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Abstract  

Individuals with unilateral transfemoral amputation depend on compensatory muscle and 

joint function to generate motion of the lower limbs, which can produce gait asymmetry. 

Osseointegration is an alternative technique to socket-based prostheses that is used for reducing 

socket-skin contact problems. However, between-limb differences in joint kinematics and net 

joint moments may lead to abnormal hip joint contact behavior and muscle function. The aim 

of this dissertation is to investigate gait compensatory mechanism in individuals with 

transfemoral amputations fitted with socket (TFA) and bone-anchored prostheses using 

osseointegrated implants (BAP). In this study, two experimental and computational approaches 

were used to quantify the contributions of the intact and residual limb’s contralateral muscles 

to body center of mass acceleration and hip joint contact forces during walking. In the first 

approach, kinematics and kinetics data were collected from 6 TFAs and 4 BAPs performing 

over-ground self-selected walking task. In the second approach, a processing framework was 

employed using OpenSim software and MATLAB API scripting for developing three-

dimensional musculoskeletal models and then to predict muscle forces and muscle contribution 

to waling and hip joint reaction forces.  

It was found that the intact limb hip muscles contributed more to body center of mass 

acceleration and hip contact forces than those in the residual limb. The results also suggest that 

osseointegrated amputees could quantify to decrease the asymmetries in the biomechanical 

measures between the intact and residual limbs than socket-based prosthesis amputees. The 

findings of this study would be useful in developing rehabilitation training programs and design 

of prostheses to improve gait symmetry and mitigate post-operative musculoskeletal 

pathology.   
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1.1 Motivation for studying muscle behavior in 

individuals with transfemoral amputation during 

gait 

Transfemoral amputation is associated with substantial functional limitations, which 

affect daily activities and social life (Hammarlund et al., 2011, MPhty, 2012). Secondary 

diseases, which involve musculoskeletal disorders such as the intact limb hip and knee joints 

osteoarthritis (OA) and low back pain, often occur over time in transfemoral amputees (Struyf 

et al., 2009, Morgenroth et al., 2012). Thus, understanding muscle function to help avoid OA 

and low back pain is important.  

Previous gait analyses in patients with transfemoral amputation have focused on 

spatiotemporal parameters, joint kinematics and kinetics, muscle electromyography (EMG) 

and consequently asymmetry and changes to the amputee’s walking patterns compared to non-

amputees (Jaegers et al., 1995b, Jaegers et al., 1995a, Jaegers et al., 1996, Kaufman et al., 2007, 

Kaufman et al., 2012). Although new socket designs have improved walking, skin problems 

are still a major concern (Van de Meent et al., 2013). As a result, osseointegrated prosthesis 

have been sought as a way to combat these problems and have been recognized as the better 

alternative in some cases (Branemark et al., 2001, Al Muderis et al., 2018). On the other hand, 

more recent studies have shown that lower extremity muscles such as ankle plantarflexors and 

knee extensors are responsible to generate motion in non-amputees (Liu et al., 2006, Pandy and 

Andriacchi, 2010, Lin et al., 2015). In transfemoral amputees with socket and osseointegrated 

implants, these muscles are absent and thus other intact and residual limb muscles must 

compensate the lost muscles role to perform a movement. Investigation of muscle forces is 

required for understanding the compensatory mechanism employed by amputees. 
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An overarching aim of this dissertation is to investigate the individual lower limb muscle 

function during walking in transfemoral amputees. Post-amputation rehabilitation is a 

prominent procedure trying to maximize the amputee’s capabilities to walking and prevent 

injuries. While transfemoral amputees use compensatory mechanism to generate a movement, 

they may confront musculoskeletal disorders due to amputation more than non-amputees 

(Struyf et al., 2009, Morgenroth et al., 2012). Understanding the walking strategies among both 

TFAs and BAPs is also crucial to devise new training programs and improve prosthesis designs 

with the aim of increase in activities performance and prevention or postponement the 

subsequent musculoskeletal diseases.  

 

1.2 Rationale for use of computer-based 

musculoskeletal modeling and simulation 

The intact limb lower-extremity joint injuries in unilateral transfemoral amputees occur 

when large mechanical loads are applied to the joint. Thus, knowledge of the forces that joint 

sustains is of importance for understanding the criteria that affect joint loadings. Also, the most 

fundamental way to explain muscle recruitment strategies during walking in transfemoral 

amputees is understood by how much force each muscle generates to move body center of mass 

forward, upward and sideway. Direct measurement of muscle forces in vivo through non-

invasive way is not feasible. However, some studies have reported muscle forces in human 

using invasive methods such as strain-gauge transducers for a limited number of muscles 

(Komi et al., 1987, Fukashiro et al., 1995). In other words, such methods are not able to 

calculate the forces of multiple muscles at time (Komi et al., 1987).  
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In a computer-based simulation, a number of muscle significant parameters such as a 

time history of musculotendon length during movements can be estimated using computer 

models. The time history is of particular relevance in the scope of injuries related to muscle 

strain. Years of using musculoskeletal models have shown development in the accuracy of 

anatomy and anthropometry of the individual during dynamics locomotion in non-amputees 

(Delp and Loan, 1995, Anderson and Pandy, 1999, Liu et al., 2006, Chumanov et al., 2011). 

Thus, understanding human movement biomechanics and motor control have been achieved 

using musculoskeletal simulations. Musculoskeletal models provide a quantitative prediction 

of the loads produced by individual muscles. Computational musculoskeletal simulations have 

enabled researchers to investigate the role of muscles in walking in healthy and amputee groups 

(Liu et al., 2008, Pandy and Andriacchi, 2010, Silverman and Neptune, 2010, Dorn et al., 

2012b, Silverman and Neptune, 2012).  

OpenSim, an open-source musculoskeletal modeling platform (Delp et al., 2007) and 

MATLAB API scripting were used as primary computational tools in this dissertation. The 

OpenSim models are comprised of solid segments, joints, muscle model, musculotendon 

parameters and physiological force-length-velocity properties of muscle, which all are 

integrated to create musculoskeletal models. The OpenSim community has developed different 

models for non-amputees; however, creating and developing musculoskeletal models for 

transfemoral amputees is required to analyze and investigate the role of lower limb muscles 

during daily activities. 

   

1.3 Contributions of the dissertation and specific 

aims 
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The overall aims of this dissertation were to provide a better comprehension of the 

mechanism that transfemoral amputees employ during walking. This was achieved using 

experimental data recorded from transfemoral amputees walking at their self-selected speed 

and computational musculoskeletal modeling to simulate and analyze walking. The findings of 

this dissertation will not only contribute to areas such as biomechanical engineering and 

rehabilitation engineering but also advance the use of human-motion computer-based 

modeling. Thereafter, the key contributions of this dissertation are as follows:  

1. Developed a 3D musculoskeletal model for transfemoral amputees fitted with 

socket and osseointegrated prosthesis. 

Decades of laboratory-based studies have shed light on differences in 

biomechanical criteria during walking in transfemoral amputees. Spatiotemporal 

parameters, joints kinematics, kinetics, and EMG-based studies were reviewed and 

summarized to depict the asymmetries associated with transfemoral amputees fitted 

with socket and osseointegration prosthesis. Although these studies provide valuable 

information on walking strategies, the perception of the dynamical role of muscles to 

generate motion is vital to understand how transfemoral amputees employ 

compensatory mechanisms. In chapter 3, experimental and computational approaches 

including data collection protocol, musculoskeletal model development, and 

mathematical procedures were presented to represent transfemoral amputee. 

 

2. Evaluated the functional behavior of lower extremity muscles during self-selected 

over-ground walking of transfemoral amputee groups with socket and 

osseointegrated implants. 

Previous studies have mostly used EMG to study the role of lower-extremity 

muscles, in particular, proprioception and muscle activation, during walking in 
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transfemoral amputees. However, these parameters do not illustrate the forces produced 

by muscles. Given that the muscles play a critical role in propel, support and control of 

the body, quantifying lower limb muscle function may extend the current knowledge 

about walking mechanisms in both amputees with socket and osseointegration 

prosthesis. Since osseointegration has introduced new way to combat socket-skin 

difficulties, it is more important to investigate its effect on walking mechanism. In 

chapter 4, the muscle forces and muscle contribution to walking were calculated using 

experimental data and developed computational musculoskeletal models.   

 

3. Quantified the intact and residual limb hip joint contact forces and then identified 

and determined major muscle groups that contribute to the hip contact forces.  

Walking asymmetries have been illustrated to increase the risk of hip OA in 

transfemoral amputees. To numerically assess hip joint forces, chapter 5 quantified the 

resultant hip contact forces in the intact and residual limb of amputees. Using 

experimental data and musculoskeletal model as well as the results of muscle 

contribution to walking calculated in chapter 4, the muscle contribution to hip contact 

forces were computed for both amputees wearing socket and osseointegration 

prosthesis to evaluate how muscles generate hip forces during walking. 

  

1.4 Outline of the thesis 

• Chapter 2 describes the comprehensive literature review relevant to the objectives 

of this dissertation. The following topics will be discussed in this chapter: 

Biomechanical parameters in transfemoral amputees walking, Muscle behavior in 

walking of transfemoral amputees, Muscle contribution to walking, Muscle 
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contribution to hip contact force during walking, Musculoskeletal modeling and 

challenges.  

• Chapter 3 presents a detailed overview of musculoskeletal modeling development 

for transfemoral amputees.  

• Chapter 4 focuses on individual muscle behavior in walking of transfemoral 

amputees with socket and osseointegration prosthesis.  

• Chapter 5 investigates individual muscle contribution to joint contact forces during 

walking of transfemoral amputees. 

• Chapter 6 presents a conclusion and future work associated with the discussion and 

limitations of this dissertation.  
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This chapter provides a comprehensive review of the walking biomechanics literature in 

people with unilateral transfemoral amputation. It begins with a definition of transfemoral 

amputation, after which a literature review of the gait parameters associated with unilateral 

transfemoral amputee walking is described, discussing kinematics, kinetics, muscle 

electromyography (EMG) and muscle forces. Thereafter, a computational perspective is taken, 

discussing the outcome delivered by simulation and modeling is emphasized. The chapter 

concludes with the specific questions addressed by this thesis.  

  

 Background and literature 
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2.1 An overview of transfemoral amputation 

Transfemoral or above-knee amputation is a surgical procedure that removes a lower 

extremity from the body at or above the knee joint (Berke et al., 2008), to remain as many 

healthy bones, muscles, and vessels (Figure 2.1). Amputations are notably caused by peripheral 

vascular disease, diabetes, infection, trauma, and cancer. However, the leading cause of 

amputation has been reported to be due to severe vascular and diabetic disease (Gottschalk, 

1999). The risk of lower extremity amputation has been estimated to increase up to fifteen 

times in diabetic people (Nelson et al., 1988). In addition, the annual financial burden of the 

lower limb amputation had been reported to be between £50 and £75 million in the UK at the 

period of 2003-2008 (Moxey et al., 2010).  

 

Figure 2.1- An individual with unilateral transfemoral amputee (Ottobock). 

 

In total, each year over 150,000 people undergo amputation surgery due to vascular 

disease or diabetes around the world (Dillingham et al., 2005). The number of individuals with 
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lower limb amputation has increased over the past decade in Australia (Dillon et al., 2017). In 

Australia, the most common reason for lower limb is diabetes, which accounts for 85% of cases 

(AIHWb, 2014). Approximately, 222,000 transfemoral amputees were living in the US by the 

year 2008, which is 20% of the total amputees' population (Berke et al., 2008). It is also 

predicted that the number of lower extremity amputees will double by 2050 (Ziegler-Graham 

et al., 2008).  

Based on the level of amputation, some muscles, which mostly span the knee joint, will 

be removed and some bi-articular muscles spanning the hip and knee joints will be re-anchored. 

The re-anchorage strategy usually depends on what muscle stabilization technique is used, 

myoplasty or myodesis. In the traditional method, myoplasty, both agonist and antagonist 

muscles such as hamstrings, rectus femoris, and adductor magnus will be sutured over the end 

of stump without preserving muscle tension (Gottschalk, 2004). The muscle tension is not 

preserved through myoplasty. Thus, another surgical procedure which is known myodesis have 

been recommended for the hip adductors and medial hamstring to be directly re-inserted to the 

end of femur under tension (Gottschalk, 2004, Tintle et al., 2010). As a result, the capacity of 

these muscles to generate forces and moments about the hip has been improved (Ranz et al., 

2017). 

Transfemoral amputees replace a part of the leg, which is lost because of amputation, 

with prosthesis enabling most of them to perform daily activities. One conventional method to 

fix the prosthesis to the body is by employing a custom-designed socket (Figure 2.2). Of those 

conventional socket transfemoral amputees, one third experiences severe skin pain and 

discomforts related to the socket-skin interface (Rommers et al., 1996, Hagberg and 

Brånemark, 2001b, Meulenbelt et al., 2009, Butler et al., 2014), which has resulted in low 

quality of life and doing daily activities (Pezzin et al., 2000, Demet et al., 2003, Pezzin et al., 

2004a). Although new socket designs have improved walking, socket-stump interface 
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problems including dermatitis, acne, pressure sores as well as inappropriate control for support 

and propel the body are still major concerns (Hagberg and Brånemark, 2001b, Dudek et al., 

2005, Meulenbelt et al., 2011, Van de Meent et al., 2013). As a result, osseointegrated 

prosthesis have been sought as a way to alleviate these problems and have been recognized as 

a suitable alternative in many cases (Branemark et al., 2001, Al Muderis et al., 2018). This 

bone-anchored approach has been utilized as an intervention to mitigate skin problems and 

improve quality of life (Branemark et al., 2001). In this method, the prosthesis is directly 

attached to the bone through a percutaneous implant system (Branemark et al., 2001, 

Brånemark et al., 2014) (Figure 2.3). This type of surgery has been depicted additional benefits 

to the amputees including walking ability improvement (Frossard et al., 2010, Hagberg et al., 

2014), energy cost reduction (Van de Meent et al., 2013), awareness improvement through 

osseoperception (Jacobs et al., 2000, Haggstrom et al., 2013), good alignment of femur and hip 

range of motion (Frossard et al., 2013, Frossard, 2019, Frossard et al., 2019). 

 

Figure 2.2- A socket-type prosthesis. 

(Moveforwarddpt)  

 

Figure 2.3- An osseointegrated transfemoral 

amputee. (Kennon) 

 

Individuals with unilateral transfemoral amputation have shown musculoskeletal 

disorders when compared to able-bodied people. For example, a greater prevalence of the hip 
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and knee osteoarthritis (OA) in the intact limb with 14% than non-amputees, has been 

evidenced in their population (Morgenroth et al., 2012, Welke et al., 2019). The greater risk of 

developing the knee OA of the intact limb in transfemoral amputees than non-amputees has 

been depicted in previous studies (Hungerford and Cockin, 1975, Kulkarni et al., 1998, Melzer 

et al., 2001). For instance, approximately two-third of transfemoral amputees fitted with socket 

have exhibited knee degeneration in the intact limb, compared with one-fifth of a matched 

control group (Hungerford and Cockin, 1975). Norvell et al have indicated that the 

symptomatic knee OA in the intact limb of lower limb amputees was greater than the non-

amputees, even when the subjects with a knee trauma history were excluded from the study 

(Norvell et al., 2005). In another study, 27% of individuals with lower extremity amputation 

has been reported to be indicative of the intact limb knee OA in comparison with 2% of non-

amputees (Struyf et al., 2009).  

There is a strong relation between joint conditions and mechanical loading and joint OA 

development. The loading abnormality of the articular cartilage lends evidence to the incident 

of OA (Radin et al., 1991, Felson et al., 1992). The body weight effect on joint degeneration is 

an important factor in the OA pathogenesis (Felson et al., 1992, Messier et al., 2005).  It also 

has been confirmed that an increase in GRFs may be directly associated to a high possibility 

of lower limb joints OA in healthy subjects (Lemaire and Fisher, 1994, Robbins et al., 2001). 

Hence, greater GRFs in the intact limb than that of the residual limb of transfemoral amputees 

may contribute to joint loading abnormalities and degeneration.  

Transfemoral amputees also have been reported to exhibit a higher risk of low back pain 

(Kulkarni et al., 2005, Morgenroth et al., 2009, Morgenroth et al., 2010, Matsumoto et al., 

2018). These secondary musculoskeletal disorders have mostly resulted from disability in 

mobility, which affect their quality of life and physical activity such as walking and running 

(Hagberg and Brånemark, 2001b, Hagberg et al., 2004, Van de Meent et al., 2013).  
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2.2 Biomechanical parameters in transfemoral 

amputees during walking 

This section reviews previous studies on spatiotemporal parameters, kinematics, kinetics, 

EMG and muscle forces in transfemoral amputees.  

 Spatiotemporal, kinematics and kinetics 

Gait deviations in transfemoral amputees fitted with socket prosthesis have been 

extensively investigated in previous studies, including reduction in walking speed and increase 

in metabolic cost of energy compared to able-bodied people (Vaughan et al., 1992, Jaegers et 

al., 1995b, Boonstra et al., 1996, Genin et al., 2008). Transfemoral amputees have shown longer 

stance phase and stride length as well as wider stride width in the intact limb in comparison 

with their residual limb and non-amputees (Jaegers et al., 1995b, Mattes et al., 2000, Segal et 

al., 2006, Hof et al., 2007, Goujon-Pillet et al., 2008, Highsmith et al., 2010, Pinard and 

Frossard, 2012, Wentink et al., 2013). Furthermore, the higher hip joint range of motion and 

ground reaction forces (GRFs) in the intact limb than those of the residual limb have been 

found in previous experimental studies (Sjödahl et al., 2002, Sjödahl et al., 2003, Goujon-Pillet 

et al., 2008, Schaarschmidt et al., 2012, de Cerqueira et al., 2013). Reduced hip, knee and ankle 

moments, works and powers have been observed in the residual limb relative to those of the 

intact limb during walking (Seroussi et al., 1996, Segal et al., 2006, Prinsen et al., 2011, Okita 

et al., 2018).  

However, a few studies have considered biomechanical parameters in individuals with 

osseointegrated prosthesis during gait. Previous studies have observed increased self-selected 
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walking speed, shorter walking time and quicker cadence in the osseointegrated amputees in 

comparison to socket amputees as well as slower cadence and larger walking duration 

compared to non-amputees (Hagberg et al., 2005, Frossard et al., 2010, Tranberg et al., 2011, 

Pinard and Frossard, 2012, Van de Meent et al., 2013, Leijendekkers et al., 2017, Robinson et 

al., 2020).  

 

2.2.2 EMG and muscle forces in transfemoral amputees 

Muscle behaviors in transfemoral socket amputees have primarily been focused on 

studies associated with EMG. A greater level of muscle activation and longer duration have 

been observed in transfemoral amputees compared to non-amputees (Jaegers et al., 1996, Bae 

et al., 2009, de Cerqueira et al., 2013, Wentink et al., 2013). Wentink showed longer activity 

in most of the upper leg muscles of the residual limb in late-stance in contrast to non-amputees, 

which may be due to increase in socket fitting by lifting the prosthesis in the swing phase (Hong 

and Mun, 2005, Wentink et al., 2013). In addition, the prolonged activity of the lower limb in 

the intact limb (Wentink et al., 2013), including soleus and tibialis anterior, may be related to 

an increase in ankle plantarflexors’ work in pre-swing to push the body forward and also assist 

foot clearance (Seroussi et al., 1996, Nolan and Lees, 2000). In another study, the activation of 

gastrocnemius and the coactivation of the upper leg intact limb's muscles were shown to be 

greater in amputees than a control group, which may correspond to excessive ankle power of 

the intact limb relative to the residual limb (Bae et al., 2009). In osseointegrated transfemoral 

amputees, the similarity was found in the function of the residual limb's hip muscles activities 

compared to those in able-bodied people (Pantall and Ewins, 2013).  
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2.3 Musculoskeletal modeling and challenges 

This section explains challenges in human locomotion modeling and muscle force 

prediction. These challenges are resulted from the experimental data collection process. 

Therefore, the limitations of the results of muscle forces must be taken into account. Besides 

the simulation' challenges, the merits of computational and simulation-based approaches are 

discussed. Finally, the muscle forces' validation during walking will briefly be reviewed, which 

can be evidence to justify some of the challenges.  

Only few studies have used simulation and modeling to investigate gait in transfemoral 

amputees. Burkett et al. developed a simple two-dimensional model, using a forward dynamics 

approach, to simulate the swing phase of the residual limb to optimize knee position (Burkett 

et al., 2004). In other simulation studies, 2D dynamic models of the residual limb were 

developed to optimize knee motion controller with the focus on gait biomechanical measures, 

including spatiotemporal parameters, joint kinematics, and kinetics (Pejhan et al., 2008, 

Shandiz et al., 2013). Also, a 2D musculoskeletal model was constructed to minimize muscles 

metabolic cost of energy with the purpose of optimizing knee joint friction of the residual limb 

(Suzuki, 2010). Collectively, a comprehensive three-dimensional musculoskeletal simulation 

should be utilized to indicate well the role of muscles and act more realistic to human walking.    

Bae et al. calculated muscles forces using dynamic simulation and found that the forces 

generated by the hip abductors and extensors and knee extensors of the intact leg were greater 

than those in the residual limb, which is because of inadequate hip joint torque in the residual 

limb relative to the intact limb (Bae et al., 2007). A muscle-driven simulation technique was 

utilized to examine differences in muscle forces to minimize the period of swing phase (Suzuki, 

2010). Furthermore, Ranz et al. investigated the effect of amputation techniques on muscle 

load during walking. The musculoskeletal model results showed that the balance and capacity 
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of muscles were greater when myodesis stabilization was considered (Ranz et al., 2017). 

However, the latter observation concluded hip adduction moment and moment arm, the lack of 

reporting individual muscles forces still exists. Thus, variations in muscles forces in 

transfemoral amputees should be well illuminated to distinguish the role of muscles in walking. 

Ranz' model also used data from one non-amputee which does not reflect the real behavior of 

amputees. Also, Ranz' study did not consider prosthesis properties such as mass, center of mass 

and moment of inertia. 

 

2.3.1Computational frameworks in muscle forces 

prediction during walking 

The method of muscle forces and activations’ calculation has been a debatable topic. It 

is impossible to directly and non-invasively measure muscle forces. Nonetheless, some 

invasive techniques such as strain-gauge transducers have been applied to measure muscle 

forces (Komi et al., 1987, Fukashiro et al., 1995, Komi et al., 1996, Komi, 2000). Ethical 

considerations do not encourage the in vivo regular use due to many known disadvantages such 

as indistinguishable between muscles and between muscle and tendon components. In addition, 

such methods are capable of measuring a single muscle force and then cannot be included the 

coordination of multiple muscles at a time.  

Musculoskeletal models and simulation frameworks have widely been used to 

understanding muscle behaviors during daily activities due to unfeasibility of invasive 

measurements of the biomechanical parameters such as muscle forces (Zajac et al., 2002, Zajac 

et al., 2003). These frameworks mathematically represent human body and include skeleton, 

which is a series of rigid bodies, that connects by varying degrees of freedom of joints. The 
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skeleton joints are then actuated by muscles (Delp et al., 1990, Ward et al., 2009). A human 

body, which uses the same principles of a multi-body dynamics to simulate robots and 

machines, is actuated by the muscles and GRFs to produce locomotion (Erdemir et al., 2007). 

On the other hand, the lack of suitable muscle model and geometry, then physical muscle 

properties as well as a large number of muscles have been recognized as major challenges in 

human motion simulation (Erdemir et al., 2007, Fregly et al., 2012). For instance, opposed to 

large number of muscles, limited number of equilibrium equations exist to predict the muscle 

forces. Thus, this inherent property ideally propelled researchers in using optimization-based 

approaches. To calculate muscle forces, a musculoskeletal model needs to consider the muscle 

lines of action and moment arms, the force-generation muscle properties and an optimization 

technique. Each of these features will be discussed below. 

 

2.3.1.1 Muscle lines of action and moment arms 

Each muscle crossing the joints is determined by unique origin and insertion points. The 

muscle paths, however, are often represented as curves around joints. A muscle line of action 

is defined as the direction of the resultant generated force at each point of attachment. The 

moment arm is referred to the perpendicular distance between the joint center of rotation and 

the muscles line of action. The joint torque is estimated as a product of the muscle force and 

the moment arm. A biarticular muscle spanning two joints produces different torques of joint. 

