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Unilateral, below-knee amputees have altered gait mechanics, which can significantly 

affect mobility.  For example, amputees often have asymmetric leg loading as well as 

higher metabolic cost and an increased risk of falling compared to non-amputees.  Below-

knee amputees lose the functional use of the ankle muscles, which are critical in non-

amputee walking for providing body support, forward propulsion and leg-swing 

initiation.  The ankle muscles also regulate angular momentum in non-amputees, which is 

important for providing body stability and preventing falls.  Thus, compensatory 

mechanisms in amputee walking are developed to accomplish the functional tasks 

normally provided by the ankle muscles.  In Chapters 2 and 3, three-dimensional forward 

dynamics simulations of amputee and non-amputee walking were generated to identify 

compensatory mechanisms and their effects on joint loading and metabolic cost.  Results 

showed that the prosthesis provided body support, but did not provide sufficient body 

propulsion or leg-swing initiation.  As a result, compensations by the residual leg gluteus 

maximus, gluteus medius, and hamstrings were needed.  The simulations also showed the 

intact leg tibio-femoral joint contact impulse was greater than the residual leg and that the 
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vasti and hamstrings were the primary contributors to the joint impulse on both the intact 

and residual legs.  The amputee simulation had higher metabolic cost than the non-

amputee simulation, which was primarily due to prolonged muscle activity from the 

residual leg gluteus maximus, gluteus medius, hamstrings, vasti and intact leg vasti and 

ankle muscles.  In Chapter 4, whole-body angular momentum in amputees and non-

amputees was analyzed.  Reduced residual leg propulsion resulted in a smaller range of 

sagittal plane angular momentum in the second half of the gait cycle.  Thus, to conserve 

angular momentum, reduced braking was needed in the first half of the gait cycle.  

Decreased residual leg braking appears to be an important mechanism to regulate sagittal 

plane angular momentum in amputee walking, but was also associated with a greater 

range of angular momentum that may contribute to reduced stability in amputees.  These 

studies have provided important insight into compensatory mechanisms in below-knee 

amputee walking and have the potential to guide rehabilitation methods to improve 

amputee mobility. 
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Chapter 1: Introduction 

Approximately 1.6 million people were living with limb loss in the United States 

in 2005 and this number is estimated to more than double by the year 2050 (2008), 

largely because of high rates of dysvascular conditions in older adults.  Of the 1.6 million 

amputees, over 600,000 had major lower-limb amputations.  Unilateral, below-knee 

amputee gait is characterized by leg and back pain, bilateral asymmetry, greater 

metabolic cost and an increased risk of falling compared to non-amputees walking under 

similar conditions (e.g., Hafner et al., 2002; Miller et al., 2001; Waters et al., 1976).  

These gait abnormalities are associated with a decrease in mobility, physical fitness and 

quality of life for amputees (e.g., Darnall et al., 2005; van Velzen et al., 2006).   

Abnormal amputee gait characteristics are largely the result of the functional loss 

of the residual leg ankle muscles.  During non-amputee walking, the ankle plantar flexors 

are critical to providing body forward propulsion and support and leg-swing initiation 

(e.g., Neptune et al., 2001; Neptune et al., 2004; e.g., Zajac et al., 2003).  Therefore, 

during amputee walking other muscles are needed to fulfill these important 

biomechanical functions.   

Previous experimental work in amputee walking has identified compensatory 

mechanisms used by amputees.  Amputees have shown greater dependence on the intact 

leg through increased ground reaction forces (GRFs) relative to the residual leg (Arya et 

al., 1995; Nolan et al., 2003; Sanderson and Martin, 1997).  Asymmetric spatiotemporal 

parameters are consistently observed, such as greater intact leg stance time (e.g., Barth et 

al., 1992; Grumillier et al., 2008; Sadeghi et al., 2001) and longer residual leg step length 

(e.g., Barth et al., 1992; Underwood et al., 2004; Zmitrewicz et al., 2006).  Amputees also 

have altered joint kinetics compared to non-amputees.  Specifically, amputees have 

greater intact leg hip extensor moments and work in early stance relative to non-amputee 

subjects (Bateni and Olney, 2002; Silverman et al., 2008) and greater ankle moments 

relative to the residual leg (Bateni and Olney, 2002; Lemaire et al., 1993; Winter and 

Sienko, 1988).  Amputees also have greater residual leg hip extensor moments and work 

in early stance relative to non-amputee subjects (Bateni and Olney, 2002; Gitter et al., 
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1991; Silverman et al., 2008; Winter and Sienko, 1988).  EMG studies have found greater 

durations of residual leg muscle activity, namely the vastus medialis and the biceps 

femoris, relative to the intact leg (Culham et al., 1986; Isakov et al., 2001; Isakov et al., 

2000; Pinzur et al., 1991) and non-amputee subjects (Powers et al., 1998; Winter and 

Sienko, 1988).  Some studies have also shown prolonged intact-leg gluteus maximus 

activity relative to non-amputee subjects (Culham et al., 1986; Torburn et al., 1990; 

Winter and Sienko, 1988).   

While many differences have been identified between amputees and non-

amputees, the biomechanical function of individual muscle compensations in amputee 

walking remain unclear.  Biomechanical quantities that are difficult or impossible to 

measure experimentally, such as individual muscle contributions to the GRFs and 

mechanical power delivered to various body segments, can be investigated with 

musculoskeletal modeling and forward dynamics simulations.  Some insight into 

individual muscle function in amputee gait has been shown in a theoretical simulation 

study, in which an amputee model was made to walk symmetrically in the sagittal plane 

(Zmitrewicz et al., 2007).  The simulation analysis found that the amputee model needed 

greater power output from the residual hip flexors to accelerate the leg into swing and the 

residual hip extensors, intact hip extensors and intact ankle plantar flexors all delivered 

more energy to the trunk for propulsion.  The residual RF also increased its activity to 

transfer more energy from the leg to the trunk to propel the trunk forward.  While this 

study provided insight into the mechanisms necessary for an amputee to walk 

symmetrically, no study has developed a three-dimensional simulation of amputee 

walking for analysis of compensatory mechanisms.  Amputee gait is characterized by 

asymmetric joint kinematics and kinetics and GRFs (e.g., Hafner et al., 2002) in three-

dimensions (Royer and Wasilewski, 2006; Underwood et al., 2004).  Thus, the goal of the 

study in Chapter 2 was to analyze three-dimensional simulations that capture the 

asymmetric characteristics of amputee gait, which are essential to understanding how 

individual muscles compensate for the lost ankle muscles.   
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Amputees also have asymmetric loading between the intact and residual legs, with 

potential for long-term adverse effects such as an increased prevalence and early onset of 

osteoarthritis in the intact leg (Burke et al., 1978; Royer and Koenig, 2005).  Amputees 

experience greater GRF loads on the intact leg relative to the residual leg (Arya et al., 

1995; Royer and Koenig, 2005; Silverman et al., 2008; Snyder et al., 1995).  Amputees 

also have a higher metabolic cost of walking compared to non-amputees (Detrembleur et 

al., 2005; Gailey et al., 1994; Hunter et al., 1995; Schmalz et al., 2002; Torburn et al., 

1995; Waters et al., 1976).  Specifically, one study found 25% greater oxygen 

consumption during walking in below-knee amputees compared to non-amputees 

(Schmalz et al., 2002).  Similarly, Genin et al. (2008) reported up to a 15% increase in net 

energy expenditure from below-knee amputees compared to non-amputees.   

While it is well-established that amputees have asymmetric GRFs and joint 

kinetic quantities as well as a higher cost of walking compared to non-amputees, the 

individual muscle contributions to the knee joint loading asymmetry and an increased 

metabolic cost remain unclear.  The influence of individual muscles on joint loading can 

be investigated using forward dynamics simulations (Sasaki and Neptune, 2010; Zajac et 

al., 2003).  However, no study has analyzed joint contact forces in amputee gait.  

Similarly, models for muscle energy expenditure have been developed to analyze muscles 

during non-amputee walking (Bhargava et al., 2004; Umberger, 2010; Umberger et al., 

2003), but no study has used these models to investigate the higher cost of walking in 

amputees relative to non-amputees.  Applying these models to a full-body forward 

dynamics simulation can provide an estimate of human energy expenditure associated 

with specific muscle activity in amputee walking compared to non-amputee walking.  

Thus, the goal of the study in Chapter 3 was to apply a joint contact force decomposition 

analysis and a metabolic cost model to simulations of both amputee and non-amputee 

walking to identify individual muscle contributions to the knee joint contact force and to 

metabolic cost to gain a greater understanding of asymmetric leg loading and the higher 

metabolic cost of walking in amputees.   
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In addition to altered joint loading and increased metabolic cost, amputees also 

have an increased risk and fear of falling relative to non-amputees (Miller et al., 2001), 

which may be a result of the functional loss of the ankle muscles.  The regulation of 

angular momentum is important for preventing falls and recovering from trips (Pijnappels 

et al., 2004), and has been shown to be tightly regulated over the gait cycle in non-

amputees (Herr and Popovic, 2008).  Previously, it has been suggested that larger angular 

momentum results in a less stable gait pattern (Kaya et al., 1998; Rietdyk et al., 2005; 

Simoneau and Krebs, 2000).  The regulation of whole-body angular momentum has also 

been used to develop control strategies in bipedal robots to produce a stable walking 

pattern (e.g., Goswami and Kallem, 2004; Kajita et al., 2003).  A recent simulation 

analysis has shown that the ankle muscles are important in regulating angular momentum 

in non-amputees (Neptune and McGowan, 2010), as they counteract the effect of gravity 

and are the only muscles that can regulate angular momentum throughout the stance 

phase.  The importance of the ankle muscles in regulating angular momentum has also 

been shown experimentally (Pijnappels et al., 2005a), as subjects with a history of falls 

have reduced ankle plantar flexor output (LaRoche et al., 2010).  These results suggest 

that amputees may have difficulty regulating their angular momentum in the absence of 

the residual leg ankle muscles and explain why amputees have an increased risk of 

falling.  However, no study has investigated angular momentum in amputees.  Thus, the 

goal of the study in Chapter 4 was to analyze three-dimensional whole-body angular 

momentum in amputees and non-amputees over the gait cycle, which may provide insight 

into why amputees have an increased fall risk.  

These studies will provide important insight into muscle compensatory 

mechanisms in amputee gait, as well as the effect of these compensations on knee joint 

loading and metabolic cost and why amputees have an increased risk of falling.  These 

results will provide information that can be used to guide rehabilitation protocols that 

target specific muscles, with the goal of improving amputee mobility and overall quality 

of life.   
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Chapter 2: Individual Muscle Function in Below-Knee Amputee 
Walking 

Introduction 
Unilateral, below-knee amputee gait is characterized by bilateral asymmetry, leg 

and back pain and a reduced self-selected walking speed compared to non-amputee 

walking (for review, see Hafner et al., 2002; Kulkarni et al., 2005), which results in 

decreased mobility.  Abnormal amputee gait characteristics are largely the result of the 

functional loss of the residual-leg ankle plantar flexors, which are critical to providing 

body support and propulsion and leg-swing initiation in non-amputee walking (e.g., Liu 

et al., 2006; Neptune et al., 2001; Neptune et al., 2004; Zajac et al., 2003).  As a result, 

other muscles must compensate in amputee walking to provide these important 

biomechanical functions.   

Experimental studies have identified a number of compensations in amputee 

walking through analysis of ground reaction force (GRF), joint kinetic and muscle 

electromyography (EMG) data.  Studies have shown that amputees have greater 

dependence on the intact leg through increased GRFs relative to the residual leg (Arya et 

al., 1995; Nolan et al., 2003; Sanderson and Martin, 1997).  Both the residual and intact 

legs have greater hip extensor moments and do more work in early stance relative to non-

amputees (Gitter et al., 1991; Grumillier et al., 2008; Silverman et al., 2008).  In addition, 

amputees often generate higher residual leg hip flexor moments and power in pre-swing 

compared to non-amputees (Sadeghi et al., 2001; Winter and Sienko, 1988).  EMG 

studies have shown prolonged residual leg muscle activity in the vasti and the hamstrings 

relative to the intact leg (Fey et al., 2010; Isakov et al., 2001; Pinzur et al., 1991) and 

non-amputees (Powers et al., 1998; Winter and Sienko, 1988).  Prolonged intact-leg 

gluteus maximus activity relative to non-amputees has also been observed (Culham et al., 

1986; Torburn et al., 1990; Winter and Sienko, 1988).  These studies highlight wide 

range of compensatory mechanisms used in amputee walking.  However, it is not clear 

how individual muscles involved in these compensatory mechanisms contribute to 

specific walking subtasks of body support, forward propulsion and leg-swing initiation.   
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Previous studies investigating muscle contributions to these walking subtasks 

have primarily focused on non-amputees.  However, one modeling study identified the 

muscle compensations necessary for an amputee model to walk with a symmetric, non-

amputee walking pattern (Zmitrewicz et al., 2007).  Compared to a non-amputee model, 

power output from the residual leg hip flexors to accelerate the leg into swing increased 

in the amputee model.  The residual leg rectus femoris output also increased to transfer 

more energy from the leg to the trunk to propel it forward.  In addition, the intact leg 

rectus femoris and soleus delivered more energy from the leg to the trunk to provide 

forward propulsion compared to the non-amputee model.  While this analysis provided 

valuable insight into potential muscle compensatory mechanisms needed to reproduce 

non-amputee gait data, the simulation did not reflect amputee gait mechanics and was 

limited to walking in the sagittal plane.  Analyzing 3D walking is important because 

amputee gait is characterized by asymmetric joint kinematics and kinetics and GRFs in 

all three planes (e.g., Hafner et al., 2002; Royer and Wasilewski, 2006; Underwood et al., 

2004).   

Therefore, the objective of this study was to develop a 3D musculoskeletal model 

and forward dynamics simulations of amputee and non-amputee walking to determine 

how individual muscles compensate to perform the walking subtasks of body support, 

forward propulsion and leg-swing initiation in the absence of the ankle muscles.   

Methods 

Musculoskeletal Model 

A three-dimensional, bipedal musculoskeletal model was developed in SIMM 

(Musculographics, Inc.) and has been previously described (Peterson et al., 2010).  The 

dynamic equations of motion were generated using SD/FAST (PTC) and the forward 

dynamics simulation framework was generated using Dynamics Pipeline 

(Musculographics, Inc.).  The model consisted of 14 rigid body segments including a 

head-arms-trunk (HAT) segment, pelvis, and two legs.  Each leg consisted of rigid 

segments for the thigh, shank, patella, talus, calcaneous and toes. The model had a total 
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of 23 degrees of freedom.  A six degree of freedom joint was defined between the ground 

and pelvis.  The HAT and each thigh had three rotational degrees of freedom with respect 

to the pelvis.  There was one rotational degree of freedom defined at the knee, ankle, 

subtalar, and metatarsalphalangeal (MTP) joints.  Each leg was driven by 38 Hill-type 

musculotendon actuators governed by force-length-velocity relationships (Zajac, 1989, 

Table 2.1).  Musculoskeletal geometry was based on Delp et al. (1990).  The excitation 

for each muscle was defined with a bimodal excitation pattern (Eq. 1).   

 

 ∑

if onset offset                     
                    

    1 cos 2 ·
offset onset

 

                                                     
 0 

   (1.1) 

 

where u(t) is the excitation of a muscle at time t.  Ai, onseti and offseti were the amplitude, 

onset and offset of mode i.  The onset, offset and magnitude of each mode were 

optimized, resulting in six optimization parameters per muscle.  The bimodal excitation 

pattern allowed for a variety of shapes ranging from a pattern with two distinct modes 

(e.g., tibialis anterior) to a single burst pattern (e.g., iliopsoas).  Muscle 

activation/deactivation dynamics were modeled using a first-order differential equation 

(Raasch et al., 1997), with activation and deactivation time constants based on Winters 

and Stark (1988).  For the non-amputee model, symmetric excitation patterns were used 

between legs.  Foot-ground contact was modeled using 31, independent visco-elastic 

elements with coulomb friction on each foot (Neptune et al., 2000).  Passive torques were 

applied at each joint to represent ligament and passive tissue forces (Anderson, 1999; 

Davy and Audu, 1987).   

For the amputee model, the mass and location of the center-of-mass (COM) of the 

prosthetic leg were modified based on Mattes et al. (2000).  Seven residual leg muscles 
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crossing the ankle joint were removed including the medial gastrocnemius, lateral 

gastrocnemius, soleus, tibialis posterior, flexor digitorum longus, tibialis anterior and 

extensor digitorum longus.  The prosthesis was modeled to replicate experimental ankle 

torque values derived using inverse dynamics using a second-order torsional spring with 

damping at the ankle as: 

 

     (2.2) 

 

where θ is the ankle angle,  is the ankle velocity, τ is the prosthesis torque, and a0 

through a4 are the constant coefficients determined by fitting Equation 2.2 to the average 

amputee experimental torque and kinematic data (see below).  The coefficients were 

determined using a multiple regression analysis of the experimental data to estimate the 

prosthesis torque using the ankle angle and velocity as inputs.  Further detail of the 

regression analysis is provided in Appendix B.  
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Table 2.1. Muscles included in the model and corresponding muscle groups.  Shaded 
muscles were not included on the residual leg of the amputee model.  EMG 
data were available for muscles marked with *.   

Muscle Muscle Group 
Iliacus IL 
Psoas 
Adductor Longus 

AL Adductor Brevis 
Pectineus 
Quadratus Femoris 
Adductor Magnus (superior, middle, and inferior compartments) AM 
Sartorius SAR 
*Rectus Femoris RF 
Vastus Medialis 

VAS Vastus Intermedius 
*Vastus Lateralis 
*Gluteus Medius (anterior and middle compartments) GMEDA 
Gluteus Minimus (anterior and middle compartments)
Gluteus Medius (posterior compartment)

GMEDP Gluteus Minimus (posterior compartment)
Gemellus 
Piriformis 
Tensor Fascia Lata TFL 
*Gluteus Maximus (superior, middle and inferior compartments) GMAX 
Semimembranosus 

HAM Semitendinosus 
Gracilis 
*Biceps Femoris Long Head 
Biceps Femoris Short Head BFSH 
*Gastrocnemius (medial and lateral heads) GAS 
*Soleus 

SOL Tibialis Posterior 
Flexor Digitorum Longus 
*Tibialis Anterior TA 
Extensor Digitorum Longus 
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Optimization Framework 

A simulated annealing optimization algorithm (Goffe et al., 1994) was used to 

solve the optimal tracking problem to generate three forward dynamics simulations (Fig. 

2.1).  The simulations consisted of the amputee residual leg stance, amputee intact leg 

stance and non-amputee left leg stance.  The optimization cost function consisted of the 

difference between the average experimental (described below) and simulated joint 

kinematics and GRFs as:  

 

    (2.3) 

 

where Yij is the measurement of a variable j at time step i, Ŷij is the simulation value for 

that variable time step i, and SDij
2 is the average variability of variable j at time step i 

across trials.  The optimization modified the timing and magnitude of individual muscle 

excitation patterns to minimize Equation 2.3.   
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Figure 2.1. Simulated annealing optimization framework used to generate the amputee 
and non-amputee simulations.  An initial guess for the muscle excitations 
was provided and musculotendon dynamics were applied to determine the 
corresponding muscle forces.  The muscle forces were applied to the 
musculoskeletal model and the simulation was executed by solving the 
equations of motion.  The simulated motion was compared to the 
experimental data and the cost was computed.  The optimization algorithm 
then changed the muscle excitations until the output simulation reproduced 
the experimental data well.   

Assessing Muscle Function 

Muscle function was determined using a previously-described ground reaction 

force decomposition, and induced acceleration and segment power analyses (Fregly and 

Zajac, 1996; Neptune et al., 2001).  For the analyses, muscles were combined into 15 

muscle groups based on muscle function and anatomical classification (Table 2.1).  The 

contribution of an individual muscle to body support and propulsion was quantified by its 

contribution to the vertical and horizontal GRF, respectively.  Muscle contributions to 

propulsion were further investigated by examining the contributions to trunk (sum of the 
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pelvis and torso segments) propulsion and leg-swing initiation.  Trunk propulsion was 

quantified as the forward power delivered to the trunk.  Leg-swing initiation was 

quantified by the energy delivered to the leg during the second double support phase (pre-

swing phase).  Ipsilateral muscle contributions were compared between the residual, 

intact and non-amputee legs during the respective stance phases to identify differences in 

muscle function, and therefore compensatory mechanisms, in amputee gait.   

 

Experimental Data Collection 

The experimental data collection methods have been described in detail (Fey et 

al., 2010; Silverman et al., 2008) and are presented briefly here.  Three-dimensional 

kinematic data were collected at 120 Hz from 14 amputees and 10 non-amputees walking 

at 1.2 ± 0.06 m/s using an 8-camera motion capture system (Vicon, Oxford Metrics, Inc.) 

and a cluster marker set.  Subject characteristics are provided in Appendix A.  GRF and 

EMG data were collected at 1200 Hz.  EMG data were collected using surface electrodes 

(2, 12-mm disk sensor contacts, 18-mm interelectrode distance, Motion Lab Systems, 

Inc.) from eight intact-leg muscles including the gluteus medius (GMED), gluteus 

maximus (GMAX), rectus femoris (RF), biceps femoris long head (BFLH), vastus 

lateralis, (VAS), medial gastrocnemius (GAS), soleus (SOL), and tibialis anterior (TA), 

and five residual-leg muscles including GMED, GMAX, RF, BFLH and VAS.  GRFs 

were collected using four force plates mounted in the center of a 10-m walkway.  A 

minimum of five force-plate hits per leg were collected.  Each amputee subject used his 

or her own prosthesis.   

The experimental data were processed using Visual3D (C-Motion, Inc.).  

Kinematic and GRF data were low-pass filtered with a 4th-order Butterworth filter with a 

cutoff frequency of 6 Hz and 20 Hz, respectively.  EMG data were demeaned, rectified, 

high-pass filtered with a cutoff frequency of 40 Hz, and then low-pass filtered with a 

cutoff frequency of 4 Hz.  Data were normalized to the gait cycle and averaged across 

subjects for both the amputee and non-amputee groups.   
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Results 
The simulated kinematics and GRFs reproduced the experimental walking data 

well, with an average difference of 6.40 degrees and 4.56 % body weight (BW) for the 

residual leg stance simulation, 5.35 degrees and 4.56 %BW for the intact leg stance 

simulation and 4.39 degrees and 4.52 %BW for the non-amputee simulation (Table 2.2).  

The differences between the simulation and experimental average were much less than 

two standard deviations of the experimental data for all three simulations (Table 2.2), 

such that the simulations were statistically indistinguishable from the experimental data.  

Plots comparing the simulated kinematics and GRFs with the corresponding experimental 

data are provided in Appendix C.  In addition, the optimized excitation patterns agreed 

well with the collected experimental EMG data (Fig. 2.2).   
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Table 2.2. Average difference between the experimental and simulated kinematics and GRFs for the residual leg, intact leg and non-
amputee stance simulations.  Two standard deviations of the experimental data are shown in parentheses for comparison. 

 
Amputee Non-Amputee 

Residual Leg Stance Intact Leg Stance  Left Leg Stance 

Pelvis (°) 
Obliquity 1.137 (4.978) 0.935 (5.333) 1.179 (4.526) 
Rotation 2.877 (7.833) 1.713 (7.728) 2.424 (3.735) 
Tilt 3.245(15.308) 7.862 (15.680) 1.994 (14.544) 

Trunk (°) 
Obliquity 2.018 (4.730) 2.581 (5.629) 2.468 (6.589) 
Rotation 4.393 (5.281) 4.910 (5.297) 4.508 (6.314) 
Tilt 1.303 (19.833) 3.051 (19.805) 0.731 (18.572) 

Intact (Right) Leg (°) 

Hip Ab/Adduction 7.985 (7.422) 2.876 (7.064) 2.417 (5.293) 
Hip Rotation 6.116 (11.126) 10.981 (11.636) 2.804 (10.136) 
Hip Flex/Extension 7.995 (16.589) 9.654 (16.257) 9.825 (20.638) 
Knee Flex/Extension 6.272 (10.820) 3.806 (10.330) 9.282 (12.649) 
Ankle Dorsi/Plantarflexion 12.243 (7.019) 6.046 (6.564) 3.950 (6.313) 

Intact (Right) Leg (%BW) 
A/P GRF 2.666 (2.308) 5.674 (3.404) 2.341 (2.370) 
Vertical GRF 9.798 (8.216) 11.167 (12.001) 6.014 (8.889) 
M/L GRF 2.938 (1.606) 1.279 (2.576) 1.018 (1.035) 

Residual (Left) Leg (°) 

Hip Ab/Adduction 2.814 (8.097) 3.303 (8.665) 2.082 (8.045) 
Hip Rotation 15.944 (14.786) 7.410 (14.557) 10.564 (12.244) 
Hip Flex/Extension 5.397 (15.160) 10.718 (14.480) 4.819 (20.434) 
Knee Flex/Extension 17.174 (13.489) 7.533 (11.523) 5.299 (14.085) 
Ankle Dorsi/Plantarflexion 5.518 (6.179) 2.252 (5.974) 5.970 (8.954) 

Residual (Left) Leg (%BW) 
A/P GRF 1.834 (3.940) 1.927 (2.584) 3.982 (3.721) 
Vertical GRF 7.448 (13.469) 6.137 (9.925) 12.944 (18.136) 
M/L GRF 2.657 (2.561) 1.16 (1.452) 0.848 (2.259) 

Avg. Kinematic Error (°) 6.40 (10.54) 5.35 (10.41) 4.39 (10.82) 
Avg. GRF Error (%BW)   4.56 (5.35) 4.56 (5.32) 4.52 (6.07) 
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Figure 2.2. Optimal excitation pattern from the optimizations compared to the group average 
experimental EMG data.  The average experimental EMG across subjects is shown 
± one standard deviation (SD).



 16

Body Support 

Primary muscle contributors to body support in all three legs were VAS, GMAX, 

GMEDA and GMEDP (Fig. 2.3).  In the residual leg, the prosthesis provided the majority 

of the support in the second half of stance.  In the intact and non-amputee legs, this 

support was provided by the ankle plantar flexors.   

 

Body Propulsion 

The primary contributors to body propulsion were similar in all three legs, 

although the relative magnitude of the contributions varied across legs.  VAS and RF 

contributed to braking (negative body propulsion) and HAM contributed to body 

propulsion in all three legs (Fig. 2.3).  In the non-amputee leg, the majority of the 

contribution from HAM occurred in early stance, whereas in the residual and intact legs, 

HAM contributed to propulsion throughout stance.  GMAX contributed more to body 

propulsion in the residual leg than in the intact and non-amputee legs.  The prosthesis 

contributed to braking throughout the majority of stance, and then contributed to 

propulsion in late stance.  SOL and GAS contributed to braking in mid-stance and then 

propulsion in late stance in both the non-amputee and intact legs.   
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Figure 2.3. Ipsilateral leg muscle group contributions to the vertical and anterior/posterior (A/P) ground reaction forces (GRFs).   
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Trunk Propulsion 

SOL, RF and VAS were the primary contributors to positive net trunk power in 

the non-amputee leg, which was similar to the intact leg (Fig. 2.4).  Specifically, SOL, 

RF and VAS all contributed to horizontal trunk power in the intact and non-amputee legs, 

providing trunk propulsion (Figs. 2.5-2.6).  In the residual leg, VAS, RF, GMEDA and 

the prosthesis were the largest contributors to positive net trunk power (Fig. 2.4), which 

contributed to trunk propulsion (Figs. 2.5-2.6).  In addition, in early stance, HAM 

absorbed less horizontal power from the trunk in both the residual and intact legs 

compared to the non-amputee leg, but absorbed more horizontal power in late stance 

(Fig. 2.5).   

 

Leg-Swing Initiation 

In the pre-swing phase, IL, AL and GAS delivered energy to the ipsilateral leg in 

the non-amputee and intact legs for swing initiation (Fig. 2.7).  HAM generated more 

energy to the leg in the residual and intact legs than in the non-amputee leg.  BFSH and 

GMEDP delivered more energy to the residual leg during pre-swing compared to the 

intact and non-amputee legs.  The prosthesis absorbed energy from the residual leg 

throughout stance, and delivered energy to the leg just prior to swing, with a net positive 

contribution over the pre-swing phase (Figs. 2.4 and 2.7).
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Figure 2.4.  Ipsilateral leg muscle group contributions to the net trunk (pelvis + HAT) and ipsilateral leg power.  The shaded area is 
the net power (rate of change of the kinetic and potential energy) for the trunk and leg.
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Figure 2.5. Net trunk (pelvis + HAT segments) mechanical power from GMAX, GMEDA, HAM, RF and VAS.  Horizontal and 
vertical components of the power are shown.  Horizontal power is the rate of change of kinetic energy in the A/P 
direction.  Vertical power is the rate of change of kinetic and potential energy in the vertical direction.    Net power is the 
sum of the horizontal, vertical, medial/lateral, and 3D rotational power components
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Figure 2.6. Net trunk (pelvis+HAT segments) mechanical power from the prosthesis, GAS and SOL.  Horizontal and vertical 
components of the power are shown.  Horizontal power is the rate of change of kinetic energy in the A/P 
direction.  Vertical power is the rate of change of kinetic and potential energy in the vertical direction.   
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Figure 2.7. Muscle group contributions to net ipsilateral leg power during the pre-swing 
phase in each simulation.  Total mechanical energy delivered to the leg 
during the pre-swing phase from individual muscle groups is also shown.  
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Discussion 
The purpose of this study was to understand muscle compensatory mechanisms in 

amputee walking by examining individual muscle contributions to body support, 

propulsion and leg-swing initiation in amputee and non-amputee simulations.  The 

prosthesis provided substantial body support throughout stance in the residual leg, which 

was consistent with a previous 2D amputee symmetric walking simulation that showed 

the prosthesis provides needed support in the absence of the ankle muscles (Zmitrewicz 

et al., 2007).  VAS, GMED and GMAX also provided body support in early stance in all 

three simulations, which is in agreement with previous non-amputee simulation studies 

(Anderson and Pandy, 2003; Liu et al., 2006; Neptune et al., 2004). 

While the prosthesis provided body support, it acted to decrease body propulsion 

throughout the majority of residual leg stance (Fig. 2.3).  The prosthesis absorbed energy 

from the residual leg throughout stance and delivered some of that energy to the trunk 

(Fig. 2.9).  The prosthesis functioned similarly to the non-amputee SOL, which also 

absorbed energy from the leg and delivered it to the trunk (Fig. 2.9), but SOL had 

contributed positively to body propulsion (Fig. 2.3).  Like SOL, the prosthesis delivered 

substantial horizontal power to the trunk for forward propulsion (Fig. 2.6).  Thus, the 

prosthesis was able to partially compensate for the ankle plantar flexors to provide trunk 

propulsion, but at the expense of absorbing more energy from the leg and reducing 

overall body propulsion.  The net energy delivered to the leg from the prosthesis was 

positive over the pre-swing phase, because the prosthesis returned energy to the leg 

immediately prior to swing (Fig. 2.5).  However, the prosthesis did not return enough 

energy to replace the function of non-amputee GAS.   

While the prosthesis provided sufficient body support, muscle compensations 

were necessary to provide body propulsion and leg-swing initiation in the absence of the 

ankle plantar flexors.  The largest differences between the amputee and non-amputee 

simulations were in GMAX, GMEDA and HAM.  GMAX has previously been shown to 

decrease body propulsion at the beginning of non-amputee stance, and then contribute 

positively into mid-stance (Neptune et al., 2004), which is in agreement with the non-
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amputee results.  On the residual leg, GMAX increased its contribution to body 

propulsion relative to the non-amputee simulation and opposed the negative contribution 

to body propulsion from the prosthesis.  Residual GMAX absorbed more energy from the 

trunk and generated more energy to both the residual and intact legs during residual leg 

stance (Fig. 2.8), which was consistent with experimental results that showed increased 

residual leg hip extensor moment and work during amputee walking (Bateni and Olney, 

2002; Gitter et al., 1991; Grumillier et al., 2008; Silverman et al., 2008).  Further analysis 

of the trunk power showed that GMAX absorbed horizontal trunk power while 

contributing positively to vertical trunk power (Fig. 2.5).  Thus, GMAX supported the 

trunk and transferred horizontal power from the trunk to the residual leg to help replace 

the energy absorbed from the residual leg by the prosthesis.   

GMEDA was one of the largest contributors to net trunk power on the residual 

leg.  GMEDA transferred more energy from the legs to the trunk in the residual leg 

stance compared to the intact leg and non-amputee legs (Fig. 2.8), which resulted in 

greater horizontal trunk power (Fig. 2.5).  HAM generated positive power throughout 

stance while transferring energy from the trunk to the legs in all three simulations (Fig. 

2.8). Residual leg HAM increased its duration in the amputee simulations (Figs. 2.2, 

2.10), which was also found in studies of amputee EMG (Fey et al., 2010; Isakov et al., 

2001; Pinzur et al., 1991).  In the residual and intact legs, HAM did not generate as much 

power to the leg in early stance compared to the non-amputee leg (Fig. 2.8).  In mid to 

late stance, HAM generated more leg power in the residual leg relative to the non-

amputee leg (Fig. 2.8), which compensated for the power absorbed by the prosthesis (Fig. 

2.9).  In pre-swing, HAM, GMEDP, BFSH and the prosthesis delivered the necessary 

energy to the residual leg for swing initiation in the absence of GAS (Fig. 2.7).   

Another interesting result was the difference in gracilis excitation between the 

intact and non-amputee legs (Fig. 2.10, red line).  In the non-amputee leg, the gracilis 

excitation timing was similar to that of the other biarticular hamstrings in that its onset 

was near the end of the gait cycle and offset was just after heel strike.  The non-amputee 

gracilis excitation timing is consistent with Sutherland (1984).  However, in the intact leg 
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simulation, the gracilis was excited throughout the swing phase, which is similar to the 

timing reported by Perry (1992).  The gracilis absorbed energy from the trunk and 

delivered energy to the ipsilateral and contralateral legs in both cases and the power 

output of the gracilis was small in comparison to the other hamstring muscles.  The 

differences in the excitation timing of this muscle suggest the gracilis may have 

variations in excitation timing in different individuals, which is consistent with the 

different results reported by Sutherland and Perry.  Redundancy in the musculoskeletal 

system may allow for individuals to use the gracilis at different points in the gait cycle. 

A potential limitation to this study is that group average amputee data was 

simulated.  Experimental studies have shown that amputees have a wide variety of 

individual compensatory mechanisms (e.g., Silverman et al., 2008), some of which may 

not be apparent in the amputee average data.  Thus, future subject-specific simulations 

may help identify additional muscle compensatory mechanisms that can help tailor 

rehabilitation methods to the individual, and are an important area for future work.   
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Figure 2.8. Net musculotendon power distributed to the legs and trunk (pelvis+HAT segments) for the GMAX, GMEDA and 
HAM groups.   
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Figure 2.9. Net musculotendon power distributed to the legs and trunk (pelvis+HAT segments) for the GAS and SOL groups 
in the non-amputee and intact leg simulations compared to the prosthesis in the residual leg simulation.  
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Figure 2.10. Optimized excitations for all of the individual muscles in the HAM group on 
the intact and non-amputee legs. 

 

Conclusion 
This study showed that in the absence of the ankle muscles, the prosthesis 

provided needed body support, but decreased body propulsion throughout residual leg 

stance.  The prosthesis acted to absorb energy from the residual leg and transfer some of 

that energy to the trunk.  To compensate, the residual leg gluteus maximus and 

hamstrings transferred more energy to the residual leg throughout stance.  The residual 

leg anterior gluteus medius delivered more power to the trunk from the legs to propel the 

trunk forward.  Thus, rehabilitation methods that strengthen these specific muscle groups 

may improve propulsion and leg-swing initiation in amputees, with the goal of increasing 

walking speed and improving overall mobility.   
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Chapter 3: Individual Muscle Contributions to Knee Joint Loading and 
Metabolic Cost in Below-Knee Amputee Walking 

Introduction 
Below-knee amputee gait is characterized by altered gait mechanics and muscle 

coordination patterns, which have the potential to largely affect amputee mobility and 

quality of life.  For example, greater intact leg loading (Baliunas et al., 2002; Burke et al., 

1978) may explain why amputees have an increased incidence and early onset of 

osteoarthritis and pain in the intact leg knee joint relative to the general population  

(Burke et al., 1978; Lemaire and Fisher, 1994; Struyf et al., 2009).  Studies of amputee 

walking have shown elevated intact leg ground reaction forces (GRFs) and joint kinetics 

relative to the residual leg (Nolan et al., 2003; Royer and Koenig, 2005; Sanderson and 

Martin, 1997; Silverman et al., 2008) and non-amputee subjects (Nolan and Lees, 2000).  

In addition, amputees have a greater metabolic cost of walking relative to non-amputees 

(e.g., Gailey et al., 1994; Genin et al., 2008; Hunter et al., 1995), even though their self-

selected walking speed is lower than non-amputees (e.g., Snyder et al., 1995; e.g., Waters 

et al., 1976).   

Differences in leg loading and elevated metabolic cost in amputees may be a 

result of increased and prolonged muscle activity.  For example, increased moments and 

work from both the residual and intact leg biarticular hip extensors have been shown in 

amputees in early stance (Bateni and Olney, 2002; Grumillier et al., 2008; Silverman et 

al., 2008), which would both increase metabolic cost and contribute to the knee joint 

contact force through co-contraction with the vasti muscles.  Amputees also have altered 

muscle coordination patterns compared to non-amputees (e.g., Fey et al., 2010; Powers et 

al., 1998; e.g., Winter and Sienko, 1988), such as prolonged muscle activity in the 

residual leg vasti and hamstring muscles (e.g., Culham et al., 1986; Isakov et al., 2001; 

e.g., Pinzur et al., 1991).  The gastrocnemius and soleus muscles have been previously 

shown to largely contribute to the knee joint contact force in non-amputee walking (e.g., 

Sasaki and Neptune, 2010), which may partially explain asymmetric loading because 

amputees no longer have the use of the residual leg ankle muscles.   
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While it has been shown that amputees experience asymmetric loading and 

greater metabolic cost, individual muscle contributions to these quantities remain unclear.  

Understanding individual muscle contributions is an important step in determining how 

to reduce joint loading asymmetry and metabolic cost in amputees over the gait cycle.  

Musculoskeletal modeling and forward dynamics simulation can be used to estimate the 

net joint contact forces and metabolic cost of walking, and also identify the specific 

muscles that are the primary contributors over the gait cycle (Sasaki and Neptune, 2010; 

Umberger, 2010; Umberger et al., 2003; Zajac et al., 2003).  Therefore, the objective of 

this study was to develop three-dimensional, muscle-actuated forward dynamics walking 

simulations to identify individual muscle contributions to both the knee joint contact 

force and metabolic cost during amputee walking relative to non-amputee walking.  We 

expected the biarticular hamstrings to be large contributors to both intact and residual leg 

knee joint contact forces relative to the non-amputee.  We also expected prolonged 

activity of the residual leg hamstrings and vasti muscles, commonly seen in amputees, to 

result in large contributions to the increased metabolic cost in the amputee simulation.  

The results of this study will provide important insight into the mechanisms that may lead 

to osteoarthritis development and a higher metabolic cost of walking in amputees.   

 

Methods 

Experimental Data Collection 

Experimental data collection methods have been described in detail (Fey et al., 

2010; Silverman et al., 2008) and are presented briefly here.  Three-dimensional 

kinematic data were collected at 120 Hz from 14 amputees and 10 non-amputees walking 

at 1.2 ± 0.06 m/s using an 8-camera motion capture system (Vicon, Oxford Metrics, Inc.) 

and a cluster marker set.  Subject characteristics are provided in Appendix A.  GRF and 

muscle electroymyography (EMG) data were collected at 1200 Hz.   EMG data were 

collected using surface electrodes (12-mm disk sensor contacts, 18-mm interelectrode 

distance, Motion Lab Systems, Inc.) from eight intact leg muscles including the gluteus 
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medius (GMED), gluteus maximus (GMAX), rectus femoris (RF), biceps femoris long 

head (BFLH), vastus lateralis, (VAS), medial gastrocnemius (GAS), soleus (SOL), and 

tibialis anterior (TA), and five residual leg muscles including GMED, GMAX, RF, 

BFLH, and VAS.  GRF data were collected with four force plates mounted in the center 

of a 10-m walkway.  A minimum of five force-plate hits per leg were collected.  Each 

amputee subject used his or her own prosthesis.   

The experimental data were processed using Visual3D (C-Motion, Inc.).  

Kinematic and GRF data were low-pass filtered with a 4th-order Butterworth filter with a 

cutoff frequency of 6 Hz and 20 Hz, respectively.  EMG data were demeaned, rectified, 

high-pass filtered with a cutoff frequency of 40 Hz, and then low-pass filtered with a 

cutoff frequency of 4 Hz.  These data were normalized to the gait cycle and averaged 

across subjects for both the amputee and non-amputee groups.   

Musculoskeletal Model 

A three-dimensional, bipedal musculoskeletal model was developed using 

SIMM/Dynamics Pipeline (Musculographics, Inc.) and has been previously described 

(Peterson et al., 2010).  The dynamic equations of motion were generated using 

SD/FAST (PTC).  The musculoskeletal model contained 14 rigid body segments 

including a head-arms-trunk (HAT) segment, pelvis and legs.  Each leg consisted of rigid 

segments for the thigh, shank, patella, talus, calcaneous/midfoot and toes. The model had 

a total of 23 degrees of freedom.  A six degree of freedom joint was defined between the 

ground and pelvis.  The HAT and each thigh had three rotational degrees of freedom with 

respect to the pelvis.  The knee, ankle, subtalar, and metatarsal/phalangeal (MTP) joints 

each had one rotational degree of freedom.  Each leg was driven by 38 Hill-type 

musculotendon actuators governed by force-length-velocity properties (Zajac, 1989, 

Table 3.1).  Musculoskeletal geometry was based on Delp et al. (1990).  The excitation of 

each muscle was defined with a bimodal pattern (Eq. 2.1).   
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  (2.1) 

 

where u(t) is the excitation of a muscle at time t.  Ai, onseti and offseti were the amplitude, 

onset and offset of mode i.  The onset, offset and magnitude of each mode were 

optimized, resulting in six optimization parameters per muscle.  The bimodal excitation 

pattern allowed for a variety of shapes ranging from a pattern with two distinct modes 

(e.g., tibialis anterior) to a single burst pattern (e.g., iliopsoas).  Muscle 

activation/deactivation dynamics were modeled using a first-order differential equation 

(Raasch et al., 1997), with activation and deactivation time constants based on Winters 

and Stark (1988).  For the non-amputee model, symmetric actuator controls were used 

between legs.  Foot-ground contact was modeled using 31, independent visco-elastic 

elements with coulomb friction on each foot (Neptune et al., 2000).  Passive torques were 

applied at each joint to represent ligament and passive tissue forces (Anderson, 1999; 

Davy and Audu, 1987).   

For the amputee model, the mass and the location of the center of mass of the 

prosthetic leg and foot were modified based on Mattes et al. (2000).  Seven residual leg 

muscles crossing the ankle joint were removed including the medial gastrocnemius, 

lateral gastrocnemius, soleus, tibialis posterior, flexor digitorum longus, tibialis anterior 

and extensor digitorum longus (Table 3.1).  The prosthesis was modeled to replicate 

experimental ankle torque values derived using inverse dynamics using a second-order 

torsional spring with damping at the ankle as: 

 

    (3.2) 
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where θ is the average ankle angle,  is the average ankle velocity, τ is the average 

prosthesis torque, and a0 through a4 are the constant coefficients determined by fitting 

Equation 3.2 to the average amputee experimental torque and kinematic data.  The 

coefficients were identified using a multiple regression analysis to estimate the prosthesis 

torque using the ankle angle and velocity as inputs.  Further detail of the regression 

analysis is given in Appendix B. 
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Table 3.1. Muscles included in the model and corresponding muscle groups.  Shaded 
muscles were not included on the residual leg of the amputee model.  EMG 
data were available for muscles marked with *.   

Muscle Muscle Group 
Iliacus IL 
Psoas 
Adductor Longus 

AL Adductor Brevis 
Pectineus 
Quadratus Femoris 
Adductor Magnus (superior, middle, and inferior compartments) AM 
Sartorius SAR 
*Rectus Femoris RF 
Vastus Medialis 

VAS Vastus Intermedius 
*Vastus Lateralis 
*Gluteus Medius (anterior, middle and posterior compartments) 

GMED Gluteus Minimus (anterior, middle and posterior compartments) 
Gemellus 
Piriformis 
Tensor Fascia Lata TFL 
*Gluteus Maximus (superior, middle and inferior compartments) GMAX 
Semimembranosus 

HAM Semitendinosus 
Gracilis 
*Biceps Femoris Long Head 
Biceps Femoris Short Head BFSH 
*Gastrocnemius (medial and lateral heads) GAS 
*Soleus 

SOL Tibialis Posterior 
Flexor Digitorum Longus 
*Tibialis Anterior TA 
Extensor Digitorum Longus 
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Optimization Framework 

A simulated annealing optimization algorithm (Goffe et al., 1994) was used to 

solve the optimal tracking problem to generate three forward dynamics simulations (Fig. 

3.1).  The three simulations consisted of 1.2 gait cycles for the non-amputee simulation, 

0.9 gait cycles including amputee residual leg stance and 0.9 gait cycles including 

amputee intact leg stance.  Simulating a shorter durations (i.e., each stance phase) of 

amputee walking resulted in faster optimization convergence, while still simulating 

amputee walking at each point in the gait cycle.  The optimization cost function consisted 

of the difference between the average experimental and simulated joint kinematics and 

GRFs as:  

 

    (3.3) 

 

where Yij is the measurement of a variable j at time step i, Ŷij is the simulation value for 

that variable j at time step i, and SD2
ij is the average variability of variable j at time step i 

across trials.  The optimization modified the excitation timing and magnitude to find the 

optimal excitation pattern that minimized Equation 3.3.   
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Figure 3.1. Simulated annealing optimization framework used to generate the amputee 
and non-amputee simulations.  An initial guess for the muscle excitations 
was provided and musculotendon dynamics were applied to determine the 
corresponding muscle forces.  The muscle forces were applied to the 
musculoskeletal model and the simulation was executed by solving the 
equations of motion.  The simulated motion was compared to the 
experimental data and the cost was computed.  The optimization algorithm 
then changed the muscle excitations until the output simulation reproduced 
the experimental data well.   

 
Joint Loading Analysis 

The tibio-femoral joint contact force was determined from the joint 

intersegmental force and compressive forces from the muscles crossing the joint using 

SD/FAST. Joint loads were quantified as the time integral of the axial tibio-femoral joint 

contact force on the tibia over the stance phase. The joint contact impulses were 

compared between the amputee residual leg, amputee intact leg and non-amputee left leg.  

In addition, the individual muscle force contributions to the joint contact forces 

were investigated.  To determine individual muscle contributions to the joint contact 
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force, first, the total joint contact force was calculated for the complete system at time 

step i. Then, at step i-1, the muscle force of interest was removed from the system. 

Integrating forward in time, the joint contact force was determined for the reduced system 

at time step i. The difference in the contact force between the full and reduced systems at 

time step i was the individual muscle’s contribution to the joint contact force. For 

interpretation, the muscles in the model were arranged into 14 muscle groups based on 

anatomical location (Table 3.1).  This analysis has been performed previously to find 

individual muscle contributions to the hip intersegmental force (Zajac et al., 2003) and 

the knee joint contact force during non-amputee walking (Sasaki and Neptune, 2010). 

Metabolic Cost Model 

A metabolic model based on the work of Umberger et al. (2003) and Umberger 

(2010) was used to estimate muscle metabolic cost. The model includes both mechanical 

and thermal energy expenditure. The total metabolic rate was determined for each muscle 

at each point in time, and then summed across muscles to obtain the total metabolic 

energy rate due to muscles at each point in the gait cycle. The total energy consumed 

over the gait cycle was then determined by integrating the metabolic energy rate over 

time.  For the non-amputee simulation, 100% of the gait cycle was analyzed from left 

heel strike to left heel strike.  For the amputee simulations, the residual leg stance 

simulation was analyzed from residual leg heel strike to intact leg heel strike and the 

metabolic rate was then analyzed from the intact leg stance simulation from intact leg 

heel strike to residual leg heel strike, giving the total metabolic rate over the entire 

amputee gait cycle. 

The total rate of the energy liberated by a muscle was determined as the sum of 

the activation heat rate, maintenance heat rate, shortening/lengthening heat rate, and the 

mechanical work rate of the contractile element of the Hill muscle model (Eq. 2.4) as: 

 

    (2.4) 
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The activation heat rate is the metabolic energy consumed when a muscle is activated, 

and the maintenance heat rate is the metabolic energy necessary to maintain muscle 

contraction. Both of these measures depend on the percent of fast-twitch versus slow-

twitch muscle fibers that are recruited.  In addition, heat is produced from a muscle 

during shortening and lengthening. This value is dependent on the velocity of the 

contractile element in the Hill muscle model and fiber-type composition. The heat rates 

are muscle-specific in that they depend on activation level and maximum contractile 

velocity. Finally, the work rate of the muscle was determined from the force of the 

contractile element multiplied by the velocity of the contractile element.  This muscle 

metabolic cost model has been evaluated at the individual muscle level and with whole 

body simulations, and has been shown to represent muscle energy expenditure well 

(Umberger, 2010; Umberger et al., 2003).   

The model was modified from Umberger et al. (2003) to account for differences 

in the percentage of slow-twitch and fast-twitch fibers that are recruited at varying 

activation levels.  In the original model, the heat rates depend on the percentage of fast-

twitch and slow-twitch fibers within a muscle and at each activation level, with the 

percentage of fast-twitch and slow-twitch fibers recruited being the same as the overall 

muscle fiber-type composition.  However, in the present model, rather than recruiting the 

same percentage of fast-twitch and slow-twitch fibers at each muscle activation level, the 

cost was computed by assuming that all slow-twitch fibers were recruited before the fast-

twitch fibers. If the muscle activation was less than the proportion of slow-twitch fibers 

within the muscle, the heat rate equations were indicative of a muscle that had 100% 

slow-twitch fibers.  Fiber type composition data for individual muscles was estimated 

from the values reported in Johnson et al. (1973).  The equations that reflect this change 

to the model are provided in Appendix D.  For a complete description of the metabolic 

cost model, see Umberger et al. (2003) and Umberger (2010). 
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Results 
The simulated kinematics and GRFs reproduced the experimental data well for 

both the amputee and non-amputee simulations (Table 3.2).  The average difference was 

6.40 degrees and 4.56 % body weight (BW) over residual leg stance and 5.35 degrees and 

4.56 %BW over intact leg stance.  For the non-amputee simulation, the average 

difference was 4.39 degrees and 4.52 %BW over left leg stance and 4.44 degrees and 

3.84 %BW over the entire gait cycle.  Overall, these differences were well within two 

standard deviations of the experimental data (Table 3.2), such that the simulations were 

statistically indistinguishable from the experimental data.  Plots of the simulated 

kinematics and GRFs with the experimental data are provided in Appendix C.  The 

simulated muscle excitations also agreed well with the experimental EMG data (Fig. 3.2).   

 

Knee Joint Loading 

The total axial tibio-femoral knee joint contact impulse was 191.92 %BW-s for 

the residual leg, 240.68 %BW-s for the intact leg and 262.15 %BW-s for the non-

amputee leg (Table 3.3).  Peak joint contact force values occurred in early stance for the 

residual and non-amputee legs, and in late stance for the intact leg (Fig. 3.3).   

The muscle contributions to the joint contact impulse varied between the residual, 

intact and non-amputee legs (Table 3.3, Fig. 3.3).  In the amputee simulation, the largest 

contributors to both the residual and intact leg knee joint contact forces were VAS in 

early stance and HAM throughout stance.  In late stance, GAS contributed substantially 

to the knee joint contact force on the intact leg, and the prosthesis contributed on the 

residual leg.  On the non-amputee leg, the largest contributors were VAS in early stance 

and GAS in late stance.  HAM was also a large contributor to the contact force in the 

non-amputee simulation.  GMAX, GMED and TFL contributed similarly to the contact 

force on all three legs.   
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Table 3.2. Average difference between the experimental and simulated kinematics and GRFs for the residual leg, intact leg 
and non-amputee stance simulations.  The average difference over the entire non-amputee gait cycle is also 
shown.  Two standard deviations (2 SD) of the experimental data are shown for comparison.   

Amputee Non-Amputee 
Residual Leg Stance Intact Leg Stance  Left Leg Stance Gait Cycle 

Pelvis (°) 
Obliquity 1.137 (4.978) 0.935 (5.333) 1.179 (4.526) 0.984 (4.326) 
Rotation 2.877 (7.833) 1.713 (7.728) 2.424 (3.735) 2.238 (3.673) 
Tilt 3.245(15.308) 7.862 (15.680) 1.994 (14.544) 2.163 (14.515) 

Trunk (°) 
Obliquity 2.018 (4.730) 2.581 (5.629) 2.468 (6.589) 2.228 (6.280) 
Rotation 4.393 (5.281) 4.910 (5.297) 4.508 (6.314) 4.324 (5.881) 
Tilt 1.303 (19.833) 3.051 (19.805) 0.731 (18.572) 0.771 (18.533) 

Intact (Right) Leg (°) 

Hip Ab/Adduction 7.985 (7.422) 2.876 (7.064) 2.417 (5.293) 1.882 (4.841) 
Hip Rotation 6.116 (11.126) 10.981 (11.636) 2.804 (10.136) 2.836 (10.210) 
Hip Flex/Extension 7.995 (16.589) 9.654 (16.257) 9.825 (20.638) 8.437 (20.486) 
Knee Flex/Extension 6.272 (10.820) 3.806 (10.330) 9.282 (12.649) 8.142 (12.087) 
Ankle Dorsi/Plantarflexion 12.243 (7.019) 6.046 (6.564) 3.950 (6.313) 3.221 (5.473) 

Intact (Right) Leg (%BW) 
A/P GRF 2.666 (2.308) 5.674 (3.404) 2.341 (2.370) 2.863 (2.535) 
Vertical GRF 9.798 (8.216) 11.167 (12.001) 6.014 (8.889) 6.931 (10.864) 
M/L GRF 2.938 (1.606) 1.279 (2.576) 1.018 (1.035) 1.000 (1.337) 

Residual (Left) Leg (°) 

Hip Ab/Adduction 2.814 (8.097) 3.303 (8.665) 2.082 (8.045) 2.369 (7.488) 
Hip Rotation 15.944 (14.786) 7.410 (14.557) 10.564 (12.244) 8.314 (12.167) 
Hip Flex/Extension 5.397 (15.160) 10.718 (14.480) 4.819 (20.434) 6.800 (19.955) 
Knee Flex/Extension 17.174 (13.489) 7.533 (11.523) 5.299 (14.085) 10.877 (14.523) 
Ankle Dorsi/Plantarflexion 5.518 (6.179) 2.252 (5.974) 5.970 (8.954) 5.430 (8.054) 

Residual (Left) Leg (%BW) 
A/P GRF 1.834 (3.940) 1.927 (2.584) 3.982 (3.721) 2.747 (2.564) 
Vertical GRF 7.448 (13.469) 6.137 (9.925) 12.944 (18.136) 8.900 (12.494) 
M/L GRF 2.657 (2.561) 1.16 (1.452) 0.848 (2.259) 0.582 (1.551) 

Avg. Kinematic Error (°) 6.40 (10.54) 5.35 (10.41) 4.39 (10.82) 4.44 (10.53) 
Avg. GRF Error (%BW)   4.56 (5.35) 4.56 (5.32) 4.52 (6.07) 3.84 (5.22) 
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Figure 3.2. Optimal excitation pattern from the optimizations compared to the group average 
experimental EMG data.  The average experimental EMG across subjects is shown 
± one standard deviation (SD).
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Table 3.3. Total axial tibio-femoral joint contact impulse and contributions from 
ipsilateral muscle groups in percent body weight-seconds (%BW-s) over the 
stance phase for the residual, intact and non-amputee simulations.   

Amputee Non-Amputee 

Muscle Group 
Residual 

Leg Stance 
Intact Leg 

Stance 
Left Leg 
Stance 

IL -0.48 -0.65 -1.05 
AL -1.20 -1.12 -1.04 
AM 0.12 -0.14 0.13 
SAR 0.76 0.24 2.51 
RF 13.87 13.48 20.13 

VAS 50.49 75.13 49.39 
GMED 9.87 8.23 10.97 

TFL 16.52 16.16 12.36 
GMAX 5.07 2.81 2.76 
HAM 39.20 41.23 36.14 
BFSH 24.01 17.64 19.30 
GAS − 38.40 91.31 
SOL − 16.25 8.26 
TA − -5.75 -1.43 

Prosthesis 32.53 − − 
Total Axial Impulse 191.92 240.68 262.15 
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Figure 3.3. Total axial tibio-femoral joint contact force and contributions from muscle groups in percent body weight (%BW) over 
the stance phase for the residual, intact and non-amputee simulations.   
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Metabolic Cost 

The average metabolic power in the amputee simulation was 5.05 W/kg, which 

was higher than the non-amputee simulation that had an average metabolic power of 4.76 

W/kg.  The total energy consumed by both legs while walking was 407.31 J over the 

amputee gait cycle and 398.32 J over the non-amputee gait cycle (Table 3.4).  The larger 

metabolic cost in the amputee simulation was due to both residual and intact leg muscles.  

On the residual leg, GMAX, GMED, VAS and BFSH consumed more energy over the 

gait cycle compared to the non-amputee simulation (Table 3.4, Fig. 3.4).  GMED and 

VAS were also large contributors to the total metabolic cost during non-amputee 

walking, but consumed more energy on the residual leg during amputee walking.  On the 

intact leg, VAS and the ankle muscles consumed more energy compared to the non-

amputee.  AL consumed more energy on both the intact and residual legs compared to the 

non-amputee leg.  Residual and intact HAM consumed a similar amount of energy as the 

non-amputee HAM, but shifted the time that energy was consumed.  Residual HAM 

consumed a large proportion of its energy from 20% to 60 % of the gait cycle, whereas in 

the non-amputee simulation, the majority of the cost was from 0% to 30% of the gait 

cycle (Fig. 3.4).  This shift was also seen in the intact leg (Fig. 3.4). 
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Table 3.4. Total metabolic energy over the gait cycle (J) from individual muscle 
groups. 

Muscle Groups 
Residual 

Leg 
Intact 
Leg Average Leg 

IL 5.60 11.01 24.57 
AL 12.04 12.91 7.13 
AM 6.91 1.69 4.63 
SAR 11.66 0.85 15.04 
RF 8.91 10.12 6.99 

VAS 34.09 37.75 23.30 
GMED 33.55 19.36 22.66 

TFL 2.46 3.28 3.21 
GMAX 15.82 11.09 7.99 
HAM 35.36 38.60 38.59 
BFSH 18.49 5.96 8.67 
GAS – 19.53 13.77 
SOL – 27.90 12.76 
TA – 22.36 9.86 

Total Energy 184.89 222.42 199.16 
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Figure 3.4. Total metabolic rate from all muscles (W) for both the amputee and non-amputee models over the residual and left leg 
gait cycles, respectively.  The metabolic rates of major muscle groups on each leg are also shown.   
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Discussion 
The axial tibio-femoral joint contact impulse was highest in the non-amputee, and 

the intact leg impulse was higher than that of the residual leg.  The reduced residual leg 

knee joint contact force is consistent with previous experimental studies that have shown 

greater GRFs on the intact and non-amputee legs relative to the residual leg (Nolan et al., 

2003; Sanderson and Martin, 1997; Silverman et al., 2008).  Previous research has shown 

that amputees have a greater likelihood of developing osteoarthritis in the intact knee 

joint, and that this may be the result of greater intact leg loading (Burke et al., 1978).  

However, while the intact knee did have a greater knee joint impulse relative to the 

residual leg, it was less than the non-amputee knee impulse.  This result suggests that the 

high prevalence of osteoarthritis in amputees may be due to other biomechanical factors, 

such as increased duration of the load on the intact leg (even though the force magnitude 

and total impulse is lower than non-amputees) or an altered load distribution on the intact 

leg, which may lead to detrimental changes in the intact knee joint over time. 

In the non-amputee, the largest muscle contributions to the joint contact force were 

VAS in early stance and GAS in late stance, which is in agreement with previous 

modeling studies of non-amputee walking (Lin et al., 2010; Sasaki and Neptune, 2010; 

Winby et al., 2009).  HAM was also a large contributor to the non-amputee knee joint 

contact force, primarily in the first half of stance.  VAS was also a major contributor to 

the knee joint contact force in both the residual and intact legs (Fig. 3.3).  HAM was a 

major contributor to the knee joint contact force on both the intact and residual legs, 

which supported our expectation.  The total contribution from HAM to the knee joint 

impulse on the intact and residual legs was similar in magnitude to that of the non-

amputee, contrary to our expectation, but its contribution was prolonged.  Prolonged 

HAM contributions to the residual and intact knee forces were a result of prolonged 

muscle excitation relative to the non-amputee simulation (Fig. 3.5), which has been 

observed in amputee walking (Culham et al., 1986; Isakov et al., 2001; Isakov et al., 
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2000; Pinzur et al., 1991) and also in the amputees simulated in this study (Fey et al., 

2010).   

The non-amputee muscle contributions were similar to the intact leg, where the 

primary contributors were also VAS, HAM and GAS.  The contribution from GAS was 

much greater and the contribution from HAM was slightly smaller in the non-amputee 

simulation.  The differences in muscle contributions to the knee joint contact impulse 

between the intact and non-amputee legs highlight how different muscle activation 

patterns can affect joint loading (Figs. 3.3, 3.5).  Specifically, the non-amputee lateral 

gastrocnemius had a greater excitation than that of the intact leg in late stance, and 

therefore contributed more to the axial knee joint force during this period.  Similarly, the 

intact leg hamstring excitations were more prolonged than those in the non-amputee 

simulation, which explains why the muscle contributions to the knee joint contact force 

were also prolonged.   
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Figure 3.5. Simulated muscle excitation patterns compared with experimental EMG.  
The experimental average EMG pattern is shown ± one standard deviation 
(SD, grey band) for the vastus lateralis, biceps femoris long head and medial 
gastrocnemius.  The simulated excitation patterns are shown for all muscles 
within the VAS, HAM and GAS groups.  For the VAS group, the vastus 
lateralis and intermedius (blue line) and the vastus medialis (green line) 
excitations are shown.  For the HAM group the biceps femoris long head 
(blue line), semimembranosus (magenta line), semitendinosis (green line) 
and gracilis (red line) excitations are shown.  For the GAS group, the medial 
gastrocnemius (blue line) and lateral gastrocnemius (green line) excitations 
are shown.  
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Muscles that did not cross the ankle joint also contributed to the knee joint contact 

impulses through dynamic coupling and their contributions to the GRF, which has been 

shown previously (Sasaki and Neptune, 2010).  For example, SOL contributed positively 

to the knee joint contact force in late stance on both the intact and non-amputee legs.  

GMED also contributed in all three simulations (Table 3.3).  On the residual leg, the 

prosthesis contributed largely to the knee joint contact force through its contribution to 

the ground reaction force.  However, the prosthesis’ contribution on the residual leg was 

less than the ankle muscles on the intact and non-amputee legs.  The overall smaller 

residual leg contact force partly resulted because there was no contribution from the 

gastrocnemius, which was a major contributor in the other legs.  However, a reduced load 

on the residual leg may also result from other factors, such as comfort in the prosthesis or 

to avoid pain in the residual leg (e.g., Ephraim et al., 2005).   

Overall, the values of the knee joint contact force in these simulations are higher than 

what would be expected based on experimental studies that have measured the knee joint 

forces during walking from an instrumented tibio-femoral implant (D'Lima et al., 2008; 

Zhao et al., 2007) and previous simulation studies that estimate the loads at the knee joint 

(Kim et al., 2009; Lin et al., 2010; Sasaki and Neptune, 2010; Shelburne et al., 2006).  

The joint contact force predictions were closer to the values measured in a recent study of 

five subjects with instrumented knee implants (Kutzner et al., 2010), which reported a 

peak range of the knee joint contact force during level walking between 200 and 300 

%BW.  However, experimental studies that have directly measured knee joint loads may 

be difficult to generalize to a larger group because of the small number of subjects who 

have undergone knee surgery and are elderly.  In addition, many of these studies are 

limited to one subject, and Kutzner et al (2010) reported a large variation in knee loads 

across five subjects as well as in an individual subject across trials.  While the total knee 

joint contact forces in the amputee and non-amputee simulations may be higher than 

expected, the relative loads between legs and individual muscle contributions to the knee 

joint loads still provide important insight into knee loading in amputee gait.   
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A limitation to this study is that only the net knee joint contact force was calculated 

and the knee was modeled as a revolute joint, which was not completely representative of 

the structure and motion of the human knee joint.  Previous work has compared loading 

in the medial and lateral compartments of the knee in non-amputees and found higher 

loads in the medial compartment compared to the lateral compartment (Shelburne et al., 

2006; Zhao et al., 2007).  Future work applying similar models to amputee walking may 

further improve the understanding of joint loading in the medial and lateral compartments 

and possible mechanisms of osteoarthritis development in amputees.   

The amputee simulations resulted in a greater metabolic rate than the non-amputee 

simulation, even though the residual leg of the amputee model did not include the 

metabolic cost associated with the 7 muscles that cross the ankle joint in the intact and 

non-amputee legs.  This result is consistent with previous studies that showed greater 

metabolic cost from amputees compared to non-amputees (Gailey et al., 1994; Genin et 

al., 2008; Houdijk et al., 2009; Hunter et al., 1995; Schmalz et al., 2002; Waters et al., 

1976).  The higher metabolic rate was due to both residual and intact leg muscles.  

Specifically, the residual leg GMAX, GMED, VAS and BFSH and the intact leg VAS 

and ankle muscles had higher metabolic cost compared to the non-amputee simulation.  

These increased costs were due to greater mechanical work as well as thermal energy 

expenditure (Figs. 3.6-3.7).   

The higher cost of walking in the amputees relative to non-amputees was consistent 

with previous measurements.  Houdijk et al. (2009) reported rates of 3.34 W/kg for 

amputees and 2.73 W/kg for non-amputees walking at 1.3 m/s, which were lower rates 

than in the present study.  In contrast, Hunter et al. (1995) reported a metabolic rate of 

5.52 W/kg and 4.55 W/kg for amputees and non-amputees, respectively, walking at 1.34 

m/s, which are higher than the amputees in the present study.  When comparing these 

results, it is important to note that energy consumption due to other biological processes 

(i.e., not due to leg muscles), was not included in the metabolic cost model.  However, 

energy cost associated with other biological processes is expected to be similar between 

amputees and non-amputees, and so the relative differences between amputees and non-
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amputees would still be similar.  Even though experimental metabolic data was not 

available for these subjects, the present study clearly shows that amputees have a higher 

cost of walking compared to non-amputees, and that this higher cost is largely a result of 

necessary compensatory muscle coordination patterns as a result of the loss of the ankle 

muscles.   
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Figure 3.6. Thermal and work rates of the residual GMAX, GMED, VAS and BFSH 
compared to the non-amputee over the residual (left) leg gait cycle. Only the 
positive work rate of a muscle is shown.  Note that only a positive work rate 
contributes to the metabolic cost of a muscle.  
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Figure 3.7. Thermal and work rates of the intact leg VAS, SOL and TA compared to the 
non-amputee over the residual (left) leg gait cycle. Only the positive work 
rate of a muscle is shown.  Note that only a positive work rate contributes to 
the metabolic cost of a muscle.  
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Conclusion 
This study examined the knee joint contact forces and metabolic cost in both amputee 

and non-amputee walking.  The amputee simulation showed a reduced residual leg knee 

joint contact impulse relative to both the intact and non-amputee legs.  Surprisingly, the 

intact leg knee joint contact force was less than that of the non-amputee force, suggesting 

that the increased prevalence and early onset of osteoarthritis in the intact knee joint may 

not be due to increased loading.  The amputee simulation also resulted in a higher 

metabolic cost of walking compared to the non-amputee simulation, consistent with 

previous results.   

Individual muscle contributions to the knee joint contact forces and the metabolic 

cost were also investigated.  The higher knee joint contact force in the non-amputee 

simulation was due to a higher contribution from the gastrocnemius.  Other major muscle 

contributions to the knee joint force on all three legs were the hamstrings and vasti 

muscles.  The prosthesis also contributed substantially to the knee joint force on the 

residual leg.  The higher metabolic cost for amputee walking was due to both residual and 

intact leg muscles, including the residual leg gluteus maximus, gluteus medius, vasti, and 

biceps femoris short head and the intact leg vasti and ankle muscles.  The higher cost 

associated with these muscles was largely due to compensatory mechanisms in the 

absence of the residual leg ankle muscles.  Thus, this study has quantified muscle 

contributions to joint loading and metabolic cost in amputees and therefore provided 

insight into the mechanisms that may lead to the development of osteoarthritis and 

contribute to a higher metabolic cost of walking in amputees.   
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Chapter 4: Differences in Three-Dimensional Angular Momentum 
Between Below-Knee Amputees and Non-Amputees Across Walking 

Speeds 

Introduction  
The regulation of whole-body angular momentum is important for preventing falls 

and recovering from trips in human locomotion (e.g., Pijnappels et al., 2004). Previous 

studies have suggested that larger values of angular momentum indicate reduced stability 

(e.g., Simoneau and Krebs, 2000).  In addition, previous experimental studies have shown 

that the ankle muscles are important in the regulation of angular momentum (Pijnappels 

et al., 2005a) and that individuals with a history of falls have reduced ankle plantar flexor 

output (LaRoche et al., 2010). For example, when recovering from a trip, fallers have a 

reduced peak ankle plantar flexor moment relative to non-fallers, which limits their 

ability to restrain their forward angular momentum in the sagittal plane (Pijnappels et al., 

2005a).  In addition, a simulation analysis of non-amputee walking showed that the 

soleus, gastrocnemius and tibialis anterior are important muscles in regulating sagittal 

plane angular momentum throughout the stance phase (Neptune and McGowan, 2010).  

Thus, below-knee amputees may have difficulty regulating their angular momentum 

because of the functional loss of the ankle muscles, which may explain why they have an 

increased risk of falling relative to non-amputees (Miller et al., 2001).   

The net external moment on the body, which is a function of the ground reaction 

forces (GRFs) and foot placement (Fig. 4.1), equals the time rate of change of whole-

body angular momentum.  Unilateral amputees often have asymmetric step lengths (Barth 

et al., 1992; Underwood et al., 2004; Zmitrewicz et al., 2006), COP trajectories (Hansen 

et al., 2004), and GRFs (Nolan et al., 2003; Sanderson and Martin, 1997; Silverman et al., 

2008) between the intact and residual legs.  Thus, the external moment on the body and 

corresponding angular momentum during amputee walking would likely be different 

compared to non-amputees and influence how they regulate their angular momentum 

over the gait cycle.  However, no study has examined whole-body angular momentum in 

amputees.   
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The purpose of this study was to identify differences in 3D whole-body angular 

momentum between below-knee amputees and non-amputees over a range of steady-state 

walking speeds. We analyzed angular momentum across different walking speeds to 

further highlight differences between amputees and non-amputees, as angular momentum 

has been shown to vary with walking speed (Bennett et al., 2010).  Due to the 

asymmetries in amputee ground reaction forces and foot placement, we expected that the 

range of angular momentum would be greater in amputees compared to non-amputees at 

all walking speeds, which may help explain their increased risk of falling.  

Methods 
Data collection methods have been previously described in detail (Silverman et 

al., 2008) and are briefly given here.  Kinematic and kinetic data were collected from 12 

unilateral, below-knee amputees and 10 non-amputees (Table 4.1).  Additional subject 

characteristics are provided in Appendix A.  The subjects gave their informed consent for 

the experimental protocol approved by the institutional review boards of The University 

of Texas at Austin and the South Texas VA Medical Center.  Kinematic data were 

collected using an eight-camera motion capture system (Vicon, Oxford Metrics) and a 

cluster marker set at 120 Hz. GRF data were collected at 1200 Hz using four force plates 

(Advanced Mechanical Technology, Inc.) mounted in-series in a 10-m walkway. Subjects 

walked overground at four randomly-ordered walking speeds (0.6, 0.9, 1.2 and 1.5 m/s).  

Data were collected until a minimum of five force plate hits per foot were collected at 

each walking speed ± 0.06 m/s.   

Table 4.1. Mean (SD) subject characteristics for amputees and non-amputees.   

Age (years) Body Mass (kg) Body Height (m) 
Time Since 

Amputation (years) 
Amputees 46.3 (9.2) 89.3 (18.5) 1.76 (0.1) 5.4 (3.1) 

Non-amputees 34.1 (13.0) 70.9 (13.6) 1.76 (0.1) 
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Data were processed using Visual3D (C-Motion, Inc.). Kinematic marker 

trajectories and GRF data were low-pass filtered with a fourth-order Butterworth filter 

with a cutoff frequency of 6 Hz and 20 Hz, respectively. GRF data were normalized by 

body weight and step lengths and widths were normalized by body height.  An eight-

segment model was used to find the center of mass (COM) location and velocity of each 

body segment including the pelvis, torso and left and right thighs, shanks and feet. The 

mass of each segment was estimated as a percentage of total body mass (Table 4.2, 

Dempster and Aitkens, 1995).  The moments of inertia and COM locations of each body 

segment were estimated by assuming specific geometric shapes for each body segment 

and specifying proximal and distal ends of the segment with both medial and lateral 

markers (Table 4.2).  The mass and COM location of the shank on the residual leg were 

modified for the amputee subjects (Mattes et al., 2000).   
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Table 4.2. Mass percentage, geometry, and proximal and distal markers for each body segment in the model.  For the thighs, 
the distance from the greater trochanter to the hip joint center was measured rather than using a medial marker.   

 
Segment % of Total 

Body Mass Geometry Proximal Lateral Maker Proximal Medial Marker Distal Lateral Marker Distal Medial Marker 

Torso 35.5 Cylinder Right Acromion Process Left Acromion Process Right Iliac Crest Left Iliac Crest 

Pelvis 14.2 Cylinder Right Iliac Crest Left Iliac Crest Right Greater Trochanter Left Greater Trochanter 

Thigh 10 Cone Greater Trochanter  Lateral Femoral Condyle Medial Femoral Condyle 

Shank 4.65 Cone Lateral Femoral Condyle Medial Femoral Condyle Lateral Malleolus Medial Malleolus 

Foot 1.45 Cone Lateral Malleolus Medial Malleolus Fifth Metatarsal Head First Metatarsal Head 
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Whole-body angular momentum about the COM was determined as:  

 

 ∑   (4.1) 

 

where ,  and  are the position, velocity and angular velocity vectors of the i-

th segment’s COM in the laboratory coordinate system,  and  are the position 

and velocity vectors of the body COM in the laboratory coordinate system, mi and Ii are 

the mass and moment of inertia of each body segment, and n is the number of body 

segments (Eq. 4.1).  

Angular momentum was normalized by body mass (kg), walking speed (m/s) and 

body height (m) and then expressed as a percentage of the residual and left leg gait cycle 

for amputees and non-amputees, respectively. Trials were then averaged at each speed for 

each subject. Frontal plane angular momentum was defined about the X axis, transverse 

plane angular momentum was defined about the Y axis, and sagittal plane angular 

momentum was defined about the Z axis (Fig. 4.1).   
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Figure 4.1. Model viewed from the sagittal and frontal planes.  Fontal plane angular 
momentum was defined about the X axis, transverse plane angular 
momentum defined about the Y axis, and sagittal plane angular momentum 
defined about the Z axis.  The ground reaction forces (GRFs) and foot 
placement contribute to the external moment about the body center of mass 
(COM), which equals the time rate of change of whole-body angular 
momentum.  

 

The range of angular momentum, defined as the peak-to-peak amplitude, was 

compared between groups and across speeds using two-factor ANOVAs. The first 

between-subjects factor (group) had two levels: amputee and non-amputee. The second 

within-subjects factor (speed) had four levels: 0.6, 0.9, 1.2 and 1.5 m/s. When significant 

differences were found, pair-wise comparisons using a Bonferroni adjustment for 

multiple comparisons were performed to determine which conditions were significantly 

different (α=0.05).  The range of sagittal plane angular momentum was examined during 
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the first and second halves of the residual (left) leg gait cycle for amputees (non-

amputees).  Peak 3D GRF, step length and step width values were compared in a similar 

manner between amputees and non-amputees, as these quantities directly affect the 

external moment about the COM and therefore the time rate of change of angular 

momentum (Fig. 4.1).  To identify the biomechanical variables that were the most 

strongly correlated with observed differences in angular momentum, Pearson correlation 

analyses were performed between the range of angular momentum and the biomechanical 

variables that were significantly different between the amputee and non-amputee groups.  

Results 
 

Frontal Plane 

In the frontal plane, there were significant group (p=0.008), speed (p<0.001) and 

group  speed (p=0.005) interaction effects in the range of angular momentum (Figs. 

4.2-4.3).  The range of angular momentum was larger in amputees compared to non-

amputees at 0.6, 0.9 and 1.2 m/s (p≤0.013) and decreased as walking speed increased for 

both amputees and non-amputees (p≤0.022).   

Because of the differences in the range of angular momentum, additional 

statistical tests were performed on the peak vertical and medial/lateral (M/L) GRFs and 

step width (Fig. 4.4, Table 4.3, Appendix E), as these quantities contribute to the time 

rate of change of angular momentum in the frontal plane (Fig. 4.1).  Of these quantities, 

the second residual leg vertical peak GRF, had significant group (p<0.001), speed 

(p<0.001), and group  speed interaction effects (p=0.002) with the non-amputees (Fig. 

4.4).  The residual leg peak was less than the non-amputees at all walking speeds 

(p≤0.002).  The second intact leg and non-amputee vertical GRF peaks had significant 

group (p<0.001) and speed (p<0.001) effects (Fig. 4.4).  The second intact leg vertical 

GRF peak was less than the non-amputee peak at all walking speeds (p≤0.001).   

Pearson correlation analyses were performed between the range of frontal plane 

angular momentum and the second vertical GRF peaks.  There was a negative correlation 
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between with the second residual leg GRF peak at 1.2 and 1.5 m/s only (-0.44 ≤ r ≤ -0.43, 

p≤0.044), although the correlation approached significance at 0.9 m/s (r=-0.375, 

p=0.086).  Similarly, the range of frontal plane angular momentum and the second intact 

leg vertical GRF peak were correlated at 0.9 and 1.5 m/s (-0.520 ≤ r ≤-0.429, p≤0.047), 

and approached significance at 0.6 (r=-0.366,  p=0.094) and 1.2 m/s (r=-0.421, p=0.051).   

 

Transverse Plane 

In the transverse plane, the range of angular momentum had a significant speed 

effect only (p<0.001, Figs. 4.2-4.3), which decreased between 0.6 and 0.9 m/s (p<0.001) 

and between 0.9 and 1.2 m/s (p=0.004).  However, there was no significant difference 

between the amputee and non-amputee groups. 

 

Sagittal Plane 

There were differences in the range of sagittal plane angular momentum between 

amputees and non-amputees across speeds (Figs. 4.2-4.3) in both halves of the gait cycle. 

In the first half of the gait cycle, there were significant group (p=0.002), speed (p<0.001) 

and group  speed interaction (p<0.001) effects on the range of angular momentum 

(Figs. 4.2-4.3). The range was larger in the amputees compared to non-amputees at 0.9, 

1.2 and 1.5 m/s (p≤0.004). In the second half of the gait cycle, there were significant 

group (p<0.001), speed (p<0.001), and group  speed interaction (p=0.002) effects on 

the range of sagittal plane angular momentum (Figs. 4.2-4.3). The range was smaller in 

the amputees compared to non-amputees at all four walking speeds (p<0.001), resulting 

in a more negative (forward) angular momentum in amputees during this region. In both 

halves of the gait cycle, the range of angular momentum decreased with each increase in 

walking speed for both amputees and non-amputees (p≤0.014).  

The anterior/posterior (A/P) and vertical GRFs and step length contribute to the 

time rate of change of sagittal plane angular momentum (Fig. 4.1).  In addition to the 

differences found in the second vertical GRF peaks between groups, there were 

significant group (p<0.001), speed (p<0.001) and group  speed interaction (p<0.001) 
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effects when comparing the residual leg and non-amputee peak braking GRF (Fig. 4.4).  

The residual leg peak braking GRF was less than the non-amputees at all walking speeds 

(p≤0.011).  The residual leg peak propulsion GRF also had significant group (p<0.001), 

speed (p<0.001) and group  speed interaction (p<0.001) effects (Fig. 4.4), and was less 

than the non-amputee braking GRF at all walking speeds (p<0.001).  The intact peak 

propulsion GRF had significant speed (p<0.001) and group (p=0.007) effects (Fig. 4.4), 

with a smaller intact leg peak propulsion GRF at 0.6, 0.9 and 1.5 m/s compared to the 

non-amputee group (p≤0.023).  The residual and intact leg step lengths were not different 

from the non-amputee step length (Table 4.3).   

For the first half of the residual (left) leg gait cycle, correlation analyses were 

performed with the peak residual (left) leg braking GRF and the range of sagittal plane 

angular momentum.  A significant correlation was found for 0.9, 1.2 and 1.5 m/s (0.63 ≤ r 

≤ 0.71, p≤0.002).  There was also a correlation between the range of sagittal plane 

angular momentum and the second intact leg vertical GRF peak at all walking speeds 

(0.546 ≤ r ≤ 0.691, p ≤ 0.009).  In the second half of the residual (left) leg gait cycle, the 

range of angular momentum and the peak residual (left) leg propulsive GRF were 

correlated at each walking speed (0.57 ≤ r ≤ 0.78, p≤0.006).   

 

Table 4.3. Mean amputee and non-amputee step lengths and widths (SD) normalized 
by body height at all walking speeds.   

Walking 
Speed (m/s) 

Non-amputee 
Step Length 

Residual Leg 
Step Length 

Intact Leg 
Step Length 

Non-amputee 
Step Width 

Amputee 
Step Width 

0.6 0.284 (0.021) 0.276 (0.026) 0.268 (0.033) 0.092 (0.020) 0.109 (0.017) 
0.9 0.348 (0.035) 0.348 (0.027) 0.332 (0.029) 0.066 (0.017) 0.076 (0.011) 
1.2 0.395 (0.044) 0.401 (0.021) 0.376 (0.028) 0.068 (0.015) 0.073 (0.011) 
1.5 0.448 (0.050) 0.447 (0.018) 0.413 (0.030) 0.068 (0.014) 0.072 (0.008) 
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Figure 4.2. Mean normalized angular momentum (H) for amputee and non-amputee 
subjects.  Angular momentum was normalized by body mass, body height and walking 
speed.   
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Figure 4.3. Mean range of normalized sagittal plane angular momentum (H) ± one 
standard deviation in three dimensions.  There were significant group, speed 
and interaction effects in the range of angular momentum in the frontal and 
sagittal planes.  Significant differences between the amputee and non-
amputee groups are indicated with an open circle (○).   
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Figure 4.4. Mean anterior/posterior (A/P), vertical and medial/lateral (M/L) ground 
reaction forces (GRFs) for amputees and non-amputees at all walking 
speeds, normalized to the residual and left leg gait cycles, respectively.  The 
GRF quantities are normalized by body weight (BW).  The heavier lines 
indicate the intact leg.   

 

Discussion 
The purpose of this study was to investigate differences in 3D whole-body 

angular momentum between amputees and non-amputees across increasing steady-state 

walking speeds.  The range of angular momentum decreased in all directions for both 

amputees and non-amputees as walking speed increased, which was consistent with 

previous non-amputee results (Bennett et al., 2010).  However, there were significant 

group  speed interaction effects in the range of frontal and sagittal plane angular 
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momentum.  There were also group  speed interaction effects in the GRFs between 

amputees and non-amputees across walking speeds, which was consistent with previous 

amputee walking studies (Nolan et al., 2003; Sanderson and Martin, 1997; Silverman et 

al., 2008), suggesting that amputees modulate their GRFs across walking speeds 

differently than non-amputees.  The time rate of change of angular momentum is 

dependent on the GRFs; therefore, the interaction effect on the range of angular 

momentum across walking speed is consistent with the GRF analysis.   

In the frontal plane, amputees had a greater range of angular momentum 

compared to non-amputees at 0.6, 0.9 and 1.2 m/s.  In the first half of the residual (left) 

leg gait cycle, the time rate of change in frontal plane angular momentum, and therefore 

the frontal plane external moment, was generally positive, and in the second half was 

generally negative.  A more positive external moment could result from a greater residual 

(left) leg vertical GRF, a reduced intact (right) leg vertical GRF, a smaller residual leg 

M/L GRF or a larger intact leg M/L GRF.  A larger amputee step width may also act to 

increase the positive external moment during the first half of the gait cycle.  There were 

no differences in M/L GRFs or step width between the amputees and non-amputees.  

However, a significantly smaller second intact leg vertical GRF peak was seen compared 

to non-amputees.  In addition, the second intact leg vertical GRF peak had a significant 

negative correlation with the range of frontal plane angular momentum at 0.9 and 1.5 

m/s.  Similarly, in the second half of the residual leg gait cycle, a more negative time rate 

of change of angular momentum would result from a reduced residual leg vertical GRF, 

which was smaller compared to non-amputees at all walking speeds and had a negative 

correlation with the range of angular momentum at 1.2 and 1.5 m/s.  Thus, the greater 

range of amputee frontal plane angular momentum may be a result of the reduced intact 

leg vertical GRF early in the residual leg gait cycle, and the reduced residual leg vertical 

GRF during the second half of the residual leg gait cycle.   

In the first half of the residual leg gait cycle, the range of sagittal plane angular 

momentum was higher in amputees compared to non-amputees at the three highest 

walking speeds.  At the beginning of the residual leg gait cycle, the residual leg is 
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anterior to the body COM and provides braking, while the intact leg is posterior to the 

body COM and provides propulsion.  Reduced residual leg braking would act to decrease 

the negative external moment on the body, and therefore increase the positive rate of 

change in angular momentum.  The amputee subjects had reduced residual leg peak 

braking relative to non-amputees at all walking speeds, and peak residual leg braking was 

significantly correlated with the range of sagittal plane angular momentum at the three 

highest speeds.  Alternatively, in the first half of the residual leg gait cycle, a larger intact 

leg propulsive GRF, a larger residual leg vertical GRF or a smaller intact leg vertical 

GRF could also result in a greater range of angular momentum in amputees compared to 

non-amputees.  However, the residual leg vertical GRF was not larger than the non-

amputees, which was consistent with previous results (Sanderson and Martin, 1997).  In 

addition, intact leg propulsion was not found to be greater relative to the non-amputees.  

The intact leg second vertical GRF peak was reduced compared to non-amputees, but had 

a significant positive correlation, rather than a negative correlation, with the range of 

angular momentum.  Thus, of the different GRF components, reduced residual leg 

braking appears to be the most likely mechanism for the greater range of sagittal plane 

angular momentum in amputees in the first half of the gait cycle.   

The range of sagittal plane angular momentum was smaller in amputees compared 

to non-amputees in the second half of the gait cycle at all walking speeds.  During this 

region, the residual leg provides propulsion and is posterior to the body COM, while the 

intact leg provides braking and is anterior to the body COM.  A reduced propulsive GRF 

from the residual leg would decrease the positive external moment on the body and 

corresponding positive rate of change in angular momentum. The amputees had reduced 

residual leg peak propulsion (Fig. 4.4) compared to the non-amputees, which is consistent 

with previous studies (Arya et al., 1995; Sanderson and Martin, 1997; Silverman et al., 

2008; Zmitrewicz et al., 2006). Other components of the ground reaction force could also 

contribute to a more negative net external moment in the second half of the residual leg 

gait cycle, such as a larger residual leg vertical GRF, a smaller intact leg vertical GRF or 

a larger intact leg braking GRF.  However, these differences were not seen in our 
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amputee subjects.  Thus, it appears reduced residual leg propulsion is the most likely 

mechanism for the smaller range of angular momentum in the amputees in the second 

half of the gait cycle.   

Foot placement can also affect angular momentum (Pijnappels et al., 2005a; 

Pijnappels et al., 2005b), and has been shown as a strategy to prevent falls and restore 

balance (Pijnappels et al., 2005a).  Amputees often have a greater residual leg step length 

compared to the intact leg (Barth et al., 1992; Underwood et al., 2004; Zmitrewicz et al., 

2006), which would result in a greater moment arm for the residual leg GRF about the 

COM in the first half of the residual leg gait cycle, and increase the positive external 

moment from the residual leg vertical GRF.  However, the residual and intact leg step 

lengths were not found to be significantly different from non-amputees in this study.  

Thus, it appears that residual leg braking is the primary mechanism for the larger range of 

angular momentum in the first half of the gait cycle.  

Whole-body angular momentum has been previously shown to be small and 

highly regulated in non-amputee walking (Bennett et al., 2010; Herr and Popovic, 2008; 

Popovic et al., 2004; Robert et al., 2009).  In amputees, the range of angular momentum 

was greater, and therefore not as tightly regulated, compared to non-amputees in the 

frontal and sagittal planes.  Thus, larger angular momentum may result in a less stable 

gait pattern, which has been suggested previously (Kaya et al., 1998; Rietdyk et al., 2005; 

Simoneau and Krebs, 2000).  In addition, restraining angular momentum is important for 

preventing falls (e.g., Pijnappels et al., 2004; Pijnappels et al., 2005b).  Amputees have 

reduced active control at the residual ankle, and the ankle muscles have been shown to be 

important in regulating angular momentum (Neptune and McGowan, 2010) .  Thus, 

reduced control at the residual ankle combined with a greater frontal and sagittal plane 

whole-body angular momentum may explain why amputees have an increased risk of 

falling.   

The results of this study suggest that reduced residual braking is an important 

mechanism to regulate sagittal plane angular momentum over the gait cycle.  Reduced 

propulsion from the residual leg was associated with a more negative angular momentum 
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compared to non-amputees in the second half of the gait cycle.  Therefore, the increased 

range of angular momentum at the beginning of the residual leg gait cycle, which was 

associated with reduced residual leg braking, was necessary to conserve angular 

momentum over the gait cycle.  However, the greater range of angular momentum may 

lead to reduced stability in amputee walking. Therefore, reduced residual leg braking, 

while compensating for reduced residual leg propulsion to regulate whole-body angular 

momentum, may also contribute to a less stable walking pattern in amputees.   

An important limitation in this study is that the movement of the arms was not 

included in the model.  Thus, the resulting angular momentum did not include 

contributions from the arms.  However, previous studies have shown that swinging arms 

contribute mostly to the angular momentum in the transverse plane (Bennett et al., 2010; 

Collins et al., 2009; Herr and Popovic, 2008) and that the contributions of the arms to 

angular momentum in the sagittal and frontal planes during walking are small in 

comparison to other body segments (Bennett et al., 2010; Herr and Popovic, 2008).  

Thus, we do not expect this limitation would significantly affect our results in the sagittal 

and frontal planes.  This limitation may more significantly affect our results in the 

transverse plane, although we expect arm movement between amputees and non-

amputees to be similar, and therefore differences between groups to be minimal. 

Conclusion 
The results of this study highlight the differences in how amputees regulate their 

angular momentum compared to non-amputees over the gait cycle and across walking 

speeds. In the frontal plane, a greater range of angular momentum was found in 

amputees, which was related to a reduced intact leg vertical GRF at the beginning of the 

residual leg gait cycle and a reduced residual leg vertical GRF in the second half of the 

residual leg gait cycle.  Reduced residual leg braking was associated with a greater range 

of sagittal plane angular momentum in the first half of the gait cycle while reduced 

residual leg propulsion was associated with a smaller range of sagittal plane angular 

momentum in the second half of the gait cycle.  Thus, decreased residual leg braking 
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appears to be an important mechanism to regulate sagittal plane angular momentum in 

amputee walking, but was also associated with a greater range of angular momentum that 

may contribute to reduced stability in amputees.  Future work is needed to understand 

angular momentum regulation at the individual muscle level so that rehabilitation 

programs can target specific muscles groups to improve amputee stability.  
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Chapter 5: Conclusion 

Understanding how individual muscles compensate to provide body support, 

forward propulsion, and leg swing-initiation, and contribute to joint loading and 

metabolic cost is important for improving amputee mobility and overall quality of life.  In 

addition, understanding differences in angular momentum between amputees and non-

amputees provides insight into how this quantity is regulated over the gait cycle and why 

amputees have an increased risk of falling.   

This research has provided important information about amputee compensatory 

mechanisms through musculoskeletal modeling and forward dynamics simulations.  In 

Chapter 2, muscle contributions to body support, forward propulsion and leg-swing 

initiation were investigated.  Similar to the non-amputee, the gluteus maximus, gluteus 

medius and vasti muscles contributed to body support in early stance in amputee walking.  

The prosthesis provided needed body support in the absence of the ankle muscles in late 

stance.  The prosthesis also contributed to braking throughout the majority of stance in 

the amputee, and then contributed to body propulsion at the very end of stance.  The 

prosthesis function was in contrast to the ankle plantar flexors on the intact leg and the 

non-amputee, which contributed to body propulsion throughout the second half of stance.  

The prosthesis transferred energy from the leg to the trunk for forward propulsion, but 

absorbed more energy from the leg than it transferred to the trunk.  This had a net effect 

of decelerating the body center-of-mass. To compensate, the amputee utilized the residual 

leg gluteus maximus to generate more energy to the legs.  Both the residual and intact leg 

hamstring muscles also generated energy to the legs throughout stance, which was in 

contrast to the non-amputee hamstrings, which generated energy to the legs primarily in 

early stance.  The amputee also used the residual leg anterior gluteus medius to transfer 

more energy from the legs to the trunk for forward propulsion.  The prosthesis was 

unable to completely replace the function of the gastrocnemius to generate energy to the 

leg during the pre-swing phase.  The amputees instead depended on the biarticular 

hamstrings, the biceps femoris short head and the posterior gluteus medius to deliver 
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necessary energy to the leg for swing initiation.  These results highlight the necessary 

muscle compensations to fulfill the functions of the lost ankle plantar flexors during 

amputee walking.   

In Chapter 3, muscle contributions to knee joint loading and metabolic cost were 

investigated.  Joint loading and metabolic cost are important quantities to consider in 

amputee walking, as amputees have a higher risk of developing osteoarthritis in the intact 

leg knee joint and have a higher metabolic cost of walking relative to non-amputees.  A 

joint contact force decomposition method and metabolic cost model was used to 

determine the net loading and metabolic cost as well as individual muscle contributions 

to these quantities.  A surprising result was that the non-amputee had the largest knee 

joint contact impulse compared to the residual and intact leg knees, with the vasti and 

gastrocnemius having the largest contributions.  The intact leg knee joint impulse was 

greater than the residual leg, and had large contributions from the vasti, hamstrings and 

gastrocnemius.  The residual leg knee joint impulse was the smallest, with the largest 

contributions from the vasti, hamstrings and prosthesis.  The prosthesis contributed 

substantially to the residual leg knee joint force, but did not contribute as much as the 

ankle muscles in the non-amputee simulation.  The smaller residual leg contact force 

partly resulted because there was no contribution from the gastrocnemius and soleus, but 

there may be additional reasons for a reduced load on the residual leg, such as comfort in 

the prosthesis or to avoid pain in the residual leg (e.g., Ephraim et al., 2005).   

The metabolic cost over the gait cycle for the amputee simulation was much 

higher than the non-amputee simulation, even without the cost of the seven muscles that 

cross the ankle joint on the intact leg and in the non-amputee simulation.  The increased 

metabolic cost was largely due to prolonged muscle activation of the residual leg gluteus 

maximus, gluteus medius and hamstring muscles, which were shown in Chapter 2 to 

compensate for the lost ankle muscles.  These results help to explain why amputees have 

a greater cost of walking.  While amputees have a greater cost of walking, much of this 

cost is unavoidable because it is due to muscles that are compensating for the loss of the 

ankle plantar flexors.   
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Whole-body angular momentum was investigated in Chapter 4.  Amputees have a 

greater range of angular momentum in the frontal plane relative to non-amputees, which 

appears to be related to a decreased vertical ground reaction force peak in late stance on 

both the intact and residual legs.  The amputees also had a greater range of sagittal plane 

angular momentum during the first half of residual leg stance and a smaller range of 

sagittal plane angular momentum during the second half of residual leg stance compared 

to non-amputees.  The changes in sagittal plane angular momentum appear to be related 

to decreased braking on the residual leg in early stance, followed by decreased propulsion 

from the residual leg during the second half of the gait cycle.  Amputees have a reduced 

propulsive output, and so must decrease their braking in order to conserve angular 

momentum throughout the gait cycle.  However, this compensation is not necessarily 

desirable, as it results in a greater range of angular momentum early in the gait cycle, and 

likely leads to amputees’ increased risk of falling.   
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Chapter 6: Future Work 

This work can be expanded in several areas.  Muscle compensatory mechanisms 

were identified in Chapter 2, but group average data was simulated.  Modeling and 

simulating individual subjects may elucidate compensatory mechanisms that were not 

apparent in the average experimental data.  A variety of muscle compensations exist in 

the amputee population and identifying these different compensations in patients with 

different levels of mobility has important implications for rehabilitation.  For example, 

compensatory mechanisms can be compared across individuals to determine which 

muscle compensations results in the highest level of mobility, and then targeted in. 

rehabilitation protocols to improve walking ability in individual patients.   

Similarly, subject-specific simulations can provide insight into specific strategies 

that may reduce joint loading asymmetry or the metabolic cost of walking.  Amputees 

exhibit a range of metabolic costs and joint loading asymmetry.  By simulating individual 

subjects, differences in compensatory mechanisms can be compared and that information 

used to train the patients with the highest metabolic cost to use more efficient 

compensatory strategies.  However, it is likely that muscle metabolic cost of amputees 

may never be as low as non-amputees.  Muscle compensations are necessary to perform 

the functions of walking in amputees, as was shown in Chapter 2, and these 

compensations will likely not be as efficient as using the ankle muscles like in non-

amputee walking.   

While muscle contributions to the axial knee joint contact force were identified, 

future work should be directed to model the knee in more detail.  The medial and lateral 

compartments of the knee are subject to different loading conditions, and the medial 

compartment often develops osteoarthritis before the lateral compartment.  

Understanding the loading distribution in the residual and intact leg knees may provide a 

greater understanding of how joint disorders develop in amputees.   

Future modeling and simulation studies should also be directed at investigating 

amputee muscle compensations, joint loading and metabolic cost across a range of 

walking speeds.  Few studies have examined amputees walking across speed, or 



 77 

investigated why amputees prefer a slower self-selected walking speed compared to non-

amputees.  Joint mechanics and muscle coordination patterns have been shown to change 

across walking speed in amputees, and are different from non-amputees.  Metabolic cost 

has also been examined across walking speeds in amputees.  Genin et al. (2008) 

examined both above-knee and below-knee amputees across walking speeds from 0.3 m/s 

to maximum sustained walking speed.  They found that amputee subjects, similar to non-

amputees, also display a parabolic relationship between metabolic cost and walking 

speed.  However, this relationship was shifted such that the minimum cost was increased 

relative to non-amputee subjects and the speed at which the minimum cost occurred 

decreased.  This study suggests that the self-selected walking speed in amputee gait is the 

most efficient walking speed, but it is unclear how specific compensatory strategies used 

by amputees influence this relationship.  Joint loading also varies with walking speed.  As 

speed increases, the dynamics of walking result in larger GRFs, which would lead to 

greater joint forces.  Amputees also often exhibit increased co-contraction about the knee 

joint because of increased and prolonged activity of the vasti and hamstrings muscles, 

which is even greater at slower walking speeds (Fey et al., 2010), and so would act to 

increase the knee joint contact forces at slow speeds.  Thus, residual leg knee joint 

loading may also influence self-selected walking speed.   

The individual muscle contributions to angular momentum should also be 

investigated.  Chapter 4 provided important insight into angular momentum in amputee 

gait by identifying differences between amputees and non-amputees, and how these 

changes may be related to differences in GRFs.  However, individual muscle 

contributions to these changes should also be investigated to understand the causal 

relationships between muscle function and angular momentum.  This analysis can suggest 

which muscles regulate angular momentum over the gait cycle in the absence of the ankle 

muscles, which are normally used to regulate angular momentum in non-amputee 

walking, and rehabilitation programs developed to strengthen and increase the output 

from these muscle groups. In addition, contributions from the prosthesis to angular 
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momentum can also be determined and designs enhanced to better control angular 

momentum.   

Thus, there are many opportunities for future work that have the potential to 

further our understanding of amputee gait mechanics and improve their mobility and 

quality of life through scientifically-based rehabilitation training.   
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Appendix A: Subject Characteristics 

 
Tables A1 and A2 provide individual subject characteristics for the amputee and 

non-amputee subjects in the simulation and experimental studies.  Note that Amputee 

subject 13 could not walk at 1.5 m/s, and so was not included in the experimental or 

simulation analyses.  Amputee subjects 2 and 5 were not included in the angular 

momentum study because of noisy kinematic data.   

 

Table A1. Non-amputee Subject Characteristics 

Subject No. Age 
(years) Gender Height (m) Mass (kg) Self Selected 

Walking Speed (m/s)
1 25 F 1.73 59.87 1.34 
2 24 M 1.77 83.46 1.11 
3 26 M 1.91 74.39 1.51 
4 39 M 1.73 57.15 1.04 
5 23 F 1.55 58.06 1.17 
6 55 M 1.80 65.77 1.32 
7 28 F 1.68 66.45 1.21 
8 43 M 1.87 97.07 1.33 
9 23 M 1.73 61.69 1.66 
10 55 M 1.88 85.28 0.92 

Mean 34.1 1.76 70.92 1.26 
Standard 
Deviation 13.0  0.11 13.61 0.22 
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Table A2. Amputee Subject Characteristics.   

Subject No. Age 
(years) Gender Height (m) Mass (kg) 

Self Selected 
Walking 

Speed (m/s) 

Time from 
Amputation 

(years) 

Amputated 
Leg Diagnosis Prosthesis 

Type 

1 44 M 1.85 74.84 1.49 14 Left Traumatic SACH 
2 40 M 1.83 115.21 1.18 6 Left Traumatic ESAR 
3 37 M 1.79 94.80 0.95 5 Left Traumatic SACH 
4 49 M 1.80 84.37 1.27 5 Left Traumatic ESAR 
5 35 M 1.69 81.65 1.52 8 Right Traumatic ESAR 
6 48 M 1.84 106.14 1.05 3.5 Right Traumatic ESAR 
7 39 F 1.58 79.83 1.07 5 Right Traumatic SACH 
8 28 M 1.93 133.36 1.25 1.5 Left Traumatic ESAR 
9 59 M 1.70 65.32 1.04 5 Left Vascular ESAR 
10 46 M 1.68 85.73 1.17 4 Right Traumatic SACH 
11 42 M 1.78 96.16 0.94 3 Right Traumatic SACH 
12 58 M 1.77 73.48 0.9 7 Right Traumatic ESAR 
13 48 M 1.73 74.84 1.11 12.5 Left Traumatic SACH 
14 57 M 1.75 101.15 1.13 6 Left Vascular ESAR 
15 49 M 1.63 76.20 1.16 5.75 Left Vascular ESAR  

Mean 45.3 1.76 89.54 1.15 6.1 
Standard 
Deviation 8.8  0.09 18.35 0.18 3.3    
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Appendix B: Multiple Regression Analysis of the Prosthesis Torque 
Used in the Musculoskeletal Model 

Three different torque equations were considered, and are shown in Equations 

B1through B3.   

 

          (B1) 

        (B2) 

       (B3) 

 

The coefficients were determined through a multiple regression analysis of the 

experimental ankle angle (θ), angular velocity ( ) and torque (τ). The coefficients are 

provided in Table B1.  Equation B3 resulted in the lowest mean squared error (MSE) and 

the lowest maximum error, and was used in the musculoskeletal model to simulate the 

prosthesis.  The polynomial fit of the ankle torque is compared to the experimental ankle 

torque in Fig. B1.  The mean experimental ankle angle and velocity are also provided in 

Fig. B1.   
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Table B1. Multiple regression coefficients (a0 – a4), mean squared error (MSE) and maximum error between the polynomial 
fit and the average experimental ankle torque.   

Equation 
a0 

(Nm/kg) 
a1 

(Nm/(kg-rad)) 
a2 

(Nms/(kg-rad)) 
a3 

(Nms/(kg-rad2) 
a4 

(Nm/(kg-rad2)) 
MSE 

(Nm/kg) 
Max Error 

(Nm/kg) 
B1 0.269 -5.153 -0.172 - - 0.027 0.333 
B2 0.270 -5.160 -0.058 -1.080 - 0.024 0.257 
B3 0.138 -1.315 -0.060 -1.059 -16.853 0.012 0.174 
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Figure B1. Experimental mean residual ankle torque (Nm/kg), angle (degrees) and 
velocity (degrees/s) ± one standard deviation (SD).  The polynomial fit for 
each of the torque equations is shown compared to the experimental data.  
Equation B3 resulted in the lowest mean squared error over the residual leg 
gait cycle and was used in the amputee musculoskeletal model.   
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Appendix C: Simulation and Experimental Data Comparison 

 
Amputee Residual Leg Stance Simulation 

 

Figure C1. Amputee pelvis and trunk kinematics during residual leg stance.  The 
experimental data is shown as the mean value ± two standard deviations 
(SD).   
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Figure C2. Amputee residual and intact leg kinematics during residual leg stance.  The 
experimental data is shown as the mean value ± two standard deviations 
(SD).   
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Figure C3. Amputee residual and intact leg ground reaction forces (GRFs) in the 
anterior/posterior (A/P), vertical and medial/lateral (M/L) directions during 
residual leg stance.  The experimental data is shown as the mean value ± 
two standard deviations (SD).   
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Amputee Intact Leg Stance Simulation 
 

 

Figure C4. Amputee pelvis and trunk kinematics during intact leg stance.  The 
experimental data is shown as the mean value ± two standard deviations 
(SD).   
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Figure C5. Amputee residual and intact leg kinematics during intact leg stance.  The 
experimental data is shown as the mean value ± two standard deviations 
(SD).   
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Figure C6. Amputee residual and intact leg ground reaction forces (GRFs) in the 
anterior/posterior (A/P), vertical and medial/lateral (M/L) directions during 
intact leg stance.  The experimental data is shown as the mean value ± two 
standard deviations (SD).   
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Non-Amputee Left Leg Stance Simulation 
 

 

Figure C7. Non-amputee pelvis and trunk kinematics during left leg stance.  The 
experimental data is shown as the mean value ± two standard deviations 
(SD). 
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Figure C8. Non-amputee left and right leg kinematics during left leg stance.  The 
experimental data is shown as the mean value ± two standard deviations 
(SD). 
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Figure C9. Non-amputee left and right leg ground reaction forces (GRFs) in the 
anterior/posterior (A/P), vertical and medial/lateral (M/L) directions during 
left leg stance.  The experimental data is shown as the mean value ± two 
standard deviations (SD). 
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Appendix D: Modifications to the Metabolic Cost Model 

The metabolic cost model used in Chapter 3 was based upon the work of 

Umberger et al. (2003) and Umberger (2010). Please see these articles for a complete 

explanation of all constants and terms in the metabolic equations.  The data supplement 

for Umberger (2010) has modifications to the original model presented in Umberger et al. 

(2003).  In the present study, the metabolic cost model was modified to account for 

differences in the percentage of slow-twitch and fast-twitch fibers that are recruited at 

varying activation levels.  In the updated model, the metabolic energy rate was computed 

by assuming that all slow-twitch fibers were recruited before the fast-twitch fibers.  

  
Nomenclature 

A  activation scaling factor 
AAM FT  activation/maintenance heat rate scaling factor for fast-twitch fibers 

  activation/maintenance heat rate scaling factor for slow-twitch fibers 
  shortening heat rate scaling factor for fast-twitch fibers 
  shortening heat rate scaling factor for slow-twitch fibers 

ACT  muscle activation 
CE  contractile element 

  rate of muscle metabolic energy expenditure 
  contractile element force 
  scaled contractile element force-length curve 

%   percentage of fast-twitch fibers in the muscle 
  combined activation and maintenance heat rates 

  shortening/lengthening heat rate 
  contractile element length 

 optimal contractile element length 
m  muscle mass 
S  aerobic/anaerobic scaling factor 
STIM  muscle excitation 

  absolute contractile element velocity 
  contractile element velocity scaled to LCE(OPT) 

  shortening heat rate coefficient for fast twitch fibers 
  shortening heat rate coefficient for slow twitch fibers 

  lengthening heat rate coefficient 
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The activation scaling factor, A, depends on the muscle excitation (STIM) and the 

muscle activation (ACT).  The activation scaling factor accounts for the rapid increase 

and slow decay of heat produced at the beginning and the end of muscle excitation 

(Equation D1).   

 

  
/2   (D1) 

 
Mass-Specific Activation/Maintenance Heat Rate 

The activation/maintenance heat rate combines the activation heat rate (associated 

with ion transport) and the maintenance heat rate (associated with actin/myosin 

interactions).  The activation scaling factor, A, has exponent of 0.6 that increases the 

activation/maintenance heat at low activations.  The activation scaling factor used in 

Chapter 3 was altered based on fiber type.  Because only slow-twitch muscle fibers are 

recruited at low activations, this exponent is only applied to the scaling factor for slow-

twitch fibers,   (Equation D2).   

 

AAM ST 1 %FT .
      (D2) 

AAM FT A 1 %FT       (D3) 

 

When the muscle activation is below the percentage of slow-twitch fibers, only 

slow-twitch fibers are recruited and the corresponding activation/maintenance heat is 

calculated.  However, when the muscle activation exceeds the percentage of slow-twitch 

fibers, all of the slow-twitch fibers are recruited, and the remaining activation (past the 

total percentage of slow-twitch fibers) recruits the fast-twitch fibers in the muscle 

(Equation D4).  Thus, the partition of muscle activation between slow-twitch and fast-

twitch fibers is different than the original model (Umberger et al., 2003).  The 

recruitment scheme is as follows: 
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hAM
25 A . if   1 %

25 AAM ST 153 AAM FT if   1 %  (D4) 

 

Mass-Specific Shortening/Lengthening Heat Rate 

The shortening/lengthening heat rate is associated with actin/myosin interaction.  

An exponent of 2.0 is included when the muscle shortens, because the shortening heat 

rate is reduced at low activation levels.  This exponent is applied to both slow-twitch and 

fast-twitch fibers, as in the original model (Equations D5-D6). 

 

AS ST 1 %FT .
      (D5) 

AS FT A  1 %FT .
     (D6) 

 

Similar to the activation/maintenance heat, when the activation is below the 

percentage of slow-twitch fibers in the muscle, the shortening heat rate is only associated 

with slow-twitch fibers.  At activation levels that exceed the percentage of slow-twitch 

fibers, the activation level above the percentage of slow-twitch fibers is associated with 

fast-twitch fibers.  When the muscle length is less than the optimal fiber length, the 

following expressions of the shortening/lengthening heat rate apply (Equations D7-D8).  

The cost when the muscle shortens uses the changed values of AS ST  and AS FT  to 

account for the order in which muscle fibers are recruited (Equation D7).  The cost 

associated with lengthening does not change.   

 

if  

if    VCE 0    

hSL
αS ST VCEA . if   1 %

αS ST VCEAS ST  αS FT VCEAS FT if   1 %  (D7) 
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if VCE 0 

hSL αLVCEAS       (D8) 

 

If the muscle fiber length is greater than the optimal fiber length, the expressions for 

the shortening/lengthening heat rate are scaled by FISO, which ensures that the energy rate 

only includes a cost based on the active (contractile element) force (Equations D9-D10).   

 
if  

if    VCE 0 

hSL

αS ST VCEA FISO if   1 %

αS ST VCEAS ST  αS FT VCEAS FT FISO if   1 % (D9) 

if VCE 0 

hSL αLVCEASFISO       (D10) 

 

Mass-Specific Work Rate 

The mass-specific work rate is unchanged from the original model, and is the force of 

the contractile element in the Hill muscle model multiplied by the velocity of the 

contractile element divided by the mass of the muscle (Equation D11).  The negative sign 

is necessary because shortening velocity is defined as negative in the model and is 

opposite in sign to the muscle force.  The negative sign assures that when a muscle 

shortens, it produces positive work.   

 

wCE
FCEVCE       (D11) 
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Total Mass-Specific Energy Rate 

Thus, the total mass-specific energy rate is given in Equation D12.  The total energy 

rate equation is then multiplied by the mass of a muscle to get the energy rate for each 

muscle in the model.   

 

E hAMS hSLS wCE     if VCE 0
hAMS hSLