. This issue becomes more 

exacerbated in verification and validation of the knee forces due to the complexity of the knee 

joint. 

The work presented in this thesis proposes a methodology for better understanding the 

function of a large-scale MSK model at the knee joint by using a simplified model and 

controlling the experimental task which can be used for enhancing the verification of the knee 

joint models and gain more confidence in the results.  

In this thesis, it has been shown that the combination of experimental, modelling and 

ultrasound imaging techniques can be used as an approach for evaluating the estimated knee 

muscle forces through MSK modelling techniques and achieve more accurate estimation of 

knee forces. In particular, it has been shown that the use of simplified models during a 

controlled experimental task can be used as a practical tool for reducing the uncertainties in 

the models and improve the process of verification. This is important as some measures of 

complexity of the knee joint during a controlled experimental task may be unnecessary which 
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allows a simplified model with a certain level of details to be sufficiently used for analysing 

the motion of the knee and estimate the knee forces. In addition, it has been shown that 

alternative techniques for measuring the muscle forces (such as SWE) could be used for 

independent validation of the outputs of the models.   

The methodology presented in this thesis can be used to guide the user of the model towards 

those parameters that are most likely need to be carefully characterised at a subject-specific 

level, as well as the degree to which the subject-specific accuracy is required for clinical 

applications of the models. Given the growing interest of using MSK software packages, the 

importance of the work in this thesis can be highlighted for transforming the MSK models to 

a versatile clinical tool. However, given the limitations of the current methods for validating 

the estimated muscle forces from the MSK models (Chapter 2), further work is required for 

developing a non-invasive independent quantitative method for validating the muscle forces 

in-vivo.  

In the human body, the neuromuscular and MSK systems work in concert with muscular 

metabolism to produce the motion of the body segments, and the production of movement 

is the resultant of many different neurological, mechanical, physiological and metabolic 

variables working together. The measurement of the responses of these variables to muscular 

contraction can be used as an independent measure for cross-validation of the muscle forces. 

The review in Chapter 2 has highlighted some of these variables along with their measurement 

techniques that can be potentially correlated to muscular activation. These include 

measurement of mechanical properties of the muscles, metabolic activities of the muscles 

including blood flow, oxygen and glucose uptake and heat production, and brain activations.  

The clinical validation process of the muscle forces can be strengthened by combining the MSK 

models with conventional biomechanical measurements and the measurements of these 

variables allowing for an integrated investigation of the motion with respect to the muscle 

forces. The feasibility of using ultrasound imaging (SWE) for independent quantification of the 

musculotendon forces has been investigated in this thesis (Chapter 7) as an example of using 

the alternative measurements for validating the muscle forces. As described previously, this 

technique (SWE and ultrasound imaging) can be implemented in-vivo during functional 

activities in order to provide an additional measurement for validating musculotendon forces. 
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This can be considered as one clear pathway for the future directions of the work presented 

in this thesis.   

In addition, measurement of the responses of other variables to muscular contraction 

provides an opportunity for multidisciplinary collaboration between the field of MSK 

biomechanics and other research areas (such as neuroscience and applied physiology) to 

better understand human motion, and provide an in-depth characterisation of muscular 

activation in production of movement as well as improving validation of the MSK models’ 

predictions of muscle forces.  

The experimental model used in this thesis is an appropriate model for testing the feasibility 

of the alternative measurements during isolated muscular contraction with other 

biomechanical parameters. Examples of this can be seen in the literature (Saltin, 1985; 

Shoemaker et al., 1994; Shoemaker et al., 1996; Rådegran, 1997; Rådegran et al., 1998; Saltin 

et al., 1998; Kalliokoski et al., 2000; Hoelting et al., 2001) for continuous monitoring of the 

local and metabolic responses to contraction of muscles.  

Therefore, the use of emergent measurement techniques for developing a surrogate cross-

validation method to provide more confidence in the estimated muscle forces can be 

considered as one of the future directions in the field of MSK biomechanics for transforming 

MSK models to a viable clinical tool. 

The wider context of these type of work needs to be also considered. The use of MSK models 

in various clinical applications such as orthopaedic surgeries, product design and muscle force 

modification strategies (as described in Chapter 2 of this thesis) is not a pre-requisite for 

improvement and management of MSK disorders, and other techniques such as medical 

imaging, cadaveric testing, epidemiological approaches and surgical interventions may all be 

employed. Therefore, MSK modelling can assist all of these techniques as a complementary 

approach to improve diagnosis and treatment of MSK disorders as the second largest disability 

worldwide.     
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This appendix presents the mathematical derivation of the clinically-relevant rotations and 

translations of the knee (tibiofemoral) joint explained in Chapter 4. 

Knee joint rotations  

As described in Chapter 4, the rotation matrix describing the orientation of the tibia relative 

to the femur at each time frame (i) of the motion was determined as follows:  

RTib
Fem(i) = [

XTib(i). XFem(i) YTib(i). XFem(i) ZTib(i). XFem(i)

XTib(i). YFem(i) YTib(i). YFem(i) ZTib(i). YFem(i)

XTib(i). ZFem(i) YTib(i). ZFem(i) ZTib(i). ZFem(i)
] B.1 

The nine components of this rotation matrix were determined as a function of the clinical 

rotations of the knee (α, β, γ) using the relations between the unit vectors of the ACF of the 

femur and tibia, and the knee JCS. These relations were derived based on the definitions of 

dot product, cross product and the knee joint clinical rotations, and using trigonometric and 

vector algebra identities:  

XFem. e2 = cos(α)  B.2 

XTib. e2 = cos(γ)    B.3 

ZFem. YTib = e1. e3 = cos(β)    B.4 

YFem. e2 = cos (
π

2
+ α) = − sin(α)    B.5 

ZTib. e2 = cos (
π

2
+ γ) = −sin(γ) B.6 

e2 × XFem = ZFem sin(α) = e1 sin(α)    B.7 

e2 × XTib = −  YTib sin(γ) = −e3 sin(γ)    B.8 

YTib × ZFem = e3 × e1 = e2 sin(β)    B.9 

YFem × e2 = −ZFem sin (
π

2
+ α) = −ZFem cos (α) = −e1 cos (α)    B.10 
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The nine components of the rotation matrix in Equation B.1 were then calculated as a function 

of the clinical rotations of the knee using the relations found in Equations B.2 to B.10 as 

follows: 

The first-row-first-column component of the matrix:  

XTib. XFem = XFem. [( XTib. e2). e2 + (XTib. (e2 × YTib))(e2 × YTib)] =  

= (XTib. e2)(XFem. e2) + [(XTib. (e2 × YTib)] [XFem. (e2 × YTib)] =  

= cos(γ)cos(α) − [e2. (XTib × YTib)][YTib. (XFem × e2)] =  

= cos(γ)cos(α) + (e2. ZTib)(YTib. ZFem) sin(α) =  

= cos(γ) cos(α) − sin(γ)  cos(β) sin(α)  B.11 

The second-row-first-column component of the matrix:  

XTib. YFem = YFem. [ ( XTib. e2). e2 + (XTib. (e2 × YTib))(e2 × YTib)] =  

= (XTib. e2)(YFem. e2) + [(XTib. (e2 × YTib)] [YFem. (e2 × YTib)] =  

= −cos(γ) sin(α) + [e2. (YTib × XTib)][YTib. (YFem × e2)] =  

= −cos(γ) sin(α) + (e2. ZTib)(j. ZFem)cos(α) =  

= −cos(γ) sin(α) − sin(γ) cos(β) cos(α) B.12 

The third-row-first-column component of the matrix:  

XTib. ZFem = ZFem. (XTib × ZTib) = ZTib. (ZFem × YTib) = −ZTib. e2 sin(β) =  

= sin(γ) sin(β) B.13 

The first-row-second-column component of the matrix:  

YTib. XFem = YTib. (YFem × ZFem) = YFem. (ZFem × YTib) = −sin(β) (YFem. e2) =  

= sin(β) sin(α) B.14 
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The second-row-second-column component of the matrix:  

YTib. YFem = YTib. (ZFem × XFem) = XFem. (YTib × ZFem) = (XFem. e2) sin(β) =  

= cos(α) sin(β) B.15 

The third-row-second-column component of the matrix:  

YTib. ZFem = cos(β)      B.16 

The first-row-third-column component of the matrix:  

ZTib. XFem = XFem. [( ZTib. e2). e2 + (ZTib. (e2 × YTib))(e2 × YTib)] =  

= (ZTib. e2)(XFem. e2) + [(ZTib. (e2 × YTib)] [XFem. (e2 × YTib)] =  

= −sin(γ) cos(α) + [e2. (YTib × ZTib)][YTib. (XFem × e2)] =  

= −sin(γ) cos(α) − (e2. XTib)(YTib. ZFem) sin(α) =  

= −sin(γ) cos(α) − cos(γ) cos(β) sin(α)  B.17 

The second-row-third-column component of the matrix:  

ZTib. YFem = YFem. [( ZTib. e2). e2 + (ZTib. (e2 × YTib))(e2 × YTib)] =  

= (ZTib. e2)(YFem. e2) + [(ZTib. (e2 × YTib)] [YFem. (e2 × YTib)] =  

= sin(γ) sin(α) + [e2. (YTib × ZTib)][YTib. (YFem × e2)] =  

= sin(γ) sin(α) − (e2. XTib)(YTib. ZFem) cos(α) =  

= sin(γ) sin(α) − cos(γ) cos(β) cos(α)  B.18 

The third-row-third-column component of the matrix:  

ZTib. ZFem = ZFem. (XTib × YTib) = XTib. (YTib × ZFem) = (XTib. e2) sin(β) =  

= cos(γ) sin(β) B.19 
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Therefore, the rotation matrix in Equation B.1, can be written in terms of the knee joint 

rotation angles as follows: 

RTib
Fem(i) =   

= [

c(γ)c(α) − s(γ) c(β) s(α) s(β) s(α) − s(γ)c(α) − c(γ) c(β) s(α)

−c(γ)s(α) − s(γ)c(β) c(α) c(α) s(β) s(γ) s(α) − c(γ)c(β) c(α)

s(γ) s(β) c(β) c(γ)s(β)

] B.20 

 where c refers to cosine and s refers to sine of the respective angles. 

Knee joint translations 

As explained in Chapter 4, the transformation from the ACF of the femur (Fem) to the knee 

JCS (e) was determined as follows:  

[TFem
e ] = [

XFem. e1 YFem. e1 ZFem. e1

XFem. e2 YFem. e2 ZFem. e2

−XFem. e3 −YFem. e3 −ZFem. e3

]

e

 B.21 

The nine components of this transformation matrix were determined in terms of the joint 

rotations (α and β), using the definitions of dot product, cross product, ACF of the femur and 

tibia, the knee JCS, and using the relations in Equations B.2, B.4, B.5, B.14 and B.15. Therefore:  

[TFem
e ] = [

XFem. e1 YFem. e1 ZFem. e1

XFem. e2 YFem. e2 ZFem. e2

−XFem. e3 −YFem. e3 −ZFem. e3

]

e

=  

= [

0 0 1
c(α) − s(α) 0

− s(β) s(α) −c(α) s(β) −c(β)
] B.22 

where c refers to cosine and s refers to sine of the respective angles. 

 