The greater joint torque occurs at the joint with a larger moment arm. A muscle moment arm 

needs an accurate estimation for the calculation of the joint torque to drive human motion (Delp 

and Loan, 1995). 
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2.3.1.2 Muscle model: Force-generation properties   

A muscle, which is responsible for body posture and locomotion, is excited and activated 

by a neural signal and then produces force and power. Muscles are connected to the skeleton’s 

bones through tendons. The properties of muscle force generation configure the principles of 

producing force and movement. The magnitude of a muscle force depends on the length-

velocity relationship of the muscle fibers (Hill, 1953, Bahler, 1968). As shown in Figure 2.4, 

the relationship between the force and the length of a muscle describes the amount of force 

generated at different muscle lengths. The percentage of muscle excitation is determined by 

the shape of the force-length graph. Also, the force-velocity curve depicts that increasing 

velocity of concentric (shortening) contractions will rapidly generates less force and greater 

force will be because of increasing velocity of eccentric (lengthening) contractions.  

 

Figure 2.4. The maximum isometric force (𝐹𝑜
𝑚 ) describes the force in the muscle under 

maximum (100%) isometric contraction. As seen in the active force-length curve (left), peak 

force is produced when the muscle is at its resting length (𝑙𝑜
𝑚). When a muscle is shortened 

below or above its resting length (i.e. a muscle operating on the ascending or descending 

region, respectively), it produces less force output. Passive force is produced when the 

muscle is lengthening but not active. The force-velocity curve (right) shows that under 

isometric conditions, the muscle is neither shortening or lengthening. A muscle produces no 

force when it reaches its maximum shortening velocity (𝑉𝑚𝑎𝑥). 
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Hill-type muscle-tendon actuator is mostly used to model a muscle which is connected 

in series with an elastic tendon (Hill, 1938, Zajac and Gordon, 1989). Based on this model, a 

muscle comprises active and passive elements acting in parallel. The inherent parameters of 

the Hill-type model, which are due to a great number of cadaver studies (Delp et al., 1990, 

Ward et al., 2009), are a maximum isometric force, pennation angle, muscle fiber length and 

tendon slack length (Thelen et al., 2003). 

 

2.3.1.3 Methods of muscle force estimation 

To estimate muscle forces, various optimization means as described in this subsection 

may be used. 

Inverse dynamics methods only require the joints position and GRFs as external forces to 

calculate the forces of muscles spanning the joints. Forward dynamics techniques try to use 

muscle excitation/activation to generate the desired motion. These two methods are based on 

optimization; however, forward dynamics uses one optimization problem during a complete 

gait cycle and is a more computationally expensive approach. In inverse dynamics-based 

methods such as static optimization, an objective function is applied to iteratively compute and 

update muscle forces at each time step. In forward dynamics, the tracking error between 

experimental data and kinematics predicted by the model is minimized to iteratively estimate 

muscle excitations.   

Static optimization strategies have been applied to various daily activities of healthy and 

pathological subjects such as walking (Anderson and Pandy, 2001b, Pandy and Andriacchi, 

2010, Lim et al., 2013), running (Edwards et al., 2010, Dorn et al., 2012b) and landing 

(Mokhtarzadeh et al., 2013, Ewing et al., 2016). This approach is sensitive to the selected 
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objective functions including the sum of squared muscle stress, instantaneous muscle power, 

and minimizing total muscle activations (Crowninshield and Brand, 1981, Collins, 1995, 

Rasmussen et al., 2001, Cleather and Bull, 2011). A major limitation associated with static 

optimization theory is its inability to accurately predict co-activation of agonist-antagonist 

muscles (Lin et al., 2011). In a mathematical model, the two-joint antagonistic muscles such 

as the contraction of rectus femoris and hamstrings during cycling have been demonstrated to 

be simultaneously activated as they are shortening (Ait-Haddou et al., 2000). Multiple degrees-

of-freedom (DOF) systems have been shown to produce incompatible forces when considered 

with fewer DOFs (Jinha et al., 2006). However, static optimization approach has been proven 

to predict muscle contraction in a system with one and three DOF knee joint during a landing 

motion (Mokhtarzadeh et al., 2014). 

Forward dynamics method includes excitation-contraction dynamics which acts 

differently than static optimization. An objective function along with a constraint that limits 

excitation between 0 and 1 is utilized. Regarding the time limitations of numerous integrations 

of the model state equations performance, simplifications such as the reduction in the number 

of muscles (Davy and Audu, 1987) and grouping excitation patterns (Neptune and Hull, 1998) 

are applied. In 2003, computed muscle control algorithm (CMC) was introduced which 

requires one integration of the state equations and includes many muscles to produce a muscle-

actuated forward simulation (Thelen et al., 2003). CMC thrived to diminish the computational 

cost evolved from dynamic optimization by including both static optimization and feedback 

control theory. Notably, CMC has been used to predict muscle forces during walking 

(Anderson and Pandy, 2003), running (Lin et al., 2012) and landing (Mokhtarzadeh et al., 

2014). 

In addition to the optimization techniques explained above, a neuromusculoskeletal 

tracking (NMT) can be applied to dynamically resolve muscle redundancy problem (Seth and 
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Pandy, 2007). NMT considers forward dynamics and an additional time-dependent objective 

function. In all optimization techniques, the selection of objective function is controvertible. 

Although Pandy has shown that different objective function would result in similar muscle 

forces (Pandy et al., 1995), it has been found producing realistic gait requires fatigue-like cost 

functions (Ackermann and Van den Bogert, 2010). 

EMG-driven forward dynamics model is another technique to predict muscle forces. The 

EMG data is used to prescribe muscle activations into the model (Hof and Van den Berg, 1981). 

The requirement of this method is the isometric EMG and joint torque relationship obtained 

through maximal isometric trials to measure maximum voluntary contractions (MVCs). An 

EMG-to-activation model was utilized in a broad range of tasks to represent muscle activation 

to estimate the joint moments calculated by inverse dynamics (Lloyd and Besier, 2003, Shao 

et al., 2009, Sartori et al., 2012). To represent physiological parameters, EMG-driven models 

need a time-consuming calibration process. Furthermore, muscle forces are calculated by 

multiplying maximum isometric force and EMG activation normalized by MVC in EMG-to-

force models. The predicted muscle forces of ankle plantarflexors have been depicted good 

correlation to those estimated using static optimization, however, the forces generated by knee 

muscles have shown less correlation (Bogey et al., 2005, Heintz and Gutierrez-Farewik, 2007). 

Finally, a measured MVC is mostly subjective and depends on the subject motivation to 

contract a muscle to a maximum level. 

In general, measuring EMG signals depends on many factors (De Luca, 1997); some 

controllable factors are called extrinsic factors such as electrode placement and type of signal 

measurement device, while some intrinsic factors related to the inherent properties of the 

muscle such as fiber density, diameter, and depth. The EMG signals can also be contaminated 

by noises caused by skin artefact and cross-talk from nearby muscles. Thus, the measured 

signals of reliability are influenced. Moreover, suitable signal processing methods should be 
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selected. Regarding the limitations of EMG data recording and interpreting, these models must 

be used carefully. 

   

2.3.2 Challenges in modeling 

Experimental measurements must be used to validate musculoskeletal modeling (Zajac 

et al., 2002). One potential challenge relates to experimental errors (e.g. GRF, EMG and 

kinematics) and model errors when joint kinematics and marker trajectories and inertial 

characteristics of prosthesis are computed (Dumas et al., 2016). These unavoidable and 

common errors in biomechanics, which affect the accuracy of the muscle forces, could be 

reduced through filtration of data (Kristianslund et al., 2012, Kristianslund et al., 2013). 

Another inherent challenge in human locomotion simulation and muscle force estimation is the 

effect of changes in the musculotendon properties. Although the Hill-type model is one of the 

widely-used muscle models in computer-based simulations, some of its parameters (e.g. fiber 

and tendon slack length) may have intrinsic errors evolved from medical images during 

determining some anatomical variables (Wretenberg et al., 1996, Tsaopoulos et al., 2007). 

Moreover, maximum isometric forces measurements obtained from cadavers may be 

controversial, in which they may not represent the exact behavior of muscles during daily 

activities of humans. However, experimental measures only in gait are standardized. The 

maximum isometric force must be varied for each muscle to ensure the generated muscle forces 

are enough to balance the forces and moments around joints with the net joint torques (Dorn et 

al., 2012b). 

Another issue concerning simulation is that major lower extremity muscles are more 

sensitive in the prediction of muscle forces through changes in the muscle moment arm and 

tendon slack length (Ackland et al., 2012). However, the sensitivity of muscle-tendon slack 
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length to muscle function has been indicated to be greater than that of muscle moment arm 

(Ackland et al., 2012). Although the above-mentioned challenges in the simulation may affect 

the accuracy of the results, the biomechanical areas take advantage of musculoskeletal 

modeling due to its superior to invasive procedures (Fregly et al., 2012).   

 

2.4 Induced acceleration analysis of human 

locomotion: state of the art 

In a dynamic system, the effects of individual forces to generate coordinated motion are 

identified using induced acceleration analyses. In fact, accelerations caused or induced by 

individual forces are computed using this method. For instance, individual actuators (e.g. 

muscles and devices) function in producing human motion are often determined by these 

analyses (Zajac et al., 2002, Zajac et al., 2003). Induced acceleration analyses have been shown 

as powerful techniques to identify targeted muscles for surgical procedures such as muscle 

lengthening and tendon transfer or exercise training and rehabilitation programs. The 

development and design of prostheses, orthoses, and exoskeletons can also be influenced by 

identifying muscle behaviors.  

As described in section 2.3, muscle forces can be calculated using musculoskeletal 

modeling. Thereafter, induced acceleration analyses are capable to interpret how each force 

contribute to generating the simulated movement, which cannot be achieved by another 

method. These state-of-the-art analyses, particularly, determine the role of individual muscles 

to either accelerate or decelerate body center of mass and joint. In the application to human 

movements, these techniques have been used to identify muscles adaptation to walking 

(Neptune et al., 2001, Anderson and Pandy, 2003, Neptune et al., 2004, Liu et al., 2006, Lim 
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et al., 2013, Lin et al., 2015), running (Dorn et al., 2012b, Hamner and Delp, 2013, Debaere et 

al., 2015), turning (Ventura et al., 2015), pathologic gait (Peterson et al., 2010, Steele et al., 

2010, Silverman and Neptune, 2012), stair walking (Lin et al., 2015), upslope/ downslope 

walking (Pickle et al., 2016), and other tasks.  

Induced acceleration analyses have been assessed pathological gait to explain that how 

altered movement patterns may be evolved from differences in individual muscles functions. 

For example, crouch gait in children with cerebral palsy is characterized by excessive hip and 

knee flexion. This analytical method has revealed that greater crouched postures are provided 

by an increase in the uniarticular knee extensor demand. Because, a reduction in the efficacy 

of body support from a straighter leg posture increases the contribution of muscles to skeletal 

support (Steele et al., 2010). In people with stroke, the higher functional walking status has 

been depicted to associate with the hip abductors and ankle plantarflexors’ contributions to 

body propulsion (Hall et al., 2011).  

In below-knee amputees, the residual limb’s body propulsion is reduced due to the lack 

of ankle plantarflexor muscles function. This reduction is correlated with a decrease in the 

ipsilateral knee extensors forces to maintain constant walking speed by slowing down of the 

body center of mass (Silverman and Neptune, 2012). The approach of induced acceleration 

methods has demonstrated that the reduced knee extensors’ contributions to body support and 

backward propulsion (breaking) in patients with total knee arthroplasty may be related to the 

movement patterns of quadriceps avoidance. As an adaptation strategy, trunk muscles provided 

greater contributions to supporting and breaking the body by forward leaning of the trunk (Li 

et al., 2013).  

Induced acceleration analysis approaches can also be applied to determine how muscles 

contribute to joint contact forces. In people with transfemoral amputation, the intact limb hip 
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and knee joint has been proven to be in a high risk of OA (Struyf et al., 2009, Morgenroth et 

al., 2012). Similarly, identifying muscle behaviors in joint loads are of importance in 

rehabilitation training to prevent osteoarthritis progression and joint pain. Obviously, the 

results of induced acceleration analyses have delivered valuable information in understanding 

pathological gait patterns with many potential applications for clinical translation.  

 

2.5 Muscle contributions to walking  

The muscles’ coordination act as actuators to enable the body operating over ground 

walking, running and up-down stairs walking (Zajac, 2002, Zajac et al., 2002, Pandy and 

Andriacchi, 2010). Each muscle accelerates joints via generating a torque about that joint, 

which is defined by multiplying muscle moment arm (i.e. the distance from the joint center) 

and muscle force, to initiate movement (Zajac et al., 2002). In addition, non-crossing joint 

muscles have been shown to accelerate that joint via the dynamic coupling mechanism. In this 

regard, an individual muscle contribution to center of mass (COM) acceleration is calculated, 

consequently using Newton’s Third Law, its contribution to the forces and moments generated 

by the foot-ground interaction is computed (Pandy et al., 2010, Dorn et al., 2012a, Lim et al., 

2013, Lin et al., 2015). The individual muscle contribution to the gravity, inertia and foot-

ground interaction is in good agreement with the laboratory-collected GRF patterns (Anderson 

and Pandy, 2003). As the GRF is the main external force acting on the foot, in which by 

applying the Newton's Second Law, necessitates behaving as the primary responsible for the 

body COM acceleration (Winter, 2009). In addition, transfemoral amputees are unique 

population because inverse dynamics can be validated with direct measurements (Dumas et al., 

2016). 
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Previous studies on able-bodied subjects have extensively investigated the role of lower 

limb muscles in the fore-aft, vertical and mediolateral COM acceleration which represent 

forward progression (accelerate or decelerate the body), body support against gravity and 

mediolateral balance, respectively (Neptune et al., 2001, Anderson and Pandy, 2003, Neptune 

et al., 2004, Liu et al., 2006, McGowan et al., 2009, Pandy et al., 2010). These studies have 

mentioned that the vasti and gluteus maximus contributed to braking in early stance, while 

soleus and gastrocnemius were the major contributors in the late stance (Zajac et al., 2003, 

Neptune et al., 2004, Lim et al., 2013, Lin et al., 2015). Body support was mostly provided by 

the vasti, gluteus maximus and gluteus medius in the first half of stance and the ankle 

plantarflexors contributed to vertical COM acceleration in the second half of stance (Liu et al., 

2006, Pandy and Andriacchi, 2010, Lim et al., 2013). Individual muscle contribution to 

mediolateral COM acceleration has also been considered during walking. The hip adductors 

and hamstrings have been shown to be important contributors to lateral COM acceleration 

during early stance to maintain body balance (Pandy et al., 2010, Silverman and Neptune, 

2012). Soleus and gastrocnemius were responsible for providing lateral acceleration during late 

stance (Allen and Neptune, 2012, Silverman and Neptune, 2012). The medial balance was 

notably provided by gluteus medius throughout stance (Pandy et al., 2010, Lim et al., 2013), 

whereas tensor fascia latae contributed medially in mid-stance (Allen and Neptune, 2012, 

Silverman and Neptune, 2012). The vasti acted to accelerate the body laterally in early stance 

(Pandy et al., 2010, Lim et al., 2013). However, one study has found the medial contribution 

of the vasti to COM acceleration (Allen and Neptune, 2012).  

In lower limb amputees, either the role of some missed muscles such as soleus, 

gastrocnemius and the vasti or the re-anchored muscles of the residual limb such as hamstrings 

may influence ambulation and result in gait compensatory mechanism. There is only one study 

investigated muscle contribution to GRF impulse in transfemoral amputees using optimization 
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through a forward dynamics technique (Ranz, 2016). Ranz found that intact limb's body 

support was primarily provided by tibialis anterior, gluteus maximus, gluteus medius, and 

hamstrings in the first half of stance. The major contributors to support during the second half 

of stance of the intact limb were soleus and gastrocnemius, followed by tibialis anterior, the 

vasti and iliacus and psoas. Hamstrings and gluteal muscles of the residual limb were the great 

contributors to support during the first half of stance, while gluteus medius produced a major 

contribution to vertical GRF impulse in the second half of stance. Furthermore, the intact limb 

hamstrings contributed more to forward propulsion in the first half of stance, whereas tibialis 

anterior and iliacus and psoas were the important contributors to braking. During the second 

half of stance, soleus and gastrocnemius contributed anteriorly, while iliacus and psoas 

contributed posteriorly. Of the residual limb, hamstrings and both iliacus and psoas contributed 

more to the fore-aft GRF impulse, respectively. Moreover, the intact limb balance was mostly 

provided by the contribution of the gluteal muscles to lateral GRF impulse. In the residual limb, 

gluteal muscles were the major contributors to medial GRF impulse, followed by hamstrings. 

Also, the prosthesis was found to functioning similar to the vasti and ankle plantarflexors of 

the intact limb (Ranz, 2016).  

Although this study has depicted muscle contribution to walking, it has not shown the 

muscle behavior throughout the whole stance, specifically in major gait events such as heel-

strike and toe-off in both intact and residual limbs. Ranz' study has not investigated muscle 

behavior in transfemoral amputees with the osseointegrated prosthesis or active knee socket 

prosthesis. In addition, the kinematic data applied in Ranz' study was from an able-bodied 

person, not an amputee. Another limitation of that study was lack of the inertial properties of 

the prosthesis (e.g. mass, center of mass and moment of inertia) in the musculoskeletal 

modeling. That study has also used a muscle-driven method to obtain muscle forces. The results 

of forward dynamics algorithms have been depicted to be less robust and efficient than those 
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which are calculated based on the static optimization method (Lin et al., 2012). Since some 

muscles are absent in amputees, the functional behavior of other muscles and prosthesis would 

be different from non-amputees which needs to be considered.  

2.6 Muscle contribution to hip contact forces 

The lower extremity joints are susceptible to structural degeneration and injury over time 

due to their functional roles to withstand high contact forces during daily activities. For 

instance, an increase in joint loadings has been associated with the progression of OA (Felson, 

2004, Lafeber et al., 2006). Previous in vivo studies have reported hip contact force during 

walking using instrumented implants in non-amputees (Rydell, 1966, Davy et al., 1988, Kotzar 

et al., 1991, Bergmann et al., 1993, Read and Nigg, 1999, Bergmann et al., 2001, Damm et al., 

2013). This costly and invasive approach, however, is restricted to patients who mostly have 

undergone hip joint replacement surgery and cannot be applied for healthy able-bodied people 

and amputees (Read and Nigg, 1999). Computer-based simulation frameworks have been 

demonstrated as an alternative approach for obtaining reasonable estimates of hip contact 

forces during walking in non-amputees (Brand et al., 1994, Heller et al., 2001, Stansfield et al., 

2003). The results of simulation have been compared, then validated and concluded to be in 

good agreement with the in vivo experiments (Heller et al., 2001).  

Lower limb muscles act as primary contributors to the joints’ mechanical loading 

(Herzog et al., 2003). One study has found a correlation between the atrophy of hip muscles, 

as a reduction in muscles strength (Gottschalk, 1999), and hip OA (Amaro et al., 2007). The 

role of hip abductors is related to maintain joint stability and prevent overloading in the 

musculoskeletal system during walking (Amaro et al., 2007). The weakness in gluteus medius 

in the stance limb will unstable pelvis with an excessive drop towards the swinging limb, which 
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has been depicted in patients with hip OA and total hip replacement (Madsen et al., 2004, 

Beaulieu et al., 2010). In non-amputees, however, few studies have investigated the individual 

muscle contribution to hip contact forces during daily activities of non-amputees (Correa et al., 

2010, Pandy and Andriacchi, 2010, Schache et al., 2018). All experimental data were collected 

during walking at 1.4m/s and evaluated using musculoskeletal modeling. Gluteus maximus, 

gluteus medius, and iliopsoas were shown to be major contributors during stance, while the 

largest contribution to hip contact forces were generated by iliopsoas and gluteus maximus 

during swing (Correa et al., 2010, Pandy and Andriacchi, 2010, Schache et al., 2018). Gluteus 

medius, gluteus maximus, and rectus femoris were the main contributors to the first peak of hip 

contact forces at contralateral toe-off, whereas the second hip contact forces peak was mostly 

generated by gluteus medius, iliopsoas and rectus femoris at contralateral heel-strike. It was 

also visible a smaller peak in the hip contact forces around heel-strike, which may arise from 

hamstrings action (Pandy and Andriacchi, 2010).  

As mentioned in section 2.2, transfemoral amputees experience gait asymmetries and 

different loading between their intact and residual limb. They have shown atrophy in their 

residual limb hip muscles and a higher risk of hip OA in their intact limb (Jaegers et al., 1995b, 

Mattes et al., 2000, Segal et al., 2006, Hof et al., 2007, Goujon-Pillet et al., 2008, Highsmith et 

al., 2010, Pinard and Frossard, 2012, Wentink et al., 2013). However, none has reported either 

hip contact forces in the two limbs or the functional roles of individual muscles to hip contact 

forces in transfemoral amputees. Determining rehabilitation strategies to reduce hip loading 

asymmetry can be achieved by understanding muscle contributions to hip contact forces. 

 

2.7 Summary of the literature review  



31 

 

This review summarized the biomechanical behavior of transfemoral amputees during 

walking. First, a definition of transfemoral amputation was presented. Then, spatiotemporal, 

kinematics and kinetics parameters, as well as muscle EMG during walking of transfemoral 

amputees, were reviewed. Much of the current literature paid particular attention to two issues: 

i) musculoskeletal modeling to explain the need for using simulation to understand walking 

mechanism in transfemoral amputees and ii) induced acceleration analysis method to 

investigate individual muscle contribution to forward progression, body support, and 

mediolateral balance during walking as well as contribution to hip contact forces. In view of 

all that has been mentioned so far, too little attention has been paid to using musculoskeletal 

modeling for analyzing compensatory mechanism in transfemoral amputees. Thus, chapter 3 

will focus on developing a musculoskeletal model to represent transfemoral amputee. Chapters 

4 and 5 will comprehensively elaborate the muscles behavior amongst amputees with socket 

(passive and active knee joint) and amputees with osseointegration prosthesis.  
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The methodology used in this chapter is based on the two published and submitted papers 

mentioned at the beginning of chapters 4 and 5.  

  

 Experimental and 

computational methods 
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3.1 An overview of experimental and computational 

approaches in this study 

Two major steps including human motion experiments and computational modeling were 

conducted in this study. The accurate recording of motion data is crucial for developing three-

dimensional musculoskeletal modeling and computational analyses. In turn, the realistic 

predictions of muscle forces, as well as muscle contribution to COM acceleration and joint 

contact forces, depending on the quality of motion data and educated assumptions. A total of 

ten participants with transfemoral amputation were recruited for motion data collection at the 

MOVE lab of the Royal Melbourne's Hospital, Australia. 

This chapter describes in detail the experimental and musculoskeletal modeling 

development and computational methods used to collect and analyze the walking data for 

investigating gait asymmetry in amputees. This includes subject recruitment, muscle 

contribution and loading on the lower limb joints. For clarity, the methodology explained in 

this chapter will also be stated briefly in the methods section of the studies of Chapters 4 and 

5. 
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3.2 Experimental data collection 

3.2.1 Subject recruitment 

Six transfemoral amputee wearing a conventional socket prosthesis (herein referred to 

SP users), with a mean ± standard deviation (SD) age, 48.83 ± 18.71 yr.; mass, 71.33 ± 8.57 

kg; height, 1.77 ± 0.15 m (Table 3.1), and four osseointegrated transfemoral amputees (herein 

referred to OI users) with age, 56 ± 3.46 yr.; mass: 80.38 ± 12.45 kg; height:1.80 ± 0.13 m 

(Table 3.2), participated in this study. The inclusion criterion for this study was a unilateral 

amputation of participants who were able to walk without assistive devices such as crutch. 

Eligible subjects had their own prosthesis during experiments. Ethical approval was obtained 

by the Melbourne Health Human Research Ethics Committee with the number HREC 

2015.148, and each participant provided written informed consent. This study was performed 

at the MOVE Lab of The Royal Melbourne’s Hospital, Melbourne, Australia.  

Table 3.1. Subject specification of SP users. The amputation level is medium for all subjects. 

Subject   Sex   
Cause of 

amputation 
  

Prosthetic 

Socket Type 
  Knee Joint   Foot   

Residuum 

length 

                          

S1   Male   trauma   quadrilateral   3R92   1C30   22 

                          

S2   Male   osteosarcoma   
ischial 

containment 
  GENIUM   1C60   19 

                          

S3   Male   trauma   quadrilateral   SPECTRUM   TRUESTEP   25 

                          

S4   Male   trauma   
ischial 

containment 
  GENIUM   1C61   27 

                          

S5   Male   trauma   quadrilateral   3R49   MULTIFLEX   18 

                          

S6   Male   trauma   
ischial 

containment 
  GENIUM   1C61   20 
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Table 3.2. Subject specification of OI users. The amputation level is medium for all subjects. 

Subject  
  

Gender 
  

Cause 
  

Knee 
  

Knee type 
  

Foot 
  Residuum 

            length 

A1   Female   trauma   C-LEG3   Mircroprocessor   1C30   27 

A2   Male    osteoarcoma GENIUM   Mircroprocessor   1C60   21 

A3   Male    trauma   RHEO3   Mircroprocessor   PROFLEX   23 

A4   Female   trauma   3R80   Mechanical   1C30   24 

 

3.2.2 Body measurements 

Each participant's body mass was measured using a digital standing scale. For the 

residual limb measurements, the subjects were asked to stand using the contralateral limb 

without the prosthesis. The proximal circumference, which was the largest one at the hip joint, 

was measured using a flexible tape measure. The circumference of the distal end, which was 

at the last bony prominence, was measured. Then, the residual limb's length, which was the 

distance from the femur head to the most distal aspect of the residual limb, was measured. 

Thereafter, the subject wore their prosthesis. The prostheses alignment and fitting were 

checked by an experienced prosthetist before data collection. Prior to the experiment, the mass 

and length, width and depth of prosthesis segments (knee joint, socket for SP users, pylon and 

foot) were obtained using a digital caliper, tape measure and digital scales to further calculation 

of inertia (Harandi et al., 2020). 

 

3.2.3 Marker attachments 

A total of thirty eight retro-reflective markers with 14 mm diameter were alcohol-

cleaned, then mounted bilaterally on body segments of the intact and residual limb including 

trunk, arms, thigh and feet following a previously published marker set (Figure 3.1, Table 
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3.3)(Schache et al., 2011, Dorn et al., 2012b). On the prosthesis, the markers were attached 

over anatomical landmarks based on the intact limb (Harandi et al., 2020).  

3.2.4 Walking protocol 

Each subject performed several walking trials and three successful trials of over-ground 

walking were chosen at their self-selected speed. The speed for each trial was measured using 

two infrared timing gates located in a 4-meter walking way. A successful trial was defined in 

which the participants stepped firmly with their feet within the boundaries of the force plates, 

starting from heel-strike and ending at toe-off. This part of the gait cycle is defined as the stance 

phase. 
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Figure 3.1- Marker set used in this study (Left). The numbers are described in Table 3.3. An 

illustration of an individual with markerset. 
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Table 3.3. Markers locations used to motion data capture. For the prosthetic leg, it follows the 

marker locations of the intact leg. 

Marker  Trunk                 

1 C7 14mm marker over spinous process of 7th cervical vertebra     

  Pelvis                 

2 RASI  14mm marker placed over right anterior superior iliac spine (ASIS)   

3 LASI  14mm marker placed over left anterior superior iliac spine (ASIS)   

4 SACR  

14mm marker placed over midpoint between left and right posterior superior iliac 

spines 

                    

  Intact Limb Thigh               

5 RTHAP  14mm marker located at the proximal anterior aspect of the right thigh   

6 RTHAD 14mm marker located at the distal anterior aspect of the right thigh   

7 RTHLP  14mm marker located at the proximal lateral aspect of the right thigh   

8 RTHLD  14mm marker located at the distal lateral aspect of the right thigh   

9 RLEPI 14mm marker over lateral epicondyle of right femur       

10 RMEPI 14mm marker over medial epicondyle of right femur       

                    

  Intact Limb Shank               

11 RTIAP  14mm marker located on the proximal 1/3 of the anterior shaft of the right tibia 

12 RTIAD  

14mm marker located on the distal 1/3 of the anterior shaft of the right 

tibia   

13 RTILAT  14mm marker located on the mid lateral aspect of the right tibia     

14 RLMAL 

14mm marker located over the right lateral 

malleolus       

15 RMMAL 

14mm marker located over the right medial 

malleolus       

                    

  Intact Limb Foot               

16 RHEEL  14mm marker on distal aspect of bisection of right posterior calcaneum   

17 RMFS  14mm marker on medial right midfoot         

18 RMFL  14mm marker on lateral right midfoot         

19 RP1MT  

14mm marker on medial aspect of right 1st MTP 

joint       

20 RP5MT  

14mm marker on lateral aspect of right 5th MTP 

joint       

21 RTOE  14mm marker on nail of 1st toe of right foot       

                    

  Residual Limb               

  On the soft tissue of the residual limb, the markers followed the intact limb marker set 

  On the prosthesis, the markers were mounted over anatomical landmarks based on the intact limb  

  in medial and lateral knee and ankle, heel and toe 

 

 

 



40 

 

3.2.5 Data processing 

Lower limb and upper body COM kinematics were derived by tracking three-

dimensional positions of the reflective markers using an eight-camera motion capture system 

(Vicon, Oxford Metrics) sampling at 120 Hz. Marker trajectories and GRF were low-pass 

filtered with a cut-off frequency of 4 and 60 Hz, respectively using a 4th order Butterworth 

filter (Lin et al., 2015). Surface electromyography (EMG) data were recorded at 1000 Hz using 

pairs of surface electrodes and Cometa system with 16 channels (Cometa, Milan, Italy). Each 

amputee's skin was shaved with a disposable feather razor and cleaned with alcohol before 

electrode placement. EMG electrode placement followed a previously described guidelines 

(Hermens et al., 2000), and EMG data were checked prior to testing to ensure suitable electrode 

placement and output (Hermens et al., 1999). Pairs of pre-gelled Ag/ AgCl bipolar electrodes 

were placed on the intact limb’s muscles including gluteus maximus, gluteus medius, soleus, 

medial and lateral gastrocnemius, and vastus medialis and lateralis and residual limb’s muscles 

including gluteus maximus and gluteus medius (Table 3.4). During walking trials, GRFs were 

simultaneously measured using three AMTI force platforms embedded in the floor 

(Watertown, USA) at a sample rate of 1000 Hz (Harandi et al., 2020). Vicon cameras , force 

plates and EMGs were automatically synced to each other.
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Table 3.4. EMG electrode placements used for EMG data capture 

Muscle    Location       Subject pose 

                

Gluteus 

maximus   

Over greatest prominence of the middle of the buttocks. 

Electrodes positioned 50% along a line connecting middle of 

sacrum and GT. Line connecting electrodes is parallel 

to line connecting PSIS and mid posterior thigh 

  Prone 

        

        

        

                

Gluteus medius   Electrodes positioned 50% along a line connecting iliac 

crest and GT (or 3cm inferior to ASIS-PSIS, on a line with 

(GT). Line connecting electrodes is parallel to iliac 

crest-GT line 

  Side lying 

        

        

        

                

Vastus lateralis   Over area of greatest muscle bulk. Electrodes placed 

approx 33%) up from patella along a line connecting ASIS 

to lateral margin of patella. Line connecting electrodes is 

parallel to muscle fibers 

  Supine, quads over 

      Fulcrum 

        

        

                

Vastus medialis   Over area of greatest muscle bulk. Electrodes placed 

approx 20% up from MFC along a line connecting ASIS 

and MFC. Line connecting electrodes is perpendicular to 

the ASIS-MFC line 

  Supine, quads over 

      Fulcrum 

        

        

                

Gastrocnemius     Prone, fulcrum under 
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medialis   
Over area of greatest muscle bulk, along a line from medial 

tibial condyle to heel. Line connecting electrodes is parallel 

to line of leg 

  

ankle, foot plantar 

flexed 

        

        

Gastrocnemius   Over area of greatest muscle bulk. Electrodes positioned 

approx 33% down from head of fibula along a line from 

head of fibula to heel. Line connecting electrodes is parallel 

to line of head of fibula to heel 

  Prone, fulcrum under 

lateralis     

ankle, foot plantar 

flexed 

        

        

                

Soleus   Electrodes positioned approx 66% down from MFC along 

a line connecting MFC and medial malleolus. Line 

connecting electrodes is parallel to line of MFC to medial 

malleolus 

  Supine with knee  

      flexed to 90 degrees 
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3.3 Musculoskeletal modeling 

In this section, musculoskeletal modeling development will be explained in detail. The 

marker trajectories, GRFs, and EMG data were extracted from C3D format and transformed 

into a suitable format as input to OpenSim model using a freely available Gait-Extract toolbox 

(https://simtk.org/home/c3dtoolbox) developed in MATLAB (The MathWorks, Inc., MA, 

USA). 
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Table 3.5. The intact and residual leg muscles included in the model. * represents EMG data 

collected of the intact limb muscles; ¥ represents EMG data collected of the contralateral side 

muscles. ɸ represent the muscles not included in the model for the residual limb. 

Muscle  
  

Muscle 

group 

      

Gluteus medius *¥ (anterior, posterior and middle compartments)   GMED 
Gluteus minimus (anterior, posterior and middle compartments)   

      

Gluteus maximus *¥ (anterior, posterior and inferior compartments)   GMAX 

      

Hamstrings (Semimembranosus, Semitendinosus, Gracilis, Biceps femoris long 

head)   
HAM 

      

Biceps femoris short head ɸ   BFSH 

      

Adductor longus, Adductor brevis, Pectineus, Quadratus femoris,   
ALAM 

Adductor magnus (superior, middle and inferior compartments)   

      

Iliacus, Psoas   IL 

      

Gemellus   GEM 

      

Piriformis   PIRI 

      

Peroneus brevis   PERBREV 

      

Proneus longus   PERLONG 

      

Rectus femoris *   RF 

      

Sartorius   SAR 

      

Vasti *ɸ (medialis, intermedius and lateralis compartments)   VAS 

      

Gastrocnemius *ɸ (lateral and medial compartments)   GAS 

      

Soleus *ɸ   SOL 

      

Tibialis posterior ɸ   TP 

      

Tibialis anterior *ɸ   TA 

      

Flexor digitorum longus ɸ   FDL 
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Extensor digitorum longus ɸ   EDL 

      

Flexor hallucis longus ɸ   FHL 

      

Extensor hallucis longus ɸ   EHL 

      

Tensor fascia late ɸ   TFL 

      

Erector spinae    ERCSPN 

      

Internal oblique    INTOBL 

      

External oblique   EXTOBL 
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3.3.1 Healthy subject model 

A generic three-dimensional musculoskeletal model was developed in OpenSim 3.2 

(Delp et al., 2007). Each 23-degrees-of-freedom model comprised lower limb and trunk 

segments actuated by 76 muscle-tendon units (Table 3.5). The Hill-type model in series with 

an elastic tendon of the musculotendon unit was used to reflect muscle mechanics (Thelen, 

2003). Physiological musculotendon parameters including muscle architecture, muscle 

physiological cross-sectional area (PCSA), optimal fiber length, pennation angle, maximum 

isometric force, and tendon slack length were derived from previous cadaver studies 

(Wickiewicz et al., 1983, Delp et al., 1990, Friederich and Brand, 1990). The maximum 

isometric force of each muscle is defined by multiplying the muscle PCSA and muscle tension. 

The inertial properties (mass, center of mass and moment of inertia) of the twelve body 

segments (torso, pelvis, femur, tibia, calcaneus, talus and toes) were derived from (Anderson 

and Pandy, 2001a) study. The joints frame coordinates were defined based on Delp et al (Delp 

et al., 1990). A single rigid body including the combined head, arm and torso was considered 

to articulate with pelvis via a ball-and-socket back joint. The hip joints, the knee and metatarsal 

joints, and each ankle-subtalar complex joint were modeled as ball-and-socket joints, hinge 

joints, and a universal joint, respectively.  

3.3.2 Model scaling 

To accurately calculate lower limb joints moments and muscle forces, a generic 

musculoskeletal model must be scaled for each participant. OpenSim scaling tool adjusts mass, 

segment length and muscle parameters based on the individual's mass, length and diameter of 

segments. A static standing trial was used to calculate the scaling factors for each segment, as 
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defined by the relative distances between pairs of markers (Delp et al., 2007). This participant-

specific scaled model was then modified to develop unilateral transfemoral amputee model. 

3.3.3 Amputee subject model 

The residual limb of the amputated leg was modeled as a frustum of a circular cone 

(Mattes et al., 2000), and its measurements was described in section 3.2.1. The residual limb 

tissue was assumed to be homogenous with a density of 1.1 g/cm3, in order to estimate mass, 

the moment of inertia and COM position (Mungiole and Martin, 1990, Smith et al., 2014). 

Subsequently, all musculoskeletal structures below the knee were removed from the non-

amputee scaled model described above. The hip adductors and hip flexors, which were known 

as bi-articular muscles spanning the hip and knee joints, were re-attached in the model. These 

re-anchored muscles were adductor magnus, semimembranosus, semitendinosus, biceps 

femoris long head, rectus femoris, gracilis, sartorius and tensor fascia latae. Other uni-

articular muscles crossing the knee joint and those ankle-joint spanning muscles were removed 

from the model (Table 3.5). The re-anchored muscles’ attachment points were positioned to 

the distal end of the amputated femur (Harandi et al., 2020).  

For the physiological properties of the re-anchored muscles, the surgical procedure of 

muscle stabilization must be considered. In the traditional procedure, myoplasty, both agonist 

and antagonist muscles are sutured over the femur. However, the muscle tension is not 

preserved based on this method (Gottschalk, 2004), and muscle stabilization is modeled while 

the tendon slack length is maintained. The matter of not keeping muscle tension has led to the 

use of myodesis technique specifically for the medial hamstring and the adductor magnus 

(Gottschalk, 2004, Tintle et al., 2010). A myodesis stabilization method has been demonstrated 

to preserve those muscles directly reattached to the end of femur under tension. In addition, the 

deep soft tissue padding is secured, and the stability of muscle is preserved (Tintle et al., 2010). 
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This approach tends to preserve the muscle tension of the reattached muscle relative to the 

corresponding muscle in the intact limb during neutral position, by modifying the muscle-

tendon slack length (Ranz et al., 2017). Optimal fiber length value for each re-anchored muscle-

tendon unit was then calculated in equal proportion with the sum of tendon slack length and 

fiber length of the intact limb's muscles in neutral position (Ranz et al., 2017). In this study, 

the myodesis stabilization technique was used for modeling and analyses. However, the 

myoplasty-based modeling result will be explained further in section 4.4. The reattached 

muscles in this study were the adductor magnus, semimembranosus, semitendinosus, biceps 

femoris long head, and gracilis, which were inserted posteriorly to the medial ridge of linea 

aspera; rectus femoris and sartorius were inserted anteriorly to the distal part of an 

intertrochanteric line and medial ridge of linea aspera; tensor fascia latae was inserted laterally 

to lateral ridge of the linea aspera (Harandi et al., 2020).  

The prosthesis segments were reverse-engineered in SolidWorks (SolidWorks, Dassault 

Systems Massachusetts, USA) in accordance with the measurements described in subsection 

3.2.1. The moment of inertia and COM positions of each lower-limb prosthesis were calculated 

from the CAD model assuming homogenous material properties and virtually placed in the 

individualized scaled model. The knee and ankle of the prosthetic leg were modeled as hinge 

joint (Harandi et al., 2020). Figure 3.2 shows a healthy model, amputee model without 

prosthesis and amputee model with a prosthesis attached.   
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Figure 3.2. Schematics of healthy and amputee models developed in OpenSim (Harandi et al., 

2020, Robinson et al., 2020). 

 

3.3.4 Inverse kinematics 

The scaled transfemoral amputee-specific model was then used to find the optimum 

generalized coordinates of joint motion in a multibody chain using inverse kinematics tool. 

This tool intends to minimize the sum of the squared differences between experimental data 

and virtual markers on the model (Lu and O’connor, 1999).  
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3.3.5 Inverse dynamics 

Inverse dynamics was then used for all amputee data sets to calculate the net forces and 

moments of the joints of the multibody system (Remy and Thelen, 2009). This bottom-up 

method determined the joints moments and forces to generate the given joints movement. The 

GRFs applied to the distal segments of the body, the feet, were the additional information used 

to solve for the net moments of the ankle. This iterative upward process was used to compute 

all lower limb joints, from ankle to hip. 

The scaled model may include kinematics and dynamics errors. Due to kinematic errors 

of the scaled model, large residuals are resulted between the proximal segment (pelvis) and 

ground to compensate for the errors. Also, incorporating GRFs in the inverse dynamics 

problem generates an over-determined system (Kuo, 1998). In addition, errors in inverse 

dynamics depend on prosthetic design (Dumas et al., 2009, Frossard et al., 2011). Therefore, 

the measured GRFs and kinematics may not be dynamically consistent with the skeletal model. 

Thus, to minimize these residual forces and moments, which will lead to experimental data and 

skeleton model's error, a Residual Reduction Algorithm (RRA) was used in this study. This 

algorithm allows the joints kinematics of the skeleton model to alter by varying the center of 

mass of torso with the approach of more dynamic consistency with the GRFs (Steele et al., 

2012b, Dumas et al., 2016).  

 

3.3.6 Static optimization 

Since more muscles exist than joints in the lower extremity, the redundancy of the 

musculoskeletal system will happen. Thus, an infinite number of musculotendon force 



51 

 

amalgamations being potentially able to generate the net joint moment is needed to reproduce 

the joint kinematics.  

Muscle forces were computed using static optimization by decomposing the net joint 

moments calculated from inverse dynamics into discrete muscle actuator loads at each time 

instant. Static optimization used a cost function with the approach of minimizing the sum of 

the squared of all individual muscle activations, which is equivalent to minimizing the 

simultaneous mechanical stress across all muscles (Crowninshield and Brand, 1981). The 

predicted muscle forces by optimization were further constrained in accordance with the force-

length-velocity properties of each muscle’s physiological bounds.  

The combination of the lower limb muscles of the musculoskeletal model, even they are 

fully activated, could not provide the required joint moments. For instance, when the desired 

knee extensor moment cannot be satisfied with the fully activated knee extensor muscles, a 

knee extensor strength deficiency will happen because the knee reserve actuator will generate 

the difference. Hence, ideal reserve torque actuators must be applied to the model. The role of 

these reserve actuators is to permit optimization to numerically converge; however, their 

contribution to the joint moments of the model during static optimization should be ideally 

zero. The static optimization problem is stated as follows: 

 

calculate: 𝑎 = [
𝑎𝑀

𝑎𝑅

𝑎𝑟

] 

 

by minimizing: 𝐽(𝑎) = ∑ 𝜔𝑖(𝑎𝑖
𝑀)2 +𝑛𝑚

𝑖=1 ∑ 𝜔𝑗(𝑎𝑗
𝑅)

2
+ ∑ 𝜔𝑘(𝑎𝑘

𝑟)2𝑛𝑞
𝑘=1

6
𝑗=1  

 

muscle residual reserve 
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subject to:      

                                                                                                             

 

∑ [𝑎𝑖
𝑀. 𝑓𝑖(𝐹0

𝑀, 𝑙𝑀, 𝑣𝑀)]. 𝑠𝑖,𝑛 + ∑ [𝑎𝑗
𝑅 . 𝐹𝑗

𝑅] + ∑ [𝑎𝑘
𝑟 . 𝐹𝑘

𝑟] = 𝜏𝑛
𝑛𝑞
𝑘=1

6
𝑗=1

𝑛𝑚
𝑖=1                                3.1 

      0 < aM < 1      

where the variables of the equation are defined as follows: muscles 𝑎𝑀, residuals 𝑎𝑅 and 

reserve actuator activation 𝑎𝑟. nm and nq: the number of muscles and kinematic degree of 

freedom in the model; the following weights were given to muscles, residual and reserve 

actuators to penalize the muscles’ capacity to generate force respectively, 𝜔𝑖, 𝜔𝑗 and 𝜔𝑘; the 

force-length-velocity surface of muscle i is shown by 𝑓𝑖(𝐹0
𝑀, 𝑙𝑀, 𝑣𝑀); the peak strength of the 

residual actuator j is 𝐹𝑗
𝑅, the peak strength of the reserve actuator j is 𝐹𝑗

𝑟; the moment arm of 

muscle i about coordinate n is 𝑠𝑖,𝑛; the net joint moment of generalized coordinate n, as derived 

from RRA or inverse dynamics is 𝜏𝑛.  

Static optimization method cannot consider the time-dependent activation dynamics of 

muscle because this technique solves muscle forces at each time instant. The contribution of 

muscles is calculated in static optimization incorporating GRF and joint movements. Most of 

the time, the ideal reserve torques must be applied due to the lack of actuator force in the model. 

The reserve torques will equilibrate between actuator forces and joint moments. Static 

optimization problem aims to converge optimization problem by minimizing the effect of 

residuals and reserve torques; ideally should be zero.  

 

muscle residual reserve 
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3.3.7 Validation of the musculoskeletal model 

Non-invasive measuring methods of muscle forces during walking maneuver are 

impossible. Therefore, the accurate evaluation of muscle forces prediction techniques has 

remained limited. One of the common methods to temporally validate muscle forces of the 

computer-based musculoskeletal models is to use EMG signals (Erdemir et al., 2007, Pantall 

and Ewins, 2013). EMG measures the electrical activity across a muscle, which leads to its 

activation and force generation. However, this is not very empirical method since during 

amputee’s walking one may not be able to measure the EMG signals of the deep muscles. 

Although well correlated with the timing of muscle force prediction by the model and the 

timing of EMG signals (Anderson and Pandy, 2001b, Liu et al., 2008, Hamner et al., 2010), 

the validation process of the EMG magnitudes is difficult due to the non-linear relationship 

between the magnitudes of muscle force and EMG (Lloyd and Besier, 2003, Buchanan et al., 

2004, Buchanan et al., 2005). For instance, if a muscle, which can be fully activated, does not 

operate inside its force-length-velocity properties, the generated force will be very minimal. 

In this dissertation, EMGs of gluteal muscles in the intact and residual limb, and EMGs 

of soleus, gastrocnemius and vasti of the intact limb were recorded. The residual limb muscles 

have been shown to produce a non-stationary random signal, which is due to intensity and 

duration fluctuation of the muscle contraction (Bonato et al., 2001, Pantall and Ewins, 2013). 

Thus, only EMG of gluteal muscles was successfully employed from the residual limb. The 

timing of muscle force computed by the model was further evaluated using EMG signals. EMG 

offset signals were removed and the waveforms rectified and low-pass filtered at 10 Hz using 

a 2nd order Butterworth filter to create linear envelopes (Lin et al., 2015).   
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3.3.8 Induced acceleration analysis 

The purpose of induced acceleration analyses is quantifying the constitution of each force 

to the total GRFs and the net joint acceleration. In this analytical technique, the superposition 

principles should be satisfied. This means that differences between the sum of all action forces 

to the GRFs or joint acceleration and the total GRFs measured experimentally must be zero 

(Anderson and Pandy, 2003). In this section, the term action force represents the forces of the 

musculoskeletal model and the term actuator represents all model actuators, which are residual 

loads, reserve torques, arm torques, and musculotendon forces.   

To implement induced acceleration analysis, mechanical constraints are required to act 

between the foot and ground. The GRFs’ generation in the computational musculoskeletal 

model will be facilitated using the mechanical constraints known as a ground contact model, 

which was adapted from Lin’s study (Lin et al., 2012) and the OpenSim plug-in.  

A five-point model was assumed as a contact between the foot and the ground (Anderson 

and Pandy, 2003, Liu et al., 2006). These five points attached to the OpenSim musculoskeletal 

model consisted of two heel markers (H) located on medial and lateral sides of the mid 

calcaneus, two metatarsal markers (M) located at the first and fifth metatarsal junctions, a toe 

marker (T) located at the anterior boundary of the foot, the line between the heel markers 

representing an approximate heel hinge axis, and the line between the metatarsal markers 

forming an approximate metatarsal axis (Figure 3.3).  
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Figure 3.3. A five-point model of contact between the foot and the ground. T, M and H 

are representatives of toe marker, metatarsal marker and heel marker, respectively. The labels 

of markers are described in Table 3.6. 

The location of these five points were defined by a set of five markers attached to the 

coordinate frame of foot (Table 3.6) 

 

Table 3.6. The location of five foot-ground contact points over the sole of feet. The body 

coordinates (x, y, z) are in (anterior, vertical, lateral) directions, respectively. 

 

 

T calcn_r

M1 calcn_r

M2 calcn_r

H1 calcn_r

H2 calcn_r

T calcn_l

M1 calcn_l

M2 calcn_l

H1 calcn_l

H2 calcn_l

L
ef

t

(0.275, 0.00, -0.02)

(0.135, 0.00, -0.07)

(0.205, 0.00, 0.05)

(0.00, 0.00, -0.03)

(0.01, 0.00, 0.05)

(0.01, 0.00, -0.05)

Marker Location (m)

in Body coordinates

R
ig

h
t

Leg Marker Name Marker Body

(0.275, 0.00, 0.02)

(0.135, 0.00, 0.07)

(0.205, 0.00, -0.05)

(0.00, 0.00, 0.03)
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The dynamic equation of motion for the n degree-of-freedom skeleton model with k 

musculotendon unit is stated as follows: 

𝑀(𝑞)𝑞̈ = 𝐶(𝑞, 𝑞̇) + 𝐺(𝑞) + [
06×1

𝑆(𝑞)𝐹𝑀] + [
𝑅6×1

𝑟𝑛𝜏×1
] + 𝐸(𝑞)𝐹𝑒𝑥𝑡 3.2 

                                        

where 𝑞, 𝑞̇, and 𝑞̈ are the 𝑛 × 1 generalized positions, velocities, and accelerations vectors, 

respectively, which include both translational (e.g. pelvis location relative to the ground) and 

rotational (e.g. joint angles) degrees of freedom; 𝐌(𝑞) is the 𝑛 × 𝑛 model mass matrix or 

inertia matrix to describe the mass and inertial properties of the body segments; 𝐶(𝑞, 𝑞̇) is the 

𝑛 × 1 vector to specify generalized force vector due to Coriolis or centripetal forces; 𝐆(q) is 

an 𝑛 × 1 generalized gravity force vector; 𝐒(𝑞) is an 𝑛 × 𝑘 muscular moment arms matrix; 𝐅𝑀 

is a 𝑘 × 1 muscle forces vector; 𝐅𝑒𝑥𝑡 is a 3𝑓 × 1 external reaction forces vector applying 

between the foot and ground by the 𝑓 contact points; 𝐄(𝑞) is an 𝑛 × 3𝑓 matrix of linear 

generalized Jacobian which defines the relationship between the generalized velocity vector 𝑞̇ 

and the linear velocity vector of the foot-ground contact points 𝑋̇. This Jacobian matrix is 

defined as follows: 

𝐸(𝑞) =
𝜕𝑋̇

𝜕𝑞̇
(𝑞) =

𝜕𝑋̈

𝜕𝑞̈
(𝑞)

=  

[
 
 
 
 
 
 
 
𝜕𝑥̇1𝑋

𝜕𝑞̇1

𝜕𝑥̇1𝑌

𝜕𝑞̇1

𝜕𝑥̇1𝑍

𝜕𝑞̇1
⋯

𝜕𝑥̇1𝑋

𝜕𝑞̇2

⋮

𝜕𝑥̇1𝑌

𝜕𝑞̇2

⋮

𝜕𝑥̇1𝑍

𝜕𝑞̇2

⋮

⋯
⋱

𝜕𝑥̇1𝑋

𝜕𝑞̇𝑛

𝜕𝑥̇1𝑌

𝜕𝑞̇𝑛

𝜕𝑥̇1𝑍

𝜕𝑞̇𝑛
⋯

|

|

𝜕𝑥̇𝑓𝑋

𝜕𝑞̇1

𝜕𝑥̇𝑓𝑌

𝜕𝑞̇1

𝜕𝑥̇𝑓𝑍

𝜕𝑞̇1

𝜕𝑥̇𝑓𝑋

𝜕𝑞̇2

⋮

𝜕𝑥̇𝑓𝑌

𝜕𝑞̇2

⋮

𝜕𝑥̇𝑓𝑍

𝜕𝑞̇2

⋮
𝜕𝑥̇𝑓𝑋

𝜕𝑞̇𝑛

𝜕𝑥̇𝑓𝑌

𝜕𝑞̇𝑛

𝜕𝑥̇𝑓𝑍

𝜕𝑞̇𝑛 ]
 
 
 
 
 
 
 

 

3.3 

                            

where X, 𝑋̇, and 𝑋̈ represent the linear positions, velocities, and accelerations of all f foot-

ground contact points. All internal generalized force contributions such as muscle forces, 
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reserve forces/torques, residual forces/torques, gravity forces, and Coriolis/centripetal forces 

are grouped as 𝐅𝑖𝑛𝑡. So, equation 3.2 is rewritten as:  

𝑀. 𝑞̈ = 𝐹𝑖𝑛𝑡 + 𝐸. 𝐹𝑒𝑥𝑡 3.4 

 The linear velocity of the ith foot point can also be calculated using a Jacobian matrix:  

𝑋̇𝑖 = 𝐸𝑖
𝑇𝑞̇                𝑖 = 1,2, … , 𝑓 3.5 

The linear acceleration of the ith foot point will be the time derivative of equation 3.5 as: 

𝑋̈𝑖 = 𝐸𝑖
𝑇𝑞̈ + 𝐸̇𝑖

𝑇𝑞̇          𝑖 = 1,2, … , 𝑓 3.6 

When foot point i is in contact with the ground, the linear acceleration of point i is equal 

to zero in all directions due to the rigid contact principles assumption. Considering 𝐾𝑖 = 𝐸̇𝑖
𝑇𝑞̇, 

so:  

𝐸𝑖
𝑇𝑞̈ + 𝐾𝑖 = 0               𝑖 = 1,2, … , 𝑓   3.7 

Prompt and quick touching on and off between each foot point and ground would result 

in discontinuities in the constraint set of equations and then induced acceleration results. 

Therefore, a diagonal weighting matrix W is defined to smooth transitions between constrain 

the contact points and contact phases to remain consistent with the actual foot motion during 

stance phase: 

𝑊𝑓×𝑓{𝐾 + 𝐸𝑇𝑞̈}3𝑓×1 = 03𝑓×1 3.8 

where W elements were themselves a 3×3 diagonal matrix that weighted the X, Y and Z 

components of the linear acceleration constraint equally: 
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𝑊(𝑖, 𝑖) = [
𝑤

𝑤
𝑤

]            𝑖 = 1,2, … , 𝑓 3.9 

where 𝑤 is a weighting factor which is between zero and one. This factor indicates the 

magnitude of the foot point constraint. Thus, 𝐖(i) = 0 implies no contact force for the point i 

and 𝐖(i) = 1 imply when the ith point is fully constrained. 0 < 𝐖(i) < 1 implies a partially 

constrained contact point i.  

These weightings were determined by examining the experimental data of the trial's 

kinetics. The weightings estimation was based on the study done by Dorn et al. (Dorn et al., 

2012a). In this regard, all foot contact points would set to zero if the Euclidean norm of the 

ground reaction force was below a user defined threshold. It means that the foot was accounted 

to be off. For other conditions, at least one point of the foot was in contact with the ground, so 

the weightings for the foot point constraint must be specified. As shown in Figure 3.4, four 

locomotion phased were defined. The experimental center of pressure (CoP) position was used 

to determine the foot contact point weightings.  
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Figure 3.4. Foot-ground contact constraints during stance phase at heel-strike started 

from right (phase 1), foot-flat (phase 2,3) and toe-off (phase 4). 

 

 

Phase 1 was defined at heel-strike when the CoP lies posteriorly relative to the heel axis, 

both heel markers were fully constrained while the other three were free. The foot-ground 

interaction at this phase was approximated as a hinge constraint in which a rotation of the foot 

about the heel axis can occur.  

Phase 2 was defined between heel-strike and foot flat when the CoP lies posteriorly 

relative to half of the hind-foot boundary of the quadrilateral consisted of H and M markers. A 

weighting function ϕ was introduced to implement transition between phase 1 and phase 2 as:  

∅(𝑑ℎ, 𝑑𝑚) =
𝑑ℎ

𝑑ℎ + 𝑑𝑚
 3.10 
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where 𝑑ℎ and 𝑑𝑚 are the shortest distance from the CoP to both heel and metatarsal axes, 

respectively. In this phase, the heel markers remained fully constrained, while the metatarsal 

points weightings were equal to 2ϕ as they remained partially constrained. Thus, as the CoP 

moved towards the metatarsal axis, the metatarsal points weightings increased from 0 to 1. At 

this stage, the interaction between the foot and ground was transformed from a hinge constraint 

about the heel axis to a weld constraint.  

Phase 3 was defined when the CoP crosses the anterior half of the hind-foot boundary of 

the quadrilateral (ϕ = 0.5). At this stage, metatarsal points remained fully constrained, while 

the weightings of the heel markers decreased to zero according to 2(1 – ϕ). Therefore, the foot-

ground constraint was transformed from a weld constraint to a hinge constraint about the 

metatarsal axis. At the time when the heel and metatarsal points were fully constrained, the 

CoP lies exactly half way between the heel and metatarsal axes. Hence, a weld constraint was 

considered during the foot-flat pose.  
Phase 4 was defined when the CoP lies inside the boundary of the triangle consisting of 

the metatarsal and toe points. A weighting function 𝛾 was introduced to implement a transition 

from phase 3 to phase 4 as: 

𝛾(𝑑𝑚, 𝑑𝑡) =
𝑑𝑚

𝑑𝑡
 3.11 

where 𝑑𝑡 is the shortest distance from toe point to the metatarsal axis. When reaching this stage: 

heel points are free; metatarsal points weightings begin to decrease according to 1- 𝛾; the toe 

point weighting begins to increase according to 𝛾. Thus, the foot-ground interaction’s 

constraint was transformed from a hinge constraint about the metatarsal axis to a ball constraint 

about toe point. Table 3.7 is the summary of the kinematic constraint weightings.  
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Table 3.7: Constraint weightings 𝑤 for the five foot-ground interaction points. 𝑑ℎ and 𝑑𝑚 are 

the shortest distance from the CoP to both heel and metatarsal axes, respectively. 𝑑𝑡 is the 

shortest distance from toe point to the metatarsal axis.  

 

The contribution of each action force α (e.g. individual muscles, gravity and Coriolis 

forces) to the net GRFs and acceleration at each joint was calculated when the action force is 

applied in isolation to the model. Regarding equations 3.4 and 3.8, the equation 3.12 was 

generated as follows: 

{
𝑀. 𝑞̈𝛼 = 𝐹𝑖𝑛𝑡

𝛼 + 𝐸. 𝐹𝑒𝑥𝑡
𝛼

𝑊{𝐾𝛼 + 𝐸𝑇𝑞̈𝛼} = 0
 3.12 

At a specific time, M, E and W are constant for all “action forces”; so, these values were 

computed outside the “action force” loop. The vectors of 𝐅𝑖𝑛𝑡
𝛼 , which is the generalized force 

resulting from the isolated application of the action force, and 𝐊𝛼, which forms part of the 

zero-acceleration foot point constraint, must be uniquely calculated for each “action force” α. 

Foot-ground 

interaction points 
Phase 1 Phase 2 Phase 3 Phase 4 

H1 1 1 2(1 −
𝑑ℎ

𝑑ℎ + 𝑑𝑚
) 0 

H2 1 1 2(1 −
𝑑ℎ

𝑑ℎ + 𝑑𝑚
) 0 

M1 0 2(
𝑑ℎ

𝑑ℎ + 𝑑𝑚
) 1 1 −

𝑑𝑚

𝑑𝑡
 

M2 0 2(
𝑑ℎ

𝑑ℎ + 𝑑𝑚
) 1 1 −

𝑑𝑚

𝑑𝑡
 

T 0 0 0 
𝑑𝑚

𝑑𝑡
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For the velocity related forces (Coriolis/centrifugal), equation 3.6 was rearranged to calculate 

𝐊𝑣𝑒𝑙 since 𝐊𝛼 is zero for all action forces due to disability of the velocity in these terms (𝐊𝛂 =

𝐄̇𝐓𝐪̇ and 𝐪̇ = 𝟎):  

𝐾𝑣𝑒𝑙 = 𝑋̈ − 𝐸𝑇𝑞̈ 3.13 

The unknown contributions of α to the GRFs at each foot-ground contact point and 

generalized acceleration after considering the zero-acceleration constraint related equations are 

represented by 𝐅𝑒𝑥𝑡
𝛼  and 𝐪̈, respectively. To calculate these quantities from equation 3.12, an 

equality-constrained-least-square optimization problem is solved. In this case, an objective 

function, J, is chosen to minimize the weighted squared sum of foot contact point forces:  

𝐽 =
1

𝑤
.∑ 𝐹𝑒𝑥𝑡𝑖

𝛼 𝐹𝑒𝑥𝑡𝑖
𝛼

𝑓

𝑖=1

 3.14 

A matrix form can be used to represent the equations 3.12 and 3.14 due to the being linear 

of the 𝐅𝑒𝑥𝑡
𝛼  and 𝐪̈:  

𝑊̃ [

𝑀 −𝐸
𝑊.𝐸𝑇 03𝑓×3𝑓

03𝑓×𝑛 𝑊−1
] {

𝑞̈𝛼

𝐹𝑒𝑥𝑡
𝛼 } = 𝑊̃ {

𝐹𝛼

−𝑊.𝐾𝛼

03𝑓×1

} 3.15 

where 𝐖̃ is a global diagonal matrix with weights placed on the diagonal elements to 

emphasize the relative importance of the solution satisfying the equation of motion equality 

constraint (Row 1), foot point acceleration equality constraint (Row 2) and cost function (Row 

3). 𝐖̃ is defined as: 

𝑊̃ = [

104𝐼𝑛×𝑛

102𝐼3𝑚×3𝑚

𝐼3𝑚×3𝑚

] 3.16 

A more compact form of equation 3.15 can be replaced as follows:  
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𝐴 {
𝑞̈𝛼

𝐹𝑒𝑥𝑡
𝛼 } = 𝑏 3.17 

where A is an (𝑛 + 6𝑓) × (𝑛 + 3𝑓) matrix and b is an (𝑛 + 6𝑓) × 1 vector. The A matrix is 

constant for all action forces and the b vector is unique for each individual action force at a 

given time instant. Therefore, the superposition principles will be satisfied: 

𝐴𝑋1 = 𝑏1

⋮
𝐴𝑋𝑚 = 𝑏𝑚

𝐴(𝑋1 + ⋯+ 𝑋𝑚) = 𝑏1 + ⋯+ 𝑏𝑚

 3.18 

   An optimal analytical solution to the over-determined problem of equation 3.17 is 

provided using a least-square pseudo-inverse operator with no numerical iterations:  

{
𝑞̈𝛼

𝐹𝑒𝑥𝑡
𝛼 } = 𝐴+𝑏 3.19 

where 𝐀+ is the Moore-Penrose pseudo-inverse of the matrix A. The least square error of the 

solution, which represents how well the solution matched the constraints, is computed as: 

{

𝑒𝑟𝑟_𝑒𝑜𝑚𝑛×1

𝑒𝑟𝑟_𝑓𝑜𝑜𝑡𝑐𝑜𝑛𝑠𝑡𝑟𝑎𝑖𝑛𝑡3𝑓×1

𝑒𝑟𝑟_𝑐𝑜𝑠𝑡𝑓𝑢𝑛𝑐𝑡𝑖𝑜𝑛3𝑓×1

} = 𝐴+ {
𝑞̈𝛼

𝐹𝑒𝑥𝑡
𝛼 } − 𝑏 3.20 

Equation 3.19 was repeatedly solved for each action force α at each time instant. Finally, 

the individual contributions of α on each foot point, each foot and each direction were summed 

to determine the contribution of α to the net GRFs. The sum of all action forces contributions 

may not be equal to the experimental GRFs, which leads to lack of satisfaction of the 

superposition principle. Anderson and Pandy mentioned that such superposition errors appear 

due to the rigid foot-ground contact assumption which is not quite accurate (Anderson and 

Pandy, 2003). Hence, to consider these inaccuracies, an inertial force (i.e. a fictitious force) 

was defined. This inertia force is required to satisfy the superposition principle by equating the 
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model results and experimental data. To compute the inertial force’s contribution to the joint 

acceleration and GRFs, equation 3.15 was modified as stated:  

[
𝑀 −𝐸

𝐼𝑛×𝑛 03𝑓×3𝑓
] {

𝑞̈𝐼

𝐹𝑒𝑥𝑡
𝐼 } = {

0𝑛×1

(𝑞̈𝐸𝑥𝑝 − 𝑞̈𝑀𝑜𝑑𝑒𝑙)
} 3.21 

where 𝐪̈𝐸𝑥𝑝 is the experimental generalized joint acceleration vector and 𝐪̈𝑀𝑜𝑑𝑒𝑙 is the sum of 

all induced accelerations of all action forces:  

    𝑞̈𝑀𝑜𝑑𝑒𝑙 = ∑ 𝑞̈𝛼𝑛𝑢𝑚𝐴𝑐𝑡𝑖𝑜𝑛𝐹𝑜𝑟𝑐𝑒𝑠
𝛼=1  3.22 

Regarding equation 3.21, the cost function related row (the third row in equation 3.15) 

does not exist. Therefore, it reduces to a discriminative problem and 𝐪̈𝐈 and 𝐅ext
 𝐈  were uniquely 

solved:  

𝑞̈𝐼 = 𝑞̈𝐸𝑥𝑝 − 𝑞̈𝑀𝑜𝑑𝑒𝑙 3.23 

𝐹𝑒𝑥𝑡
𝐼 = 𝐸+(𝑀. 𝑞̈𝐼) 3.24 

3.3.8 Joint reaction loads and muscle contribution 

Resultant forces and moments at joints were calculated in OpenSim based on the 

predicted muscle forces. Joint reaction analysis aims to calculate all loads acting on the model 

between consecutive bodies. Joint structure carries the internal loads, which are representative 

of the un-modeled joint structure generating the desired joint movement. The resultant loads at 

the joint are applied at the mobilizer frame/joint center of the two successive bodies.  

To calculate joint reaction forces, a recursive bottom-up procedure beginning from distal 

bodies and progressing to the proximal bodies was used at each time instant during walking 

(Steele et al., 2012a). The recursive algorithm was based on resolving the applied point at the 

joint to stabilize the forces and motions using a free body diagram principle for every single 
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rigid body. The desired joint resultant forces were calculated using the known generalized 

coordinates, GRFs and muscle forces as stated below: 

𝑅⃗ 𝑜 = [
𝜏 𝑜

𝐹 𝑜
] = 𝑀𝑖(𝑞 )𝑎 𝑖 + 𝐹 𝑐𝑜𝑛𝑠𝑡𝑟𝑎𝑖𝑛𝑡 − (∑𝐹 𝑒𝑥𝑡𝑒𝑟𝑛𝑎𝑙 +∑𝐹 𝑚𝑢𝑠𝑐𝑙𝑒𝑠 + 𝑅⃗ 𝑖+1) 3.25 

where 𝐑⃗⃗ o represents the joint forces and moments at the origin of body; 𝐌𝑖(𝑞 ) represents 

the six-by-six mass matrix for body segment i; 𝐚⃗ 𝑖 is the six-dimensional vector of known linear 

and angular acceleration of the body distal to joint i. 𝐅 𝑐𝑜𝑛𝑠𝑡𝑟𝑎𝑖𝑛𝑡 expresses constraint forces 

applied to the body; 𝐅 𝑒𝑥𝑡𝑒𝑟𝑛𝑎𝑙 and 𝐅 𝑚𝑢𝑠𝑐𝑙𝑒𝑠 are the previously calculated forces and moments 

applied by external loads and musculotendon actuators, respectively; 𝐑⃗⃗ 𝑖+1 is the joint reaction 

force applied at the distal joint; 𝛕⃗ 𝑜 and 𝐅 𝑜 are the moment and force to balance the equation. 

Finally, the joint reaction forces and moments at the joint center were calculated by a shifting 

vector from body origin to center joint: 

𝑅⃗ 𝑖 = [
𝜏 𝑖

𝐹 𝑖
] ∶= [

𝜏 𝑜

𝐹 𝑜
] − [𝑟 × 𝐹 𝑜

𝑜 
] 3.26 

where 𝐫  represents the vector from the body origin to the joint center.  

The induced acceleration analysis approaches described in section 3.3.8 can also provide 

the calculation of the individual muscle contributions to joint contact forces. At each time step, 

muscle contributions to joint contact forces were obtained by i) using the results of muscle 

contribution to GRFs or acceleration; ii) remaining only the muscle interest and the 

corresponding muscle force and ground reaction forces in the model; and iii) solving joint 

contact force calculation described above. This procedure was repeated for each muscle 

throughout gait cycle (Sasaki and Neptune, 2010).   
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mechanism in unilateral transfemoral amputees. Medical Engineering and Physics, 

Published.   
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4.1  Introduction 

Transfemoral amputees have been shown to walk with 30% reduced speed and between 

30 and 60% higher energy consumption than those of able-bodied individuals (Vaughan et al., 

1992, Jaegers et al., 1995b, Boonstra et al., 1996, Genin et al., 2008). Increased hip joint range 

of motion and larger ground reaction forces (GRFs) during single-leg stance of the intact limb 

during walking have been observed relative to those of the residual limb (Sjödahl et al., 2002, 

Sjödahl et al., 2003, Goujon-Pillet et al., 2008, Schaarschmidt et al., 2012, de Cerqueira et al., 

2013). The intact limb has also been shown to exhibit larger hip, knee and ankle joint moments 

and powers compared to those in the residual limb (Seroussi et al., 1996, Segal et al., 2006, 

Prinsen et al., 2011, Okita et al., 2018, Harandi et al., 2020, Robinson et al., 2020). These 

asymmetric gait patterns in transfemoral amputees have the potential to lead to an increased 

risk of lower back pain and hip osteoarthritis of the intact limb (Morgenroth et al., 2010, MPhty, 

2012, Devan et al., 2014, Matsumoto et al., 2018).  

In addition, about 30% of transfemoral amputees fitted with socket prosthesis experience 

severe socket related  problems such as chronic skin pain (Rommers et al., 1996, Hagberg and 

Brånemark, 2001a, Meulenbelt et al., 2009, Butler et al., 2014), which leads to problems with 

mobility and a low quality of life (Pezzin et al., 2000, Demet et al., 2003, Pezzin et al., 2004b). 

Although new socket designs have improved walking, skin problems are still a major concern 

(Van de Meent et al., 2013). As a result, osseointegrated prosthesis have been sought as a way 

to combat these problems and have been recognized as the better alternative in some cases 

(Haggstrom et al., 2013, Pantall and Ewins, 2013, Van de Meent et al., 2013, Brånemark et al., 

2014, Al Muderis et al., 2018, Frossard, 2019, Robinson et al., 2020). In contrast to SP users, 

there have only been a few studies that have investigated gait biomechanics in bone-anchored 

prostheses. Osseointegrated transfemoral amputees have shown greater hip range of motion, 
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better walking ability, quicker cadence, shorter gait duration and increase in walking speed 

than SP users as well as slower cadence and larger gait period compared to non-amputees 

(Hagberg et al., 2005, Frossard et al., 2010, Tranberg et al., 2011, Van de Meent et al., 2013, 

Leijendekkers et al., 2017, Robinson et al., 2020). In addition, one study found that the function 

of the hip residual limb muscles was similar to those in non-disabled individuals (Pantall and 

Ewins, 2013).  

Lower extremity muscles generate propulsion, support, and balance of the body during 

walking. Several studies investigating individual muscle contribution to the anterior-posterior, 

vertical and mediolateral acceleration of the body center of mass (COM) in able-bodied 

individuals (Neptune et al., 2001, Neptune et al., 2004, Liu et al., 2006, Pandy et al., 2010). In 

transfemoral amputees, a number of lower limb muscles required during ambulation may be 

missing in the residual limb, affecting the overall motor control strategy. Most notably, vasti 

(VAS), soleus (SOL) and gastrocnemius (GAS) are typically absent. In healthy individuals, 

VAS contributes to braking, while GAS and SOL generate forward propulsion (Lim et al., 

2013, Lin et al., 2015). SOL and GAS contribute substantially to the vertical COM acceleration 

in the second half of stance, while VAS and the gluteus muscles generate body support in the 

first half of stance (Lim et al., 2013, Lin et al., 2015). Other muscles such as hamstrings (HAM) 

and the inferior compartment of adductor magnus may be re-anchored to the end of the residual 

limb, affecting their force-length properties. At present, the way in which muscles in the intact 

and residual limbs, and the transfemoral prosthesis, generate forward propulsion, vertical 

support, and mediolateral balance is not well understood. 

The present study aimed to use three-dimensional personalized musculoskeletal 

modeling to quantify lower limb joint kinematics and kinetics as well as muscle and prosthesis 

contributions to body COM acceleration in the socket and osseointegrated fitted transfemoral 

amputees during walking. Previous studies have shown significant differences in 
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spatiotemporal parameters, joint kinematics, and kinetics between the intact limb relative to 

that of the residual limb (Dumas et al., 2016, Ranz et al., 2017, Okita et al., 2018, Frossard, 

2019). We, therefore, hypothesized that the contributions of the hip muscles in the intact limb 

to the fore-aft, vertical and mediolateral COM acceleration would be significantly different 

from that of the residual limb. The results of this study will provide new information about the 

gait compensatory mechanisms adopted by transfemoral amputees, which may assist in 

prescribing rehabilitation post-amputation.  

 

4.2  Materials and Methods  

The detail of materials and methods used in this study has been comprehensively 

discussed in Chapter 3. In this section, a brief explanation of the methods is presented. 

However, the relevant section in the methods chapter is mentioned to avoid repetition.     

 

4.2.1 Participants 

Gait experiments were performed on six individuals with unilateral transfemoral 

amputation wearing socket and four osseointegrated unilateral transfemoral amputees. All 

subjects wore their own prosthesis and were able to walk without assistive devices (Table 3.1, 

Table 3.2). The prostheses alignment and fitting were checked by an experienced prosthetist 

prior to data collection. Ethical approval was obtained by the Melbourne Health Human 

Research Ethics Committee with the number HREC 2015.148, and each participant provided 

written informed consent.  
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4.2.2 Testing protocol  

Each subject performed three successful trials of over-ground walking at their preferred 

speed (1.16m/s±0.23 for SP users and 1.29m/s±0.10 for OI users). Lower limb and body COM 

kinematics were derived by tracking three-dimensional positions of reflective markers using 

an eight-camera motion capture system (Vicon, Oxford Metrics) sampling at 120 Hz. Retro-

reflective markers were mounted bilaterally on body segments of the intact and residual limb 

following a previously published marker set (Dorn, 2011). On the prosthesis, the markers were 

mounted over anatomical landmarks based on the intact limb in the medial and lateral knee and 

ankle, heel, and toe. During walking trials, GRFs were measured using three AMTI force 

platforms embedded in the floor (Watertown, USA) at a sample rate of 1000 Hz. EMG data 

were simultaneously recorded at 1000 Hz using pairs of surface electrodes placed on the intact 

muscles including GMAX, GMED, SOL, GAS and VAS and residual limb muscles including 

GMAX and GMED (Cometa, Milan, Italy) (Table 3.5). EMG electrode placement followed a 

previously described procedure (Hermens et al., 2000), and EMG data were checked prior to 

testing to ensure suitable electrode placement and output (Hermens et al., 1999).  

4.2.3 Data processing 

Marker trajectories and GRF were low-pass filtered with a cut-off frequency of 4 and 60 

Hz, respectively using a 4th order Butterworth filter (Lin et al., 2015). EMG offset signals were 

removed and the waveforms rectified and low-pass filtered at 10 Hz using a 2nd order 

Butterworth filter to create linear envelopes (Lin et al., 2015). Three successful gait cycles of 

each subject were selected and averaged for analyses. 
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4.2.4 Musculoskeletal modelling 

Subject-specific three-dimensional musculoskeletal models of each subject were 

developed in OpenSim 3.2 (Delp et al., 2007). Each model comprised 10 lower limb and trunk 

segments actuated by 76 Hill-type muscle-tendon units. The head, arm, and torso were 

combined as a single rigid body that articulated with the pelvis via a ball-and-socket back joint. 

The hip joints were modeled as ball-and-socket joints, the knee and metatarsal joints as hinge 

joints, and each ankle-subtalar complex as a universal joint. All segment lengths and muscle-

tendon parameters were scaled from a generic musculoskeletal model to the subject’s mass and 

anthropometry. A static standing trial was used to calculate the scaling factors for each 

segment, as defined by the relative distances between pairs of markers (Delp et al., 2007).  

For the prosthetic leg, all musculoskeletal structures below the knee were removed from 

the scaled model. A myodesis stabilization technique was employed in modeling muscle 

architecture, including re-anchoring of the amputated muscles in the residual limb (Ranz et al., 

2017). The myodesis stabilization technique re-attaches muscles that were detached in the 

amputation process directly to the distal end of the residual femur (Ranz et al., 2017). 

Specifically, the adductor magnus, semimembranosus, semitendinosus, biceps femoris long 

head, and gracilis were inserted posteriorly to the medial ridge of linea aspera; rectus femoris 

and sartorius were inserted anteriorly to the distal part of an intertrochanteric line and medial 

ridge of linea aspera; tensor fascia latae was inserted laterally to lateral ridge of the linea 

aspera. In the model of the amputee, the tendon slack length of each reattached muscle in the 

residual limb was modified to ensure that the muscle-tendon unit tension in the neutral position 

was equivalent to that of the same muscle in the intact limb (Ranz et al., 2017, Harandi et al., 

2020). Optimal fiber length value for each re-anchored muscle-tendon unit was varied in equal 

proportion to match the pre-operative muscle-tendon length of the intact in the neutral position 
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(Ranz et al., 2017, Harandi et al., 2020). The mass and dimensions (length, width, height) of 

the prosthesis knee joint, socket, pylon and foot segments were measured using digital calipers, 

tape measure and digital scales, and the prosthesis reverse-engineered in SolidWorks 

(SolidWorks, Dassault Systems Massachusetts, USA). Homogenous, isotropic material 

properties were assumed, and a residual limb density of 1.1 g/cm3 was assumed (Mungiole and 

Martin, 1990, Ferris et al., 2017). The moment of inertia and COM positions of each lower-

limb prosthesis were calculated from the CAD model and integrated into the musculoskeletal 

model (Harandi et al., 2020).  

Joint angles were calculated using inverse kinematics, and joint moments computed from 

inverse dynamics using the joint kinematics and measured GRFs (Lu and O’connor, 1999). 

Residual Reduction Analysis was performed to vary the model’s torso COM position and 

minimize dynamic inconsistency between the collected GRFs and the measured kinematics 

(Thelen and Anderson, 2006, Delp et al., 2007). Muscle forces were computed using static 

optimization by decomposing the net joint moments calculated from inverse dynamics into 

discrete muscle actuator loads (Anderson and Pandy, 2001b). The optimization problem 

minimized the sum of squares of all muscle activations and was constrained by each muscle’s 

force-length and force-velocity relations. Contributions of muscle forces, gravity, inertia, and 

other external forces to the fore-aft, vertical and mediolateral COM acceleration represent the 

contribution to body propulsion, support and balance, respectively. Pseudo-inverse GRF 

decomposition method employing a five foot-ground contact point model for the stance limb 

was used to quantify the contributions to walking (Dorn et al., 2012a). The foot-ground contact 

model of the residual limb was assumed the same as that of the intact limb. In this thesis, N/BW 

and Nm/kg stand for “Newton per Body Weight” and “Newton-meter per kilogram”, 

respectively. 
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4.2.5 Data analysis 

Spatiotemporal parameters, kinematics, kinetics, muscle forces and muscle contributions 

to whole-body COM acceleration were evaluated during the stance phase of walking at four 

gait events which included ipsilateral heel-strike (IHS), contralateral toe-off (CTO), 

contralateral heel-strike (CHS) and ipsilateral toe-off (ITO). A non-parametric Wilcoxon 

signed-rank test was used to analyze non-normally distributed data. Comparisons of each 

dependent variable (i.e. joint angles and moments, muscle forces and muscle contribution) 

between the intact and residual limbs, were analyzed at each gait event and also during the 

whole stance phase. The results of the Wilcoxon were quantified by h-values, in which h=1 

rejects the null hypothesis of no difference between the two legs, while h=0 accepts the null 

hypothesis. Significance level was set at p<0.05. All statistical analyses were performed using 

IBM-SPSS 24 (IBM Corp., USA). 

 

4.3  Results  

In this section, the results of both SP and OI users are separately presented. Then, a 

sensitivity analysis on alterations in inertial properties of prosthesis for one amputee is 

presented.   

4.3.1 SP users 

Significantly different spatiotemporal parameters were observed between the intact leg 

and the residual leg (p<0.05) (Table 4.1). Step length was significantly smaller in the intact 

limb compared to that of the residual limb (mean difference: 0.08±0.02 m, p=0.03). The step 
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time for the residual limb was significantly greater than the intact limb (mean difference: 

0.08±0.03 sec, p=0.03). The cadence of the intact limb was significantly larger than that of the 

residual limb (mean difference: 2.00±1.01 step/sec, p=0.04).   

 

Table 4.1. Mean and standard deviation (SD) of spatiotemporal parameters in SP users (n=6) 

between the intact and residual limb.  

 

Hip flexion was significantly greater in the intact leg compared to that in the residual 

limb at IHS (mean difference:10.51˚±5.29°, p = 0.03) and CTO (mean difference:17.11˚±7.10˚, 

p = 0.03). The hip of the intact limb also showed significantly greater ex- tension than that in 

the residual limb at CHS (mean differ- ence:10.10˚±2.01˚, p=0.03). Knee flexion of the intact 

leg was significantly greater than that in the residual limb at CTO (mean 

difference:21.51˚±4.60˚, p = 0.003). The intact limb also demonstrated significantly larger hip 

abduction than that in the residual limb at IHS (mean difference:5.13˚±0.2˚, p = 0.03), CTO 

(mean difference:8.64˚±0.39˚, p = 0.03), CHS (mean difference:4.05˚±0.5°, p = 0.03) and ITO 

(mean difference:13.80˚±0.37°, p = 0.03). There was a significant increase in anterior pelvic 

tilt towards the residual limb relative the intact limb at CTO (mean differ- ence:0.41˚±0.09°, 

p=0.03) and CHS (mean difference:6.1˚±2.1°, p = 0.03) (Table 4.2, Figure 4.1). 

Intact 0.68 0.15

Residual 0.76 0.13

Intact 0.55 0.05

Residual 0.63 0.08

Intact 100.33 9.45

Residual 98.33 10.46

Limb Mean SD p -value

Step Length (m)

Step Time (sec)

Cadence (step/sec)

0.03

0.03

0.04
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Table 4.2. The mean, standard deviation (SD), 95% confidence interval and p-value of the joint angles 

of the intact and residual legs during stance phase of SP users (n=6). Hip flexion and adduction, pelvis 

tilt and knee extension angles and ankle dorsiflexion are positive. IHS: ipsilateral heel strike; CTO: 

contralateral toe-off; CHS: contralateral heel strike; ITO: ipsilateral toe-off. 

   

Joint angles (°)
Gait 

event
Limb Mean SD

95% Confidence 

Interval
p-Value

Intact 29.41 8.06 17.74 to 36.46

Residual 18.9 10.08 4.36 to 27.67

Intact 30.86 12.55 14.58 to 42.86

Residual 13.73 12.08 -0.87 to 30.47

Intact -20.38 3.82 -24.24 to -16.83

Residual -10.26 3.18 -13.90 to -5.86

Intact -5.78 8.82 -14.74 to 8.25

Residual -10.31 6.24 -16.27 to 0.68

Intact -8.2 0.45 -8.67 to -7.74

Residual -3.07 0.1 -3.18 to -2.97

Intact -7.3 0.72 -8.06 to -6.54

Residual 1.34 0.63 0.67 to 2.01

Intact 3.74 0.87 2.82 to 4.66

Residual -0.31 0.84 -1.19 to 0.57

Intact -11.04 0.9 -11.98 to -10.09

Residual -2.75 0.06 -2.81 to -2.68

Intact -7.28 3.89 -10.27 to -0.90

Residual -4.5 4.52 -9.10 to 3.11

Intact -28.26 10.01 -39.67 to -12.97

Residual -6.71 5.31 -11.96 to 2.23

Intact -15.39 4.39 -22.90 to -11.05

Residual -8.14 3.4 -11.70 to -2.55

Intact -44.16 5.86 -53.97 to -35.89

Residual -34.4 4.5 -41.36 to -27.86

Intact -1.47 3.15 -5.84 to 2.90

Residual -0.044 2.17 -3.21 to 2.26

Intact 0.29 2.8 -3.67 to 4.24

Residual 0.71 1.72 -1.20 to 3.60

Intact -1.57 2.71 -5.43 to 2.29

Residual 4.54 3.01 -0.87 to 7.87

Intact -0.94 3.21 -5.37 to 3.50

Residual 1.42 5.57 -6.18 to 7.81

Intact -2.7 12.16 -21.39 to 12.76

Residual -6.1 8.51 -18.40 to 5.65

Intact -10.93 13.9 -32.83 to 5.95

Residual -11.93 8 -24.50 to -2.18

Intact -1.96 16.13 -22.21 to 23.03

Residual 4.3 6.2 -3.56 to 13.83

Intact -29.44 15.5 -51.01 to -7.15

Residual -6.95 7.73 -18.65 to 3.13

Hip flexion/ extension

IHS 0.03 *

CTO 0.03 *

CHS 0.03 *

ITO 0.06

Hip abduction/ adduction

IHS 0.03 *

CTO 0.03 *

CHS 0.03 *

ITO 0.03 *

Knee flexion/ extension

IHS 0.31

CTO 0.03 *

CHS 0.06

ITO 0.09

Pelvis tilt

IHS 0.65

CTO 0.03 *

CHS 0.03 *

ITO 0.12

Ankle dorsiflexion

IHS 0.09

CTO 0.81

CHS 0.31

ITO 0.03 *
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Figure 4.1. Joint angles in the intact and residual limb of transfemoral amputees (n=6). The gray shaded areas represent ±1 standard deviation from 

the mean. The vertical dashed line represents contralateral toe-off (CTO); the vertical solid line represents contralateral heel strike (CHS). Statistical 

analyses obtained between the two legs are demonstrated by h = 1 in the h-value plots.
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There were significant differences in the joint moments at hip, knee, and ankle joints 

between the residual and intact limbs (Table 4.3, Figure 4.2) (p<0.05). The hip flexion moment 

of the residual limb was significantly smaller compared to that in the intact leg at IHS (mean 

difference:0.41 ±0.05Nm/kg, p = 0.03) and CHS (mean difference:0.39 ±0.09Nm/kg, p = 0.03). 

Further- more, significantly different hip muscle forces were found be- tween the two legs 

(Table 4.4, Figure 4.3). For instance, GMED in the intact limb exhibited larger force than 

GMED in the residual limb at IHS (mean difference:1.14 ±0.72 N/kg, p = 0.03), CTO (mean 

difference:18.45 ±2.58 N/kg, p = 0.03) and CHS (mean difference:13.83 ±1.16 N/kg, p = 0.03). 
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Table 4.3. The mean, standard deviation (SD), 95% confidence interval and p-value of the joint 

moments of the intact and residual legs during stance phase for SP users (n=6). Hip flexion, 

knee extension and ankle dorsiflexion moments are positive. IHS: ipsilateral heel strike; CTO: 

contralateral toe-off; CHS: contralateral heel strike; ITO: ipsilateral toe-off. 

 

 

Joint moments (Nm/kg) Gait event Limb Mean SD
95% Confidence 

Intacterval
p-Value

Intact 0.43 0.09 0.33 to 0.53

Residual -0.02 0.07 -0.10 to 0.06

Intact -0.89 0.34 -1.25 to -0.53

Residual -0.69 0.38 -1.10 to -0.28

Intact 0.58 0.09 0.49 to 0.68

Residual 0.19 0.19 -0.01 to 0.39

Intact 0.23 0.26 -0.03 to 0.51

Residual 0.13 0.14 -0.01 to 0.27

Intact -0.005 0.18 -0.20 to 0.19

Residual -0.02 0.13 -0.15 to 0.11

Intact 0.81 0.43 0.36 to 1.27

Residual -0.04 0.13 -0.18 to 0.09

Intact -0.06 0.16 -0.24 to 0.10

Residual -0.19 0.13 -0.33 to -0.05

Intact -0.02 0.03 -0.06 to 0.01

Residual 0.03 0.12 -0.10 to 0.16

Intact 0.01 0.007 0.004 to 0.02

Residual 0.05 0.04 0.01 to 0.09

Intact 0.28 0.1 0.17 to 0.38

Residual 0.28 0.1 0.17 to 0.38

Intact -1.46 0.08 -1.54 to -1.37

Residual -1.09 0.23 -1.34 to -0.85

Intact 0.03 0.002 0.03 to 0.03

Residual 0.002 0.03 -0.04 to 0.04

Ankle dorsiflexion

IHS 0.16

CTO 0.84

CHS 0.03 *

ITO 0.16

Knee flexion/ extension

IHS 0.69

CTO 0.03 *

CHS 0.31

ITO 0.43

Hip flexion/ extension

IHS 0.03 *

CTO 0.16

CHS 0.03 *

ITO 0.84
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Figure 4.2. Joint moments in the intact and residual limb of transfemoral amputees (n=6). The gray shaded areas represent ±1 standard deviation 

from the mean. The vertical dashed line represents contralateral toe-off (CTO); the vertical solid line represents contralateral heel strike (CHS). 

Statistical analyses obtained between the two legs are demonstrated by h = 1 in the h-value plots.
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As described in section 3.3.7, we used EMG signals to evaluate the onset and offset of 

the subject-specific model-predicted muscle forces. The timing of muscle contractions 

predicted by the model was correlated well with the EMG signals (Figure 4.3, Figure 4.4).    

The results showed that in general, the intact limb hip muscles generated more forces 

during the whole stance than the residual limb (Table 4.4, Figure 4.3). GMAX force was 

significantly greater in the intact limb than the residual limb at CTO (mean difference: 1.74 

N/kg, p=0.03). GMED of the intact limb was significantly greater at IHS, CTO and CHS than 

the residual limb (mean difference: 0.14, 18.45 and 13.83 N/kg, respectively, p=0.03). The 

intact limb IL had also significantly greater forces in the intact limb than the residual limb at 

IHS and CHS (mean difference: 2.83 and 9.33 N/kg, respectively, p=0.03). HAM demonstrated 

greater forces at ITO of the intact limb than the residual limb (mean difference: 2.83 N/kg, 

p=0.03) (Table 4.4, Figure 4.3). Figure 4.4 shows muscle forces of the intact limb for SOL, 

GAS, and VAS with the period of EMG activity recorded for the specific muscles.  
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Table 4.4. Mean, standard deviation (SD), 95% confidence interval and p-value of the muscle 

forces of the intact and residual legs during stance phase for SP users (n=6). IHS: ipsilateral 

heel strike; CTO: contralateral toe-off; CHS: contralateral heel strike; ITO: ipsilateral toe-off. 

 

Muscle forces 

(N/kg)
Gait event Limb Mean SD

95% Confidence 

Intacterval
p-Value

Intact 0.52 0.36 0.14 to 0.90

Residual 1.2 0.61 0.56 to 1.84

Intact 6.91 1.83 5.00 to 8.83

Residual 4.17 1.33 2.77 to 5.57

Intact 0.04 0.04 0.01 to 0.08

Residual 0.41 0.13 0.27 to 0.55

Intact 0.17 0.22 0.07 to 0.41

Residual 0.2 0.12 0.07 to 0.32

Intact 2.81 1.75 0.97 to 4.65

Residual 1.67 0.30 1.36 to 1.98

Intact 22.72 6.07 16.34 to 29.09

Residual 4.27 1.79 2.39 to 6.16

Intact 17.22 2.83 14.25 to 20.19

Residual 3.39 0.25 3.13 to 3.65

Intact 0.71 0.65 0.03 to 1.39

Residual 0.44 0.38 0.03 to 0.84

Intact 2.89 0.77 2.07 to 3.69

Residual 0.06 0.068 0.00 to 0.13

Intact 0.001 0.001 0.00 to 0.002

Residual 0.19 0.22 0.00 to 0.42

Intact 14.61 1.30 13.24 to 15.97

Residual 5.28 3.66 1.44 to 9.11

Intact 3.14 1.46 1.60 to 4.68

Residual 1.67 1.91 0.00 to 3.84

Intact 0.69 0.85 0.00 to 2.09

Residual 0.08 0.12 0.00 to 0.27

Intact 0.001 0.05 0.00 to 0.01

Residual 0.53 0.37 0.14 to 0.91

Intact 6.96 2.61 4.22 to 9.71

Residual 4.14 1.50 2.56 to 5.70

Intact 1.83 1.30 0.47 to 3.19

Residual 0.61 0.29 0.31 to 0.91

Intact 0.02 0.01 0.00 to 0.06

Residual 2.01 0.28 1.28 to 2.72

Intact 3.21 0.23 2.61 to 3.82

Residual 2.65 0.74 0.76 to 4.54

Intact 0.02 0.01 0.00 to 0.06

Residual 0.004 0.001 0.001 to 0.006

Intact 0.52 0.04 0.40 to 0.63

Residual 0.01 0.001 0.005 to 0.01
ITO 0.03 *

IHS 0.03 *

CTO 0.6

CHS 0.9

HAM

RF

IHS 0.31

CTO 0.06

CHS 0.06

ITO 0.09

IL

IHS 0.03 *

CTO 0.03 *

CHS 0.03 *

ITO 0.09

GMED

IHS 0.03 *

CTO 0.03 *

CHS 0.03 *

ITO 0.17

GMAX

IHS 0.03 *

CTO 0.03 *

CHS 0.03 *

ITO 0.87
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Figure 4.3. Forces of muscles in the intact and residual limb of transfemoral amputees (n=6). The gray shaded areas represent ±1 standard deviation 

from the mean. The vertical dashed line represents contralateral toe-off (CTO); the vertical solid line represents contralateral heel strike (CHS). 

The horizontal solid line indicates the period of EMG activity recorded for muscles. Statistical analyses obtained between the two legs are 

demonstrated by h = 1 in the h-value plots. 
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Figure 4.4. Forces of muscles in the below-knee of the intact of SP users (n=6). The gray shaded areas represent ±1 standard deviation from the 

mean. The horizontal black line indicates the activity time of the muscles. The vertical dashed line represents contralateral toe-off (CTO); The 

vertical solid line represents contralateral heel strike (CHS). The horizontal solid line indicates the period of EMG activity recorded for muscles.
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RF showed larger contribution to the fore-aft body COM acceleration in the intact limb 

than that in the residual limb at CTO (mean difference: -0.02 m/s2, p=0.04) and CHS (mean 

difference: -0.38 m/s2, p=0.03), while the contribution of the intact limb GMAX was larger at 

IHS (mean difference: -0.07 m/s2, p=0.03) and during mid-stance when compared to the 

residual limb. In addition, HAM generated higher contribution at IHS (mean difference: 0.07 

m/s2, p=0.04), CHS (mean difference: 0.16 m/s2, p=0.04) and ITO (mean difference: 0.15 m/s2, 

p=0.03) in the intact leg than the residual limb (Table 4.5, Figure 4.5). In early to mid-stance, 

VAS in the intact limb contributed substantially to breaking, while SOL and GAS contributed 

to both breaking and propulsion during the second half of stance. In the residual limb, the 

prosthesis contributed primarily to braking and propulsion in the first and second half of stance, 

respectively (Figure 4.5).   

The prosthesis generated the greatest amount of support throughout stance compared to 

any residual limb muscle, while the intact leg's SOL, GAS and VAS provided most of the 

contribution to support than other intact limb’s muscles (Figure 4.5).  In early to mid-stance 

and pre-swing, GMED produced a greater contribution to the vertical COM acceleration in the 

intact leg than the residual leg at CTO (mean difference: 0.70 m/s2, p=0.02) and ITO (mean 

difference: 0.05 m/s2, p=0.02). GMAX showed higher contribution to the vertical acceleration 

of the COM than that of the residual limb at IHS (mean difference: 0.25 m/s2, p=0.02) and CTO 

(mean difference: 0.64 m/s2, p=0.04) (Table 4.5, Figure 4.5).     

GMED was the largest contributor to mediolateral COM acceleration and it also 

contributed to medial COM acceleration during the whole of stance. The peak contribution of 

GMED to mediolateral COM acceleration was significantly higher in the intact leg than the 

residual leg at IHS (mean difference: 0.10 m/s2, p=0.04), CTO (mean difference: 1.00 m/s2, 

p=0.02), CHS (mean difference: 0.30 m/s2, p=0.02) and ITO (mean difference: 0.02 m/s2, 

p=0.04). GMAX in the residual leg contributed to medial COM acceleration, whereas GMAX 
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in the intact limb generated lateral COM acceleration, with significant differences at IHS (mean 

difference: 0.01 m/s2, p=0.03), CTO (mean difference: 0.15 m/s2, p=0.03), CHS (mean 

difference: 0.02 m/s2, p=0.03) and ITO (mean difference: 0.02 m/s2, p=0.03). VAS, SOL and 

GAS of the intact limb contributed to medial acceleration of the COM. Conversely, the 

prosthesis contributed to lateral body COM acceleration during stance (Table 4.5, Figure 4.6).
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Table 4.5. The p-value of the muscle contribution to the COM acceleration during stance phase 

of SP users (n=6) between the intact and the residual limb at four gait events including IHS: 

ipsilateral heel strike; CTO: contralateral toe-off; CHS: contralateral heel strike; ITO: 

ipsilateral toe-off. 

ALAM 0.69    0.03 *    0.03 * 0.09

GMAX    0.03 * 0.09 0.31 0.84

GMED 0.09 0.69 0.84 0.69

HAM 0.22 0.92    0.03 * 0.06

IL    0.03 * 0.09    0.03 * 0.09

RF 0.22 0.06    0.03 * 0.31

ALAM 0.91    0.03 *    0.03 * 0.84

GMAX    0.03 * 0.06 0.06 0.09

GMED 0.69    0.03 * 0.69    0.03 *

HAM 0.31 0.84 0.09    0.03 *

IL    0.03 * 0.92    0.03 * 0.09

RF 0.31 0.09    0.03 * 0.06

ALAM 0.06    0.03 *    0.03 *    0.03 *

GMAX 0.06    0.03 *    0.03 *    0.03 *

GMED 0.06    0.03 *    0.03 * 0.06

HAM 0.06 0.22 0.06 0.93

IL    0.03 *    0.03 *    0.03 *    0.03 *

RF    0.03 * 0.43 0.31 0.84

IHS CTO CHS ITO
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Figure 4.5. Individual muscle and prosthesis contribution to anterior-posterior and vertical COM acceleration in transfemoral amputees (n=6). The 

shaded area represents the summed contribution from all actuators. The vertical dashed line represents contralateral toe-off (CTO); the vertical 

solid line represents contralateral heel strike (CHS). Statistical analyses obtained between the two legs are demonstrated by h = 1 in the h-value 

plots. 
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Figure 4.6. Individual muscle and prosthesis contribution to mediolateral COM acceleration in transfemoral amputees (n=6). The shaded area 

represents the summed contribution from all actuators. The vertical dashed line represents contralateral toe-off (CTO); the vertical solid line 

represents contralateral heel strike (CHS). Statistical analyses obtained between the two legs are demonstrated by h = 1 in the h-value plots.
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4.3.2 OI users 

The step time of the intact limb was lower than the residual limb (mean difference: 

0.01sec, respectively). The cadence and stride length of the intact limb was slightly greater than 

the residual limb (mean difference: 0.05 steps/sec and 0.01 m) (Table 4.6).  

Table 4.6. Mean and standard deviation (SD) of spatiotemporal parameters in OI users 

between the intact and residual limb of OI users (n=4). 

  

 

The intact limb flexed hip less compared to the residual limb at CTO (mean difference: 

5.27˚). The intact limb knee flexion was greater than the residual limb at CTO (mean 

difference: 3.20˚) and CHS (mean difference: 7.90˚) (Table 4.7, Figure 4.7).  

The hip moment depicted greater flexion at IHS (mean difference: 0.20 Nm/kg) and ITO 

(mean difference: 0.36 Nm/kg) than the residual limb, whereas the hip extension moment of 

the residual limb was larger than the intact limb at CTO (mean difference: 0.15 Nm/kg) and 

CHS (mean difference: 0.05 Nm/kg). The intact knee also generated larger peak moment at 

CTO (mean difference: 0.40 Nm/kg) than that in the residual limb (Table 4.8, Figure 4.7). 

Limb Mean SD

Intact 0.80 0.02

Residual 0.79 0.02

Intact 0.52 0.02

Residual 0.53 0.01

Intact 110.67 3.05

Residual 110.00 2.46

Step Length (m)

Step Time (sec)

Cadence (step/sec)
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Table 4.7. The mean, standard deviation (SD) and 95% confidence interval of the joint angles 

of the intact and residual legs during stance phase of OI users (n=4). Hip flexion and adduction, 

and knee extension angles and ankle dorsiflexion are positive. IHS: ipsilateral heel strike; CTO: 

contralateral toe-off; CHS: contralateral heel strike; ITO: ipsilateral toe-off. 

 
 

95% Confidence 
Interval

Intact 25.11 2.65 23.13 to 27.08

Residual 29.37 3.85 26.48 to 32.26

Intact 22.22 2.73 19.89 to 24.52

Residual 27.49 4.69 22.90 to 30.07

Intact -19.51 3.43 -21.33 to -16.22

Residual -16.79 3.65 -21.10 to -14.30

Intact -1.89 2.01 -4.23 to 1.65

Residual -1.83 3.62 -1.97 to 2.20

Intact 3.25 0.11 3.01 to 3.65

Residual 2.63 0.15 2.18 to 3.08

Intact 10.06 1.23 9.21 to 11.14

Residual 7.26 1.27 6.39 to 8.14

Intact 9.42 1.11 8.02 to 10.82

Residual 6.96 0.46 6.11 to 7.42

Intact 1.97 0.65 1.22 to 2.45

Residual 1.65 0.23 1.51 to 1.83

Intact -9.81 2.65 -11.79 to -7.85

Residual -8.89 2.47 -9.97 to -6.78

Intact -20.24 4.25 -23.43 to -18.72

Residual -17.04 3.45 -21.22 to -15.25

Intact -11.03 2.66 -13.19 to -9.29

Residual -4.18 0.85 -4.64 to -3.23

Intact -41.67 4.45 -45.27 to -38.05

Residual -39.89 1.03 -40.44 to -38.09

Intact 8.39 1.67 6.28 to 10.49

Residual -1.27 0.12 -1.78 to -1.02

Intact -1.57 2.66 -3.87 to 0.07

Residual -0.25 2.03 -2.10 to 1.43

Intact 8.79 1.45 7.34 to 10.23

Residual 9.11 1.14 7.53 to 9.98

Intact -21.05 3.59 -25.12 to -18.97

Residual -0.51 0.91 -1.62 to 0.36

Limb Mean SD

CTO

CHS

ITO

Joint angles (°) Gait event

Ankle dorsiflexion

IHS 

CTO

CHS

ITO

Knee flexion/ extension

IHS 

CTO

CHS

ITO

IHS 

CTO

CHS

ITO

Hip flexion/ extension

Hip abduction/ adduction

IHS 
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Table 4.8. The mean, standard deviation (SD) and 95% confidence interval of the joint 

moments of the intact and residual legs during stance phase of OI users (n=4). Hip flexion, 

knee extension and ankle dorsiflexion moments are positive. IHS: ipsilateral heel strike; CTO: 

contralateral toe-off; CHS: contralateral heel strike; ITO: ipsilateral toe-off. 

95% Confidence 

Interval

Intact 0.22 0.19 -0.41 to 0.83

Residual 0.02 0.09 -0.27 to 0.27

Intact -1.01 0.08 -1.27 to -0.75

Residual -1.16 0.07 -1.37 to -0.96

Intact 0.46 0.08 0.18 to 0.69

Residual 0.51 0.04 0.37 to 0.65

Intact 0.39 0.08 0.14 to 0.65

Residual 0.03 0.06 -0.17 to 0.23

Intact 0.01 0.05 -0.15 to 0.16

Residual -0.05 0.03 -0.15 to 0.04

Intact 0.44 0.03 0.33 to 0.55

Residual 0.01 0.03 -0.10 to 0.09

Intact -0.24 0.04 -0.36 to -0.12

Residual -0.25 0.03 -0.35 to -0.15

Intact 0.17 0.02 0.01 to 0.08

Residual 0.05 0.03 0.01 to 0.07

Intact 0.04 0.01 0.02 to 0.06

Residual 0.01 0.01 -0.01 to 0.02

Intact 0.14 0.05 -0.03 to 0.31

Residual -0.13 0.02 -0.21 to -0.06

Intact -1.34 0.02 -1.40 to -1.27

Residual -1.39 0.02 -1.45 to -1.30

Intact 0.04 0.01 0.02 to 0.05

Residual -0.06 0.04 -0.18 to 0.05

Ankle dorsiflexion

IHS 

CTO

CHS

ITO

Knee flexion/ extension

IHS 

CTO

CHS

ITO

Joint moment (Nm/kg) Gait event Limb Mean SD

Hip flexion/ extension

IHS 

CTO

CHS

ITO
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Figure 4.7. Joint angles and moments of the intact (solid line) and residual (dashed line) limbs of OI users (n=4). The gray shaded areas represent 

±1 standard deviation from the mean. The vertical dashed line represents contralateral toe-off (CTO); the vertical solid line represents contralateral 

heel strike (CHS).
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Similar to SP users model validation, the timing of muscle contractions predicted by the 

model for OI users was similar to those exhibited by EMG signals (Figure 4.8, Figure 4.9).    

Peak muscle forces of the intact limb were greater than those in the residual limb for 

GMED (mean difference: 5.53 N/kg), IL (mean difference: 1.0 N/kg) and HAM (mean 

difference: 2.09 N/kg). The intact limb’s peak force of GMAX (mean difference: 0.30 N/kg) 

was smaller than the residual limb, while the peak of RF forces of the intact limb was greater 

compared to the residual limb during the first and the second half of stance (mean difference: 

9.52 and 0.37 N/kg, respectively) (Table 4.9, Figure 4.8).  
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Table 4.9. The mean, standard deviation (SD) and 95% confidence interval of the muscle forces 

of the intact and residual legs during stance phase of OI users (n=4). IHS: ipsilateral heel strike; 

CTO: contralateral toe-off; CHS: contralateral heel strike; ITO: ipsilateral toe-off. 

  

Muscle forces 95% Confidence 

(N/kg) Interval

Intact 0.29 0.12 0.09 to 0.67

Residual 1.11 0.33 0.07 to 2.15

Intact 8.53 0.46 7.05 to 10.02

Residual 8.59 0.13 8.19 to 9.01

Intact 0.02 0.15 0.00 to 0.07

Residual 0.07 0.03 0.00 to 0.16

Intact 0.01 0.01 0.00 to 0.01

Residual 0.73 0.29 0.00 to 1.67

Intact 3.46 0.54 1.74 to 5.20

Residual 3.11 0.51 1.51 to 4.69

Intact 20.67 2.44 17.10 to 25.25

Residual 17.89 0.33 16.85 to 18.92

Intact 8.89 2.77 0.08 to 17.69

Residual 5.52 0.09 5.22 to 5.82

Intact 1.01 0.45 0.09 to 1.90

Residual 0.27 0.15 0.11 to 0.44

Intact 2.19 0.91 0.00 to 5.05

Residual 0.17 0.12 0.00 to 0.55

Intact <0.01 <0.01 <0.01

Residual <0.01 <0.01 <0.01

Intact 14.51 1.86 8.59 to 20.41

Residual 10.66 0.43 9.38 to 11.95

Intact 1.95 0.71 0.00 to 3.21

Residual 0.62 0.51 0.00 to 1.25

Intact <0.01 <0.01 <0.01

Residual 0.04 0.02 0.00 to 0.06

Intact 2.86 0.12 2.48 to 3.23

Residual <0.01 <0.01 <0.01

Intact 9.17 0.41 7.87 to 10.47

Residual 8.84 0.21 8.19 to 9.51

Intact 4.01 0.23 3.28 to 4.71

Residual 1.05 0.14 1.25 to 0.89

Intact 0.44 0.27 0.00 to 1.31

Residual 1.28 0.25 0.97 to 1.49

Intact 1.11 0.36 0.00 to 1.45

Residual 7.63 1.24 6.23 to 8.89

Intact 0.03 0.02 0.00 to 0.10

Residual <0.01 <0.01 <0.01

Intact 0.16 0.01 0.00 to 0.03

Residual 0.73 0.03 0.62 to 0.83

RF

IHS 

CTO

CHS

ITO

HAM

IHS 

CTO

CHS

ITO

GMED

IHS 

CTO

CHS

ITO

IL

IHS 

CTO

CHS

ITO

Gait event Limb Mean SD

GMAX

IHS 

CTO

CHS

ITO
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Figure 4.8. Hip muscle forces of the intact (solid line) and residual (dashed line) limbs during stance of OI users (n=4). The gray shaded areas 

represent ±1 standard deviation from the mean. The horizontal line for GMAX and GMED indicates the EMG activity period. The vertical dashed 

line represents contralateral toe-off (CTO); the vertical solid line represents contralateral heel strike (CHS). 
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Figure 4.9. Muscle forces of the intact limb’s VAS, GAS and SOL during stance of OI users (n=4). The gray shaded areas represent ±1 standard 

deviation from the mean. The horizontal lines indicate the EMG activity period. The vertical dashed line represents contralateral toe-off (CTO); 

the vertical solid line represents contralateral heel strike (CHS). 
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The results also showed that VAS contributed mostly to braking in the first half of stance, 

whereas SOL and GAS were prominent contributors to propulsion in the second half of stance. 

RF’s peak contribution to braking was higher in the intact limb than the residual limb (mean 

difference: 0.20 m/s2). The prosthesis generated most of the anterior-posterior COM 

acceleration in the whole stance in the residual limb. Body support was primarily provided by 

VAS in early to mid-stance and SOL and GAS in the second half of stance of the intact limb. 

GMAX contributed more to vertical COM acceleration in the intact limb compared to that in 

the residual limb (mean difference: 0.75 m/s2).  

The largest contribution to mediolateral COM acceleration was generated by GMED, 

which contributed medially throughout the whole stance. The peak GMED contribution to 

medial acceleration was greater in the intact limb than the residual limb (mean difference: 0.34 

m/s2). The intact limb GMAX contributed laterally to COM acceleration, which contrasts with 

the medial contribution of GMAX in the residual limb. The peak IL contribution to lateral 

COM acceleration was higher in the intact limb than that in the residual limb (mean difference: 

0.09 m/s2). The peak amount of HAM contribution to balance was smaller in the intact limb 

compared to the residual limb (mean difference: 0.25 m/s2). The prosthesis generated lateral 

contribution to COM acceleration in the residual limb, while VAS contributed medially, and 

SOL and GAS contributed laterally during stance of the intact limb (Figure 4.10). 
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Figure 4.10. Individual muscle and prosthesis contribution to anterior-posterior, vertical and mediolateral COM acceleration of OI users (n=4). 

The shaded area represents the summed contribution from all actuators. The vertical dashed line represents contralateral toe-off (CTO); the 

vertical solid line represents contralateral heel strike (CHS).
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4.3.3 Sensitivity analysis 

Sensitivity analyses were performed to determine the effects of independently changing 

moment of inertia and center of mass of the prosthetic leg on knee moment of the intact and 

residual limb for one SP amputee. The following alterations were applied to the prosthetic 

inertial properties: 

i) Increasing the moment of inertia (MOI) of all prosthetic segments by 25% and 50%, 

keeping the center of mass (COM) constant. 

ii) Moving distally the center of mass of all prosthetic segments by 25% and 50%, 

keeping the moment of inertia constant.  

iii) Decreasing the moment of inertia of all prosthetic segments by 25% and 50%, 

keeping the center of mass constant. 

iv) Decreasing the center of mass of all prosthetic segments by 25% and 50%, keeping 

the moment of inertia constant.  

No significant differences were found in the knee moment of the intact and the residual 

limb (Figure 4.11), which is in agreement with previous modeling prosthetic study (Smith et 

al., 2014, Narang et al., 2015).   
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Figure 4.11. Knee moment of intact limb and residual limb for one amputee. ±50 (25) % MOI 

represents when MOI increased or decreased by 50(25) %; ±50(25) % COM represents when 

COM increased (decreased) by 50(25) %. 
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4.4  Discussion  

The objective of this study was to employ 3D musculoskeletal modeling to investigate 

gait asymmetry in unilateral transfemoral amputees during gait. This was achieved by 

determining how the lower limb muscles and prosthesis of unilateral transfemoral amputees 

generate forward progression, vertical support, and mediolateral acceleration of the body 

COM. Consistent with our hypothesis, hip muscle contributions to propulsion, support and 

balance in the intact limb were significantly greater than those in the residual limb for both 

socket and osseointegrated groups. The prosthesis was found to function as the major 

contributor to support, progression and mediolateral balance in the residual limb. The knee and 

ankle extensors of the SP users contributed to the medial acceleration of the COM, while it is 

known that these muscles contribute to lateral acceleration of the COM in healthy non-

amputees (Pandy et al., 2010, Silverman and Neptune, 2012). However, the ankle extensors 

(SOL and GAS) of the OI users contributed to lateral COM acceleration, which was similar to 

non-amputee’s muscle behavior according to literature. 

In agreement with previous studies (Nolan et al., 2003, Gard, 2006, Hof et al., 2007),  a 

significantly longer stance phase was shown in the intact limb of the SP users compared to that 

in the residual limb. This may be due to the greater dependence of the amputee’s intact limb 

on generation of support and propulsion of the body COM, which was evidenced from greater 

vertical and anterior-posterior components of the GRFs compared to those in the residual limb 

(Nolan et al., 2003, de Cerqueira et al., 2013, Harandi et al., 2020). For example, the amputees' 

inability to flex their prosthetic knee during weight transfer to the intact limb may necessitate 

greater compensatory hip motion from the intact limb during the swing phase of the residual 

limb, thus prolonging the stance in the intact limb (Gard, 2006). The shorter residual limb 

stance phase may also be exacerbated by contrasting mass and inertial properties between the 
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two legs (Mattes et al., 2000, Harandi et al., 2020). Regarding the OI users, the spatiotemporal 

parameters of the intact limb were greater than those of the residual limb. However, the 

differences in each parameter between the intact and residual limb were smaller in the OI users 

than those of the SP users. This may be due to the greater self-selected walking speed of the 

OI users than the SP users, which might be affected by the direct anchorage of the femur to the 

residual limb (Frossard et al., 2010). 

The present study showed that hip flexion and extension in the residual limb were 

significantly reduced at IHS, CTO and CHS compared to that in the intact limb in SP users. 

This reduced femoral motion may be affected by socket-pelvis interference. The femoral 

rotation relative to the pelvis is restricted in the acetabulum of the hip due to the anatomical 

constraints imposed by the skeletal anatomy (Jaegers et al., 1995b, Rabuffetti et al., 2005). The 

amputees also tilted their pelvis more in the stance phase of the residual limb than the that of 

the intact limb, which was mostly observed during hip extension. This may be associated with 

an increase in hip abduction and extension of the intact limb as a compensatory mechanism for 

the reduced hip function in the residual limb (Cappozzo et al., 1982, Sjödahl et al., 2003, 

Goujon-Pillet et al., 2008). For the OI users, the hip extension and adduction of the intact limb 

were greater than those in the residual limb. The OI users extended their residual limb’s hip 

more to reach their intact limb’s hip extension when compared with SP users (Rabuffetti et al., 

2005, Tranberg et al., 2011). It may be correlated with differences in step length values between 

the intact and residual limb. The step length of the residual limb in the SP users was 

significantly smaller than that of the intact limb, which is in contrast to OI users. This may lead 

to a reduced hip extension during stance (Kerrigan et al., 1998, Sawicki and Ferris, 2009). The 

difference in step length of the SP and OI users between their intact and residual limb may also 

be due to the influence of direct attachment of the femur to the implant, which allows the hip 

joint moves in a larger range than socket type (Tranberg et al., 2011). On the other hand, the 
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SP users tilted their pelvis more anteriorly, when the residual limb was in stance phase, to 

compensate the reduced residual limb’s hip extension due to restrictions caused by the socket 

(Kerrigan et al., 1998).  

The present study about both SP and OI users showed that VAS and GMAX in the intact 

limb were the major contributors to the fore-aft and vertical body COM acceleration in early 

to mid-stance, which has already been shown in studies of healthy adults (Lim et al., 2013, Lin 

et al., 2015). Also, RF in the intact limb contributed more to posterior COM acceleration than 

that in the residual limb, while the intact limb’s IL contributed more to anterior COM 

acceleration compared to those contributions in the residual limb. Furthermore, VAS and 

GMAX contributed significantly more to support, and VAS also contributed more considerably 

to breaking. The greater contribution to COM acceleration of the hip muscles in the intact limb 

compared to those in the residual limb may be due to the lower hip joint motions and smaller 

hip joint moments in the residual limb, which led to an increase in hip motion, greater hip 

moments and higher hip muscles forces of the intact limb (Lim et al., 2013, Lin et al., 2015). 

Regarding the OI users, the peak of hip muscles forces and contributions to COM acceleration 

in the intact limb were greater than those in the residual limb; however, the difference between 

the two limbs was smaller than that of the SP users.  

While this study did not quantify muscle and joint function in healthy controls, forces 

generated by VAS, SOL and GAS in the intact limb of the transfemoral amputees were greater 

than those previously measured in non-amputees (Lim et al., 2013, Harandi et al., 2020). In 

addition, previous studies on healthy individuals have shown that VAS, SOL, and GAS 

contribute to lateral body COM acceleration, whereas our study on SP users showed that these 

muscles contributed to medial body COM acceleration (Silverman and Neptune, 2012). This 

difference may be associated with the greater step width and hip abduction in the intact limb 

compared to the residual limb (Silverman and Neptune, 2012). For example, the maximum and 
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average values of the intact limb hip abduction angle were 11.04˚ and 4.64˚, respectively, 

which were higher than those in non-amputees reported previously (4.3˚ and 1.0˚, respectively) 

(Silverman and Neptune, 2012, Harandi et al., 2020). For the OI users, VAS generated medial 

contribution, but SOL and GAS contributed to lateral body COM acceleration, which was in 

contrast with the medial contribution of the two latter muscles in SP users. OI users showed 

6.76˚ and 3.82˚ as the maximum and average values of the intact limb hip abduction, 

respectively. These values were smaller and greater than those in SP users described above. 

This intact foot’s inclination to the lateral body COM may also be associated with the increase 

in stability due to loss of ankle plantarflexors of the residual limb (Kerrigan et al., 1998). The 

contribution of SP users’ VAS, SOL and GAS to the medial acceleration of the body COM in 

transfemoral amputees may be caused by the placement of the intact limb’s foot relative to the 

body COM more laterally than that in the residual limb to control mediolateral balance. This 

difference in foot placement may be a result of the loss of ankle plantarflexors to increase the 

stability of the body during walking (Kerrigan et al., 1998). However, the OI users showed 

similarity in the contribution of SOL and GAS to lateral COM acceleration with non-amputees 

in the literature.  

The prosthesis of the SP and OI users provided the major contribution to body support 

during stance in the residual limb, but it also contributed to braking and progression in the first 

and second half of stance, respectively. The function of the prosthesis to braking, propulsion, 

and support was similar to the overall role of VAS, SOL, and GAS in the intact limb during 

walking. While the prosthesis contributed to lateral COM acceleration, GMED in the residual 

limb contributed substantially to medial COM acceleration. However, contributions from 

GMED and GMAX of the residual limb were smaller relative to those in the intact leg. This 

may be related to smaller hip moments and hip muscle forces accompanying smaller hip range 
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of motion in the residual limb, as demonstrated in previous lower limb amputee studies 

(Renström et al., 1983, Moirenfeld et al., 2000).  

One may raise question about the SP users in this dissertation is that they are divided into 

two groups (three with the passive knee joint and three with active knee joint). The type of 

knee joint has been demonstrated to affect knee flexion angle and moment of the intact limb 

(Kaufman et al., 2007, Frossard et al., 2010, Kaufman et al., 2012, Frossard et al., 2019), which 

has also been confirmed by our result (Figure 4.12-Figure 4.13). Furthermore, all the 

musculoskeletal modeling and computational procedures were separately performed for the SP 

users with passive and active knee joint. The results of induced acceleration analysis showed 

consistency in the overall pattern of muscle recruitment during walking between the passive 

and active knee prosthesis (Figure 4.14-Figure 4.15). However, the magnitudes of individual 

muscle contribution to COM acceleration were different between the two groups fitted with 

passive and active knee prosthesis (Harandi et al., 2020). The aim of this study was to 

investigate the dynamics role of muscles when generating walking movement in transfemoral 

amputees with socket and osseointegration prosthesis. So, one view might be doing average 

amongst all the SP users ignoring their type of knee joint and considering only the effect of 

socket on their walking.  
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Figure 4.12. The intact and residual limb’s joints angles of the amputees with passive (solid 

line, n=3) and active (dashed line, n=3) prosthesis. The vertical dashed line represents 

contralateral toe-off (CTO); the vertical solid line represents contralateral heel strike (CHS). 

 

 

Figure 4.13. The intact and residual limb’s joints moments of the amputees with passive (solid 

line, n=3) and active (dashed line, n=3) knee prosthesis. The vertical dashed line represents 

contralateral toe-off (CTO); the vertical solid line represents contralateral heel strike (CHS).
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Figure 4.14. The intact limb muscle contribution to COM acceleration for amputees with passive (mechanical) knee joint (top, n=3) and active 

(microprocessor) knee joint (bottom, n=3). The shaded area represents the summed contribution from all actuators. 
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Figure 4.15. The residual limb muscle contribution to COM acceleration for amputees with passive (mechanical) knee joint (top, n=3) and active 

(microprocessor) knee joint (bottom, n=3). The shaded area represents the summed contribution from all actuators.  
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Another questionable issue might present the stabilization method for modeling the 

physiological properties of the re-attached muscles. As previously mentioned, the results of 

this study were based on myodesis stabilization technique. However, the re-attached muscles 

for one amputee were also modeled based on myoplasty method. As shown in Figure 4.16, in 

myoplasty, the re-attached muscles generated no forces, and moments generated by the hip 

joint were consequently distributed to other residual limb muscles. As a result, the residual 

limb muscles produced greater forces in myoplasty than myodesis, although the ratio of the hip 

muscles was preserved in both methods. For example, GMED of the residual limb generated 

higher forces than GMAX in myodesis and this trend was repeated in myoplasty modeling, 

however, the magnitudes were different. It indicates that myodesis-based surgical technique 

may involve more residual limb muscles in force generation than myoplasty. It may suggest 

surgeons to use myodesis, which distributes hip moments to more muscles to prevent muscle 

atrophy (Harandi et al., 2020).  

 

Figure 4.16. Residual limb muscle forces calculated based on myodesis and myoplasty 

techniques.   
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Moreover, the inertial properties (center of mass and moment of inertia) of prosthetic 

segments were estimated by the prosthetics’ reverse-engineering design in SolidWorks. The 

results demonstrated that differences in joint moments between the initial properties estimated 

by SolidWorks and the alterations described in 4.3.3 were small during stance phase, which 

was in accordance with previous studies (Smith et al., 2014, Narang et al., 2015) (Figure 4.11). 

Narang et al. investigated the effects of different mass and moment of inertia on knee moment 

and found there would be no notable difference in the knee moment of the prosthetic leg if the 

inertial parameters of the prosthetic changed to 25% and 50% of the corresponding segments 

in the intact limb during stance. In general, it seems that the type of prosthesis and knee joint 

both influence the joints angles and moments (Huch et al., 1997, Bae et al., 2007, Steele et al., 

2012b).  

There are several limitations to the present study. Firstly, the cost function used in the 

static optimization minimized the sum of squares of muscle activations. Activation criterion 

does not consider musculoskeletal conditions for amputees. For example, muscle fatigue 

frequently occurs in atrophied muscles of lower limb amputees, which may influence gait 

compensation strategies (Ackermann and Van den Bogert, 2010). Secondly, the low number 

of subjects recruited may not be representative of the average data for a broad population of 

amputees and may affect statistically the results. However, the sample size was sufficient to 

detect significant differences in spatiotemporal parameters, joint angles and joint moments 

between limbs for the SP users. The small number size of the OI users did not permit to perform 

any statistical analysis.  

This chapter demonstrated gait asymmetries in transfemoral amputees (SP and OI users), 

including increased anterior pelvis tilt during the residual limb’s stance and increased hip 

extension in the intact limb compared to that in the residual limb. Reduced hip extension in the 

residual limb and a shorter residual limb stance phase was associated with increased anterior 
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pelvis tilt. Increases in the intact limb’s hip joint range of motion and hip muscle function 

appeared to be a compensatory mechanism associated with decreases in the residual limb’s hip 

muscle forces and contributions to COM acceleration. For the OI users, spatiotemporal 

parameters, joint kinematics and kinetics, muscle forces and muscle contribution to COM 

acceleration in the intact limb were greater than those of the residual limb. However, the results 

depicted that differences in these parameters between the two limbs were smaller than those of 

the SP users since there was no significant difference between the two limbs. This may prove 

that the OI users walked more symmetrically than the SP users. However, we believe that the 

small sample size (four OI users) may not be representative of the transfemoral osseointegrated 

community and larger sample size is needed to reach a solid statement. The outcomes of this 

study may help with prescribing targeted rehabilitation and help with improving the design and 

function of prostheses.   
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5.1  Introduction  

The number of individuals with lower extremity amputation is estimated to increase by 

2050 in the US (Ziegler-Graham et al., 2008). Approximately one-third of socket-worn 

transfemoral amputees has been reported to complaint chronic skin pain due to the interaction 

with socket (Rommers et al., 1996, Hagberg and Brånemark, 2001b, Meulenbelt et al., 2009, 

Butler et al., 2014). This tissue problem has affected their mobility and quality of life (Pezzin 

et al., 2000, Demet et al., 2003, Pezzin et al., 2004a), which has led to design new sockets for 

better walking; however, skin problems still exist (Van de Meent et al., 2013). Thus, an 

alternative technique, osseointegration, has been used to decrease these problems (Branemark 

et al., 2001, Al Muderis et al., 2018). On the other hand, the prevalence rate of pain and 

osteoarthritis (OA) in the hip of the intact limb has been shown in lower extremity amputees 

to be higher with 14% more than able-bodied individuals (Struyf et al., 2009, Welke et al., 

2019). 

Osseointegrated transfemoral amputees have improved gait parameters compared to 

those fitted with socket prosthesis. For example, they have shown greater hip range of motion, 

quicker cadence and increase in walking speed than conventional socket patients; however, 

slower cadence and larger gait duration have been recognized in osseointegrated transfemoral 

amputees compared to non-amputees (Hagberg et al., 2005, Frossard et al., 2010, Tranberg et 

al., 2011, Pinard and Frossard, 2012, Leijendekkers et al., 2017, Robinson et al., 2020). Lower 

cadence and stride length have been associated with lower hip contact forces (Stansfield and 

Nicol, 2002). One study has found improvement in hip extension of the residual limb after 

osseointegration surgery relative to  when  wearing socket prosthesis (Tranberg et al., 2011). 

Lewis et al. reported that increase in hip extension resulted in increase in anterior hip contact 

forces (Lewis et al., 2007, Lewis et al., 2010, Wesseling et al., 2015). A decreased hip extension 
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at terminal stance has been linked to a reduction in hip contact forces (Bennett et al., 2008, 

Beaulieu et al., 2010, Wesseling et al., 2015). Also, increased hip contact force has been 

indicated to relate to increase in hip extension and adduction angles and moments in patients 

with total hip replacement (Foucher et al., 2009, Wesseling et al., 2015). Increasing hip loading 

has been illuminated as a sign for hip OA development (Felson, 2004). Transfemoral amputees 

also showed greater intact limb ground reaction forces (GRFs) than the residual limb 

(Schaarschmidt et al., 2012, Okita et al., 2018), which may result greater joint loading in the 

intact limb. As a result, joint loading variations between the intact and residual limb should be 

identified to assimilating how walking mechanisms contribute to the prevalence of hip OA. 

Several instrumented implants-based studies have measured hip contact forces in daily 

activities (Rydell, 1966, Crowninshield et al., 1978, Bergmann et al., 1993, Bergmann et al., 

2001). The in vivo approach in these studies is limited to those with total hip replacement 

surgery, which does not apply to amputees and healthy subjects. Therefore, musculoskeletal 

modeling techniques have been utilized to noninvasively calculate hip contact forces (Heller et 

al., 2001, Stansfield et al., 2003, Correa et al., 2010, Schache et al., 2018). The resultant hip 

contact forces have mostly been investigated in non-amputees during walking and running 

(Crowinshield et al., 1978, Röhrle et al., 1984, Read and Nigg, 1999, Giarmatzis et al., 2015). 

However, three studies provided a more complete understanding of muscle function to hip 

contact forces in healthy individuals (Correa et al., 2010, Pandy and Andriacchi, 2010, Schache 

et al., 2018). Despite muscles have been shown as major contributors to mechanical joint 

loading (Herzog et al., 2003), further study is required to analyze individual muscle role to joint 

contact force in amputees due to differences in walking mechanism than non-amputees. 

Previous studies have investigated individual muscle contribution to the anterior-

posterior, superior-inferior and medial-lateral components of the hip joint contact forces in 

non-amputees (Correa et al., 2010, Schache et al., 2018). The crossing hip joint muscles, 
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gluteus maximus (GMAX) and gluteus medius (GMED), contributed more to posterior and 

anterior hip contact forces, respectively. In addition, the axial and mediolateral components of 

hip contact forces were provided by GMAX and GMED. Of those non-crossing the hip joint 

muscles, vasti (VAS) contributed more to the anterior and superior of hip contact forces during 

the first half of stance, while soleus (SOL) and gastrocnemius (GAS) generated greater 

contribution to the superior of hip contact forces during the second half of stance (Correa et al., 

2010, Schache et al., 2018). Differences in spatiotemporal parameters and joint angles and 

moments in the intact limb than the residual limb as well as the loss of functional behavior of 

a number of below-knee muscles and knee extensors may be affecting walking mechanisms in 

unilateral transfemoral amputees. As a result, the way in which individual muscles contribute 

to hip contact forces in transfemoral amputees is ambiguous.  

The purpose of this study was to use three-dimensional musculoskeletal modelling to 

investigate individual muscle contribution to hip contact forces through analysis of joint 

kinematics and moments, then muscle forces and muscle contribution to GRFs in SP and OI 

users. Our hypothesis was the hip muscles contribution to hip contact forces would be different 

to that of the residual limb. The outcome of this study may be important to prevent or postpone 

the increase rate of hip OA in amputees.  

5.2 Materials and Methods 

The detail of materials and methods used in this study has been comprehensively 

discussed in chapter Chapter 3. In this section, a brief explanation of the methods is presented. 

However, the relevant section in the methods chapter is mentioned to avoid repetition.  
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5.2.1 Subject recruitment 

Gait experiments were performed on six individuals with unilateral transfemoral 

amputation wearing socket and four osseointegrated unilateral transfemoral amputees. All 

subjects wore their own prosthesis and were able to walk without assistive devices. The 

prostheses alignment and fitting were checked by an experienced prosthetist prior to data 

collection. Ethical approval was obtained by the Melbourne Health Human Research Ethics 

Committee with the number HREC 2015.148, and each participant provided written informed 

consent. 

5.2.2 Testing protocol 

Experimental data were collected over three trials of over-ground walking at each 

subject’s preferred speed. The three-dimensional positions of reflective markers were recorded 

using an eight-camera motion capture system (Vicon, Oxford Metrics) sampling at 200 Hz. 

The markers were placed on body segments on the intact and residual limb, followed by the 

marker set protocol developed by Dorn (Dorn, 2011). On the prosthesis, the markers were 

mounted in medial and lateral knee and ankle, heel and toe. Three force platforms (Watertown 

MA, USA), embedded in the ground, were used to measure GRF, sampling at 1000 Hz. EMG 

was simultaneously recorded on the intact limb muscles (GMAX, GMED, SOL, GAS and VAS 

(supplementary material)) and residual leg muscles (GMAX and GMED) based on the 

previously described procedure to collect electromyography (EMG) data (Hermens et al., 

2000), sampling at 1000 Hz. Muscle contraction was performed to check EMG signals prior to 

experiment to obtain the accuracy of electrodes (Hermens et al., 1999, Wentink et al., 2013). 
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5.2.3 Data processing 

Marker trajectories were then low-pass filtered with a cut-off frequency of 4 Hz using a 

4th order Butterworth filter. A 4th order Butterworth filter was used to low-pass filter GRFs data 

with a cut-off frequency of 60 Hz. EMG offset signals were removed and then rectified and 

low-pass filtered at 10 Hz using a 2nd order Butterworth filter to create linear envelopes. Joint 

trajectories were calculated using inverse-kinematics and averaged across three successive gait 

cycles (Harandi et al., 2020). 

5.2.4 Musculoskeletal modeling  

A 10-segment, 23 degree-of-freedom generic skeletal model of the body was scaled in 

OpenSim 3.2 for each subject (Delp et al., 2007). The head, arm, and torso were lumped 

together as a single rigid body, which articulated with the pelvis via a ball-and-socket back 

joint. The hip was modelled as a ball-and-socket joint, both anatomical knee and metatarsal 

joints of the intact limb as hinge joints, and each ankle-subtalar complex of the intact limb as 

a universal joint. The lower limbs and trunk were actuated by 76 Hill-type muscle-tendon units 

(Zajac, 1989) (supplementary material). Scaled-personalized models were then developed by 

scaling segment length and muscle tendon parameters of the generic musculoskeletal model. 

A scaling factor was calculated using the relative distance between each segment’s pair of 

markers measured in a static standing calibration trial and the corresponding virtual markers 

mounted in the model (Delp et al., 2007, Schache et al., 2018). 

For each subject, the dimensions of the lower-limb prosthesis’ segments including knee 

joint, pylon and foot were measured using digital caliper and tape measure, and the weight of 

the prosthesis’ segments was measured using digital scale (AND brand, model SJ-5001HS 

5000g x 1g). The prosthesis was then reverse-engineered in SolidWorks (Massachusetts, USA), 
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assuming homogeneous material, to calculate moment of inertia and center of mass position, 

and virtually placed in the individualized scaled model. The knee and ankle of the prosthetic 

leg were modeled as hinge joint. The residual limb was modeled as a frustum of a right circular 

cone to obtain mass, center of mass and moment of inertia (Ferris et al., 2017, Harandi et al., 

2020).  

The below-knee segments including tibia, talus, and foot (in concomitant with that 

portion of femur replaced with implant) were removed from the scaled model. Uniarticular 

muscles spanning the knee joint were also excluded from model. Two different surgical 

techniques, myodesis and myoplasty, are the most common stabilization strategies for the re-

attached muscles. However, myodesis has been shown to improve the re-anchored muscle’s 

capacity such as hamstrings and hip adductors to generate hip forces and moments (Gottschalk, 

2004, Tintle et al., 2010, Ranz et al., 2017). Thus, the current study followed the myodesis 

stabilization technique for alteration, re-anchored muscle properties. This technique directly 

re-attaches the detached muscles to the distal end of the residual femur (Ranz et al., 2017). In 

this case, muscle parameters were changed to preserve the muscle tension in the neutral 

position based on data from the same muscle in the opposite limb (Ranz et al., 2017). Tendon 

slack length was changed to maintain muscle tension; optimal fibre length was then calculated 

in equal proportion to the sum of muscle tendon slack length and fibre length of the intact 

limb’s muscles in neutral position (Ranz et al., 2017, Harandi et al., 2020).  

Hip, knee ankle joint trajectories were calculated using inverse kinematics (IK) (Lu and 

O’connor, 1999). Net joint moments were obtained using inverse dynamics. Residual 

Reduction Analysis (RRA) was then performed to vary the model’s torso center of mass to 

diminish the dynamic inconsistency between the collected GRFs and the measured kinematics 

of the model (Thelen and Anderson, 2006, Delp et al., 2007). Muscle forces were calculated 

using static optimization by decomposing the net joint moments into discrete muscle actuator 
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loads (Anderson and Pandy, 2001b). The optimization problem aimed to minimize the sum of 

squared muscle activation constrained by each muscle’s force-length-velocity property. 

Contribution of muscle forces, gravity, inertia and other external forces to the GRFs were 

subsequently quantified using a pseudo-inverse GRF decomposition method and induced 

acceleration analysis, considering five-point foot-ground contact  model for both the intact and 

residual limb (Dorn et al., 2012a). The foot-ground model is required as mechanical constraint 

to implement induced acceleration analysis. The hip contact forces were calculated using a 

recursive bottom-up operation which starts from the most distal segments and ends at the most 

proximal body  (Steele et al., 2012a). At each time step, muscle contributions to hip contact 

forces were computed by remaining only the muscle interest and the corresponding muscle 

force and muscle contribution to GRF, and then solving hip contact forces described above 

(Sasaki and Neptune, 2010). Hip contact forces and muscle contributions to hip contact force 

were calculated at four major gait events including ipsilateral heel-strike (IHS), contralateral 

toe-off (CTO), contralateral heel-strike (CHS) and ipsilateral toe-off (ITO) during stance phase. 

 

5.3  Results  

In this section, the results for both SP and OI users are presented. However, the reader is 

referred to relevant sections in some cases to avoid repetition. Overall, the SP and OI users 

showed differences in walking parameters including spatiotemporal, joint angles, joint 

moments and muscle forces between the intact and residual limb.  
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5.3.1 SP users 

The results of spatiotemporal parameters, joint kinematics and kinetics, and muscle 

forces have been explained in section 4.3.1. In this section, the results of hip contact forces are 

shown for SP users with passive and active knee joint prosthesis. 

5.3.1.1 Passive knee prosthesis SP users 

The overall hip contact force was higher in the intact limb than the residual limb at CTO 

and CHS (mean difference: 1.07±0.5 and 2.57±0.67 N/BW, respectively) (Figure 5.1). The 

peak hip contact forces were greater in the intact limb than those in the residual limb at CTO 

(mean difference: 0.75±0.20, 0.66±0.11 and 0.38±0.09 N/BW for the anterior-posterior, 

superior-posterior and medial-lateral directions, respectively) (Table 5.1, Figure 5.2) and CHS 

(mean difference: 0.88±0.18, 2.21±0.85 and 0.98±0.24 N/BW for the anterior-posterior, 

superior-posterior and medial-lateral directions, respectively) (Table 5.2, Figure 5.2). The peak 

GMAX and GMED contribution to the anterior-posterior hip contact forces was higher in the 

intact limb than the residual limb at CTO (mean difference: 0.93±0.19 and 0.50±0.10 N/BW, 

respectively) and CHS (mean difference: 0.68±0.12 and 0.21±0.08 N/BW). GMED generated 

most contribution to the axial hip contact forces with the higher peak at CTO in the intact limb 

than the residual limb (mean difference: 0.23±0.10 N/BW) (Table 5.1, Figure 5.2). GMED also 

provided the most contribution to mediolateral hip contact forces, which the peak was greater 

in the intact than the residual limb at CTO (mean difference: 1.08±0.60 N/BW) (Table 5.1, 

Figure 5.2). the peak GMAX to medial hip contact forces was greater in the intact limb 

compared to that of the residual limb at CTO (mean difference: 0.37±0.10 N/BW) (Table 5.1, 

Figure 5.2).  
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GAS, SOL and VAS generated the most contribution to the three components of the 

intact limb’s hip contact forces. GAS provided higher contribution to the superior hip contact 

forces at CTO (0.44±0.09 N/BW), followed by and VAS (0.28±0.05 N/BW) (Table 5.1, Figure 

5.3). The peak VAS contribution to axial hip contact forces was greater at CHS (0.56±0.11 

N/BW) than GAS (0.34±0.08 N/BW) (Table 5.2, Figure 5.3).  

 

 

Figure 5.1. Total hip contact forces for the intact and residual limb of the SP users with only 

passive knee prosthesis (n=3). The vertical solid lines indicate the intact limb and the vertical 

dashed lines indicate the residual limb. 
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Table 5.1. Individual muscle contribution to the peak hip contact forces during CTO for the SP users with only passive knee prosthesis (n=3). 

 

 

Intact Residual Intact Residual Intact Residual

Hip-spanning muscles

ALAM 0.14 0.03 0.47 0.16 0.12 0.05

GMAX -0.94 <0.01 1.55 1.14 0.49 0.12

GMED 0.83 0.33 2.35 2.12 1.27 0.19

IL 0.20 0.12 0.75 0.05 0.16 0.04

RF 0.03 -0.01 -0.36 <0.01 <0.01 0.02

HAM 0.07 0.01 0.47 0.21 0.04 0.04

Subtotal 0.33 0.48 5.23 3.68 2.08 0.46

Non-hip-spanning muscles

GAS 0.05 --- 0.44 --- <0.01 ---

SOL 0.03 --- -0.28 --- <0.01 ---

VAS 0.07 --- 0.28 --- 0.02 ---

Subtotal 0.15 --- 0.44 --- 0.02 ---

Others 0.76 0.01 -2.25 -0.92 -0.91 0.35

Total 1.24 0.49 3.42 2.76 1.19 0.81

Anterior(+)/ Posterior(-) Superior(+)/ Inferior(-) Medial(+)/ Lateral(-)
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Table 5.2. Individual muscle contribution to the peak hip contact forces during CHS for the SP users with only passive knee prosthesis (n=3). 

 

Intact Residual Intact Residual Intact Residual

Hip-spanning muscles

ALAM 0.15 0.02 0.66 0.15 0.06 0.03

GMAX -0.71 -0.03 0.75 0.56 0.06 0.19

GMED 0.44 0.23 1.52 2.02 0.65 0.59

IL 0.83 0.01 2.07 0.12 0.51 0.01

RF 0.17 -0.02 0.32 -0.08 -0.02 <0.01

HAM 0.14 0.04 0.63 0.07 0.02 0.03

Subtotal 1.02 0.25 5.95 2.84 1.28 0.85

Non-hip-spanning muscles

GAS 0.09 --- 0.34 --- 0.04 ---

SOL 0.13 --- -0.11 --- -0.04 ---

VAS 0.12 --- 0.56 --- 0.02 ---

Subtotal 0.34 --- 0.79 --- 0.02 ---

Others -0.20 0.03 -1.93 -0.15 0.39 -0.14

Total 1.16 0.28 4.81 2.69 1.69 0.71

Anterior(+)/ Posterior(-) Superior(+)/ Inferior(-) Medial(+)/ Lateral(-)
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Figure 5.2. Individual hip-spanning muscles to the three components of the hip contact forces for the SP users with only passive knee prosthesis 

(n=3). The vertical dashed and solid lines indicate contralateral toe-off and contralateral heel-strike, respectively. The shaded area represents the 

total hip contact forces acting along the three coordinate directions. 
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Figure 5.3. Individual non-hip-spanning muscles to the three components of the hip contact forces for the SP users with only passive knee prosthesis 

(n=3). The vertical dashed and solid lines indicate contralateral toe-off and contralateral heel-strike, respectively. The shaded area represents the 

total hip contact forces acting along the three coordinate directions.
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5.3.1.2 Active knee prosthesis SP users 

The hip contact forces were greater in the intact limb relative to the residual limb at CTO 

and CHS (mean difference: 0.04±0.01 and 0.18±0.08 N/BW, respectively) (Figure 5.4). 

Specifically, the anterior-posterior, superior-inferior and medial-lateral hip contact forces of 

the intact limb were higher than those of the residual limb at CTO (mean difference: 0.10±0.05, 

0.45±0.15 and 0.44±0.20 N/BW, respectively) (Table 5.3). The peak hip contact force of the 

intact limb was greater than the residual limb at CHS for the superior-inferior direction (mean 

difference: 0.44±0.12 N/BW) (Table 5.4). GMED contributed to the anterior hip contact force, 

which the peak was higher in the intact limb than the residual limb at CTO (mean difference: 

0.30±0.10 N/BW). The axial hip contact force was basically provided by GMED and GMAX, 

which the peak at CTO was greater in the intact limb than the residual limb (mean difference: 

0.32±0.12 and 0.36±0.16 N/BW, respectively) (Table 5.3). The peak contribution to medial-

lateral hip contact force of GMED was greater in the intact limb than the residual limb at CTO 

(mean difference: 0.65±0.35 N/BW) (Table 5.3) (Figure 5.5).  

VAS generated most contribution to the superior hip contact forces at CTO and CHS 

with the peak of 0.47±0.20 and 0.41±0.25 N/BW, respectively, followed by GAS with the peak 

of 0.29±0.09 N/BW, respectively) (Table 5.3, Figure 5.6). While SOL contributed to the lateral 

hip contact force with the peak of 0.16±0.05 N/BW (Table 5.4, Figure 5.6).       
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Figure 5.4. Total hip contact forces for the intact and residual limb of the SP users with only 

active knee prosthesis (n=3). The vertical solid lines indicate the intact limb and the vertical 

dashed lines indicate the residual limb. 
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Table 5.3. Individual muscle contribution to the peak hip contact forces during CTO for the SP users with only active knee prosthesis (n=3). 

 

 

Intact Residual Intact Residual Intact Residual

Hip-spanning muscles

ALAM 0.05 0.02 0.52 0.43 0.03 <0.01

GMAX -0.27 -0.25 0.92 0.58 0.32 0.05

GMED 0.81 0.51 1.82 1.50 0.97 0.32

IL 0.05 0.07 0.46 0.07 <0.01 0.04

RF -0.01 -0.02 -0.12 0.05 <0.01 -0.02

HAM 0.04 0.02 0.34 0.34 0.02 0.02

Subtotal 0.67 0.35 3.94 2.97 1.34 0.41

Non-hip-spanning muscles

GAS 0.03 --- 0.33 --- 0.01 ---

SOL -0.02 --- 0.16 --- <0.01 ---

VAS 0.02 --- 0.47 --- <0.01 ---

Subtotal 0.03 --- 0.96 --- 0.01 ---

Others 0.19 0.44 -1.87 -0.39 -0.39 0.11

Total 0.89 0.79 3.03 2.58 0.96 0.52

Anterior(+)/ Posterior(-) Superior(+)/ Inferior(-) Medial(+)/ Lateral(-)
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Table 5.4. Individual muscle contribution to the peak hip contact forces during CHS for the SP users with only active knee prosthesis (n=3). 

 

Intact Residual Intact Residual Intact Residual

Hip-spanning muscles

ALAM 0.16 0.04 0.55 0.41 0.05 0.02

GMAX -0.39 -0.34 0.79 0.75 0.13 0.06

GMED 0.22 0.23 1.51 1.43 0.39 0.33

IL 0.55 0.38 1.81 0.08 0.12 0.18

RF 0.11 0.02 0.73 0.15 0.02 0.01

HAM 0.15 0.05 0.51 0.31 0.05 0.02

Subtotal 0.80 0.38 5.90 3.13 0.76 0.62

Non-hip-spanning muscles

GAS 0.06 --- 0.29 --- 0.03 ---

SOL 0.06 --- -0.19 --- 0.01 ---

VAS 0.11 --- 0.41 --- 0.04 ---

Subtotal 0.23 --- 0.51 --- 0.08 ---

Others -0.16 0.47 -2.99 -0.15 0.02 0.29

Total 0.87 0.85 3.42 2.98 0.86 0.91

Anterior(+)/ Posterior(-) Superior(+)/ Inferior(-) Medial(+)/ Lateral(-)
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Figure 5.5. Individual hip-spanning muscles to the three components of the hip contact forces for the SP users with only active knee prosthesis 

(n=3). The vertical dashed and solid lines indicate contralateral toe-off and contralateral heel-strike, respectively. The shaded area represents the 

total hip contact forces acting along the three coordinate directions. 
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Figure 5.6. Individual non-hip-spanning muscles to the three components of the hip contact forces for the SP users with only active knee prosthesis 

(n=3). The vertical dashed and solid lines indicate contralateral toe-off and contralateral heel-strike, respectively. The shaded area represents the 

total hip contact forces acting along the three coordinate directions.
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5.3.2 OI users 

The hip contact forces were greater in the intact limb than the residual limb at CTO and 

CHS with the mean difference 0.43±0.21 and 1.50±0.90 N/BW, respectively (Figure 5.7). The 

peak hip contact forces were greater in the intact limb than those in the residual limb at CTO 

(mean difference: 0.17±0.10, 0.26±0.12 and 0.73±0.43 N/BW for the anterior-posterior, 

superior-posterior and medial-lateral directions, respectively) (Table 5.5, Figure 5.8). The peak 

anterior-posterior, superior-inferior and medial-lateral hip contact force was greater in the 

intact relative to the residual limb at CHS (mean difference: 0.30±0.10, 1.02±0.65 and 

1.45±0.95 N/BW, respectively) (Table 5.6, Figure 5.8). The peak GMED contribution to the 

anterior-posterior hip contact forces was greater in the intact limb compared to the residual 

limb at CTO (mean difference: 0.34±0.11 N/BW). The peak GMAX in the intact limb to the 

posterior hip contact force was higher than that in the residual limb (mean difference: 0.05±0.01 

and 0.73±0.23 N/BW at CTO and CHS, respectively) (Table 5.5, Figure 5.8). The vertical hip 

contact forces were mostly generated by GMED, which had a greater peak in the intact limb 

than the residual limb (mean difference: 0.75±0.22 and 0.20±0.11 N/BW at CTO and CHS, 

respectively) (Table 5.5-Table 5.6, Figure 5.8). The muscle contribution to mediolateral hip 

contact forces was significantly provided by GMED, which the peak was greater in the intact 

limb than that of the residual limb (mean difference: 1.21±0.43 and 0.82±0.26 N/BW at CTO 

and CHS, respectively). The contribution of GMAX to the medial hip contact force was greater 

in the intact limb than that in the residual limb at CTO (mean difference: 0.23±0.08 N/BW) 

and CHS (mean difference: 0.19±0.10 N/BW) (Table 5.5-Table 5.6, Figure 5.8).  

Of those non-hip-spanning muscles, VAS generated more contribution to the anterior, 

superior and medial hip contact forces at CTO (0.08±0.02, 0.70±0.10 and 0.11±0.04 N/BW, 
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respectively), followed by the posterior, superior and medial contribution of GAS (0.03±0.01, 

0.50±0.10 and 0.07±0.02 N/BW, respectively). VAS also contributed more to the anterior, 

superior and lateral hip contact forces at CHS (0.14±0.07, 0.43±0.10 and 0.04±0.01 N/BW, 

respectively) (Table 5.5-Table 5.6, Figure 5.9).  

 

 

Figure 5.7. Total hip contact forces for the intact and residual limb of the OI users (n=4). The 

vertical solid lines indicate the intact limb and the vertical dashed lines indicate the residual 

limb.
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Table 5.5. Individual muscle contribution to the peak hip contact forces during CTO for the OI users (n=4). 

 

 

Intact Residual Intact Residual Intact Residual

Hip-spanning muscles  

ALAM -0.08 -0.01 0.13 0.39 0.16 0.04

GMAX -0.23 -0.16 1.32 0.7 0.38 0.15

GMED 0.69 0.35 1.71 0.96 1.67 0.46

IL 0.18 0.13 0.04 -0.2 -0.06 0.05

RF -0.01 -0.01 -0.09 -0.04 0.03 -0.01

HAM -0.01 0.03 0.15 0.1 0.12 -0.03

Subtotal 0.54 0.33 3.25 1.9 2.29 0.67

Non-hip-spanning muscles  

GAS -0.03 --- 0.5 --- 0.07 ---

SOL < 0.01 --- -0.25 --- 0.03 ---

VAS 0.08 --- 0.7 --- 0.11 ---

Subtotal 0.05 --- 0.95 --- 0.21 ---

Others 0.4 0.5 -1.08 0.96 -0.82 0.27

Total 0.99 0.82 3.12 2.86 1.67 0.94

      Anterior(+)/ Posterior(-)       Superior (+)/ Inferior(-)    Medial(+)/ Lateral(-)
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Table 5.6. Individual muscle contribution to the peak hip contact forces during CHS for the OI users (n=4). 

 

Intact Residual Intact Residual Intact Residual

hip-spanning muscles 

ALAM -0.08 -0.04 0.42 0.21 0.04 0.07

GMAX -0.83 -0.1 0.47 0.15 0.26 0.07

GMED 0.05 0.24 0.94 0.74 1.09 0.27

IL 0.82 -0.04 1.07 0.25 0.5 0.13

RF 0.09 0.01 0.56 -0.07 -0.01 < 0.01

HAM 0.13 0.15 0.52 0.33 -0.05 0.02

Subtotal 0.18 0.23 3.98 1.6 1.82 0.57

Non-hip-spanning muscles  

GAS 0.04 --- 0.22 --- 0.01 ---

SOL 0.09 --- 0.23 --- -0.01 ---

VAS 0.14 --- 0.43 --- -0.04 ---

Subtotal 0.27 --- 0.89 --- -0.04 ---

Others 0.48 0.4 -1.58 0.67 -0.04 -0.29

Total 0.93 0.63 3.29 2.27 1.73 0.28

      Anterior(+)/ Posterior(-)       Superior(+)/ Inferior(-)    Medial(+)/ Lateral(-)
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Figure 5.8. Individual hip-spanning muscles to the three components of the hip contact forces for the OI users (n=4). The vertical dashed and solid 

lines indicate contralateral toe-off and contralateral heel-strike, respectively. The shaded area represents the total hip contact forces acting along 

the three coordinate directions. 
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Figure 5.9. Individual non-hip-spanning muscles to the three components of the hip contact forces for the OI (n=4). The vertical dashed and solid 

lines indicate contralateral toe-off and contralateral heel-strike, respectively. The shaded area represents the total hip contact forces acting along 

the three coordinate directions. 
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5.4 Discussion 

This study aimed to employ three-dimensional musculoskeletal modelling to analyze the 

individual muscle contribution to the hip contact forces in unilateral transfemoral amputees 

fitted with socket (passive and active knee prosthesis) and osseointegration prosthesis. The 

anterior-posterior, axial and medial-lateral hip contact forces were mostly generated by GMED 

and GMAX in the intact and residual limb among the SP and OI users; however, the magnitudes 

were greater in the intact limb than the residual limb.  

The intact and residual limb resultant hip contact forces were in agreement with previous 

studies in terms of shape and number of peaks (Bergmann et al., 2001, Correa et al., 2010). For 

example, the model predicted two peaks in anterior-posterior, superior-inferior and 

mediolateral hip contact forces during stance. The resultant peak hip contact forces of the intact 

and residual limb were 3.83 and 2.92 N/BW for the SP users with passive knee, 3.30 and 2.75 

N/BW for the SP users with active knee and 4.45 and 3.92 N/BW for the OI users, respectively. 

This result may be due to the greater GRF on the intact limb than the residual limb, which is 

consistent with previous studies (Silverman and Neptune, 2014). It might also be related to a 

gait adaptation of the amputees in which a reduction in hip extension has been reported to lead 

to decreased hip contact forces (Bennett et al., 2008, Beaulieu et al., 2010). As this study 

showed, the hip extension of the residual limb was smaller than that in the intact limb for the 

both SP and OI groups (Table 4.2-Table 4.7). Increase in the hip extension of the intact limb 

relative to the residual limb may be related to an increase in the hip extension moment which 

is consistent with previous studies (Sjödahl et al., 2003, Goujon-Pillet et al., 2008). This 

difference in hip extension angle and moment has been demonstrated to generate different hip 

contact forces (Wesseling et al., 2015). 
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The resultant peak hip contact forces in the intact limb of all the SP and OI users were 

greater than what measured (2.4 N/BW) on patients implanted with hip replacement, who 

walked at their normal speed (1.09 m/s); however, it was smaller than the peak hip contact 

forces (4.8 N/BW) in the same group walking at their fast speed of 1.46 m/s. The reason might 

be due to the relationship between the walking speed and joint contact forces. The hip contact 

forces may reduce when the walking speed decreases (Bergmann et al., 1993, Bergmann et al., 

2001, Correa et al., 2010), which our results agreed with. The self-selected walking speed for 

SP users with passive knee, SP users with active knee and OI users was 1.19 m/s, 1.12 m/s and 

1.29 m/s, respectively.  

The predominant contribution to hip contact forces for the two SP-user groups and the 

OI users was mostly generated by the muscles crossing the hip joint in all three directions, 

specifically GMAX, GMED and IL, which have been shown in previous studies (Correa et al., 

2010, Schache et al., 2018). GMED contributed anteriorly in both intact and residual limbs, 

while GMAX had a posterior contribution during stance. GMED and GMAX were the major 

contributors to the axial hip contact forces during the whole stance in the intact and the residual 

limb. In addition, GMED contributed more to the mediolateral hip contact forces throughout 

stance. Intact limb’s GMAX contributed medially in the first half of stance, while it contributed 

to medial hip contact forces during the whole stance in the residual limb. Furthermore, IL 

contributed more superiorly to hip contact forces in late-stance. However, peak contribution of 

the hip muscles was higher in the intact limb than the residual limb. This increase might be 

pertained to the greater intact limb muscles forces than those in the residual limb, which 

resulted from higher intact limb’s hip moments due to an increase in hip extension and 

adduction than that in the residual limb (Lenaerts et al., 2009, Lim et al., 2013, Valente et al., 

2013, Lin et al., 2015, Wesseling et al., 2015). It has also been indicated that reduction in hip 

extension may be related to hip extensors weakness (Tranberg et al., 2011). In addition, 
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increasing in hip contact forces has been influenced by increase in hip abductors (Valente et 

al., 2013, Wesseling et al., 2015). The increase in hip extension of the intact limb than the 

residual limb would thereby support the evidence of increase in hip joint loading which leads 

to anterior hip pain (Lewis et al., 2010). It also might be related to the longer stance phase of 

the intact limb, which led to the dependency of the body on the intact limb and was confirmed 

by greater GRFs of the intact limb to that of the residual limb (Nolan et al., 2003).  

The muscles that did not cross the hip joint also had a considerable contribution to hip 

contact forces. VAS, SOL and GAS showed two peaks in the first and second half of stance, 

which is in contrast to previous healthy study showing one peak during stance (Correa et al., 

2010). VAS contributed more to anterior and superior hip contact forces, while SOL had a 

greater contribution to anterior hip contact forces in mid-stance than the other two muscles. In 

addition, VAS and GAS contributed more to medial hip contact forces in the first half of stance. 

The contribution of ankle plantarflexors and knee extensors to hip contact forces is related to 

dynamic coupling. All lower limb muscles contribute to accelerate the joints and due to the 

relationship between angular acceleration of joints and joint contact forces, each muscle 

contributes to all joints contact forces (Zajac and Gordon, 1989, Pandy, 2001, Correa et al., 

2010). 

The prosthesis also contributed to the hip contact forces via coupling dynamic theory. It 

contributed to the posterior and anterior hip contact forces in the first and second half of stance, 

respectively for the three groups of the amputees (Figure 5.3, Figure 5.6, Figure 5.9). 

Furthermore, the prosthesis was the major contributor to the superior component of the hip 

contact forces during the whole stance. However, the prosthesis contribution to the medial-

lateral hip contact forces was different between amputees. The amputees showed lateral, medial 

and lateral contribution of their prosthesis to hip contact forces during early-stance, mid-stance 

and late-stance, respectively. In general, its function was similar to the overall role of the VAS, 
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SOL and GAS of the intact limb in superior and medial contribution to hip contact forces during 

the entire stance.  

The first limitation is that averaging the results may not be a proper way to conclude further 

outcomes due to differences in knee types of the prostheses; however, the joints kinematics and 

moments of the amputees showed no significant difference (Figure 4.12, Figure 4.13). Further 

study is needed to individually consider different knee types in a broad range of amputees. 

Another potential limitation is that the intrinsic properties of the residual limb muscles such as 

atrophy and maximum isometric force were kept equal to what is in the intact limb’s muscles, 

and this may affect the muscle forces calculation. Thirdly, neither muscles atrophy nor fatigue 

considered in the objective function used to calculate muscle forces, which was based on 

minimization of the sum of squared muscles activations. The fatigue-related cost functions may 

be more suitable for gait analysis in disabled population (Ackermann and Van den Bogert, 

2010). Finally, the knee joint of the residual limb was modeled as a hinge joint, which may not 

be representative of an actual active knee joint of the prosthesis and may affect the muscle 

forces results of the reattached muscles.  

The current study indicated greater hip muscles forces as well as muscle contributions to 

the hip contact forces of the intact than those in the residual limb of amputees. Increased hip 

extension of the intact limb was pertained to increase in the intact limb hip muscles forces and 

muscle contribution to hip contact forces. The overall trend of individual muscle contribution 

to hip contact forces in the intact and the residual limb was similar in the SP and OI users; 

however, the OI users showed less asymmetry in muscle contribution to hip contact forces 

between the two limbs than the SP users. Figure 5.10 depicted that there was significant 

difference (P=0.028) in hip contact impulse during stance phase between the intact and residual 

limb when considering the effect of socket. But we did not find any significant difference in 

hip contact impulse between the two limbs for the OI users (P=0.068). It should be mentioned 
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that the power of data is too small to do statistical analysis between the intact and residual limb 

of the osseointegrated amputees. However, the outcome concludes that the osseointegration 

surgery might result less risk of osteoarthritis in the hip of the intact limb. As shown in section 

4.3.2, the joint kinematics’ magnitudes of the intact limb had a small difference compared to 

those of the residual limb. In addition, people with active knee demonstrated small differences 

in the hip angles between the two limbs if compared to the SP users with passive knee. The 

result may be useful to devise new rehabilitation training programs and new prostheses to 

improve their function.  

 

 

Figure 5.10. Hip contact impulse between the intact and residual limb for SP and OI user



145 

 

  

 Summary and future work 
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The main focus of this thesis was to enhance understanding of the lower limb muscles 

during walking in unilateral transfemoral amputees with socket and osseointegration 

prosthesis. Firstly, a three-dimensional musculoskeletal modeling was developed in OpenSim 

for amputees. Secondly, a computational and dynamical framework was used to investigate the 

mechanism utilized by amputees. The results provided unique insight into the role of lower 

extremity muscles to forward propulsion, body support and mediolateral balance. In addition, 

the dynamic function of muscles to joint contact forces was investigated. This chapter outlines 

a brief summary of findings, associated implications and possible future advancements based 

on the limitations addressed in this thesis.  

Computational and dynamical musculoskeletal frameworks have the potential to quantify 

individual muscle behavior which are impossible to be experimentally measured during 

walking such as muscle forces and muscle contribution. In Chapter 3, experimental data and 

an advanced developed computer-based modeling was used to find walking mechanism 

amongst transfemoral amputees. In this way, marker trajectories, ground reaction forces and 

EMG data were simultaneously collected for three amputees fitted with socket with passive 

knee joint, three amputees fitted with socket with active knee joint and four osseointegrated 

amputees during their self-selected over-ground walking. A generic model was developed in 

OpenSim for every single transfemoral amputee to individually simulate their walking and then 

calculate lower extremity joint angles and joint moments through inverse kinematics and 

inverse dynamics, respectively. The static optimization method was used to decompose joint 

moments into individual muscle to generate forces. These forces then applied to calculate 

muscle contribution to walking using induced acceleration analysis approach. Combined 

muscle forces and muscle contribution to center of mass acceleration, individual muscle 

contribution to joint contact forces were calculated for the amputees while walking. 
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Chapter 4 addressed the changes in lower limb spatiotemporal parameters, joint 

kinematics and kinetics, muscle forces and muscle contribution to walking between the intact 

and the residual limb for the three-group of amputees. The results showed that the intact limb 

hip muscles contributed more to propulsion, support and mediolateral balance compared to 

those of the residual limb. In general, the hip extension and abduction of the intact limb were 

greater than the residual limb, which might be associated with increase in anterior pelvis tilt 

when the residual limb was in stance compared to pelvis tilt when the intact limb was in stance. 

The differences in hip movement between the intact and residual limb were found to relate to 

the greater intact limb step length than that of the residual limb. However, the OI users showed 

less asymmetry in joint kinematics between the two limbs, which might be pertained to the 

direct attachment of the femur to the implant. The results also showed that the prosthesis 

functioned as the major contributor to walking in the residual limb. VAS of the intact limb 

contributed more to the fore-aft and vertical body center of mass acceleration in the first half 

of stance than other intact limb’s muscles. Of the hip muscles, gluteal muscles were the main 

contributors to the fore-aft and vertical body center of mass acceleration in early to mid-stance. 

In addition, RF contributed more posterior and IL contributed more anterior than those of the 

residual limb. One of the key findings of this study was differences in contribution of VAS, 

SOL and GAS in the intact limb to mediolateral center of mass acceleration. The SP users 

demonstrated medial contribution of these muscle which contrasted with their lateral 

contribution in non-amputees from previous studies; however, SOL and GAS of the OI users 

generated lateral contribution which was similar to non-amputees. This might be associated 

with the greater step width and hip abduction in the intact limb compared to the residual limb.  

Chapter 5 investigated individual muscle contribution to hip contact forces between the 

intact and residual limb in the SP and OI users. Overall, the hip contact forces of the intact limb 

were greater than the residual limb in all amputees. The resultant hip contact forces agreed with 
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previous studies in terms of shape and number of peaks. The resultant peak of the hip contact 

forces of the intact limb was larger than that of the residual limb, which might be due to the 

greater ground reaction forces of the intact limb compared to the residual limb. It also might 

be due to walking mechanism of the amputees to reduce hip extension of the residual limb 

which is relative to reduction in hip contact forces. Gluteal and iliopsoas muscles were found 

major contributors to hip contact forces in both limbs. Gluteus maximus contributed to posterior 

hip contact forces, while gluteus medius contributed anteriorly throughout stance phase. The 

non-hip-spanning muscles and prosthesis also contributed to hip contact forces through 

dynamic coupling approach.  

There are several limitations of the present study. Firstly, since three amputees had 

passive knee and the other three had active knee in their prosthesis, and different types of knee 

may affect joint kinematics and kinetics, averaging the results for all the participants may not 

be a proper way forward to show the muscle behaviors during walking. For example, amputees 

with mechanical passive knee are required to lock their prosthetic knee in full extension for 

stability during stance. It also requires to applying full body weight from stance stabilities 

feature. While microprocessor-controlled knee prostheses are designed to reduce the need for 

compensation of the intact limb's muscles. This might lead to differences in muscle recruitment. 

To address this limitation, the muscle contributions for participants with active and passive 

knee joints were also analyzed separately. Secondly, there was a lack of participants’ 

experience information. For example, the level of participant's satisfaction with their socket 

were not scored, which may affect the results of gait asymmetries. Thirdly, the cost function 

used in the static optimization problem minimized the sum of squares of muscle activations, 

and this did not consider musculoskeletal conditions that are known to adversely affect joint 

function in these subjects. For example, muscle fatigue frequently occurs in atrophied muscles 

of lower limb amputees, and this may influence gait compensation strategies. Fourthly, residual 
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limb muscle-tendon parameters such as maximum isometric force as well as atrophy were not 

considered in the musculoskeletal model, and this may ultimately result in larger muscle force 

predictions. In addition, a rigid connection was assumed between the residual limb and the 

socket due to the negligible deformation between the socket and stump, which need to be 

considered in further studies. Furthermore, the use of inverse dynamics may be challenging to 

calculate joint forces and moments. Further study is needed to consider direct measurement of 

joint moments in prosthesis components. Finally, the low number of subjects recruited may not 

be representative of the average data for a broad population of amputees and may affect 

statistically the results. Although, the sample size was sufficient to detect significant 

differences in spatiotemporal parameters and joint angles and joint moments between limbs, it 

did not allow to consider difference in age and gender of participants.  
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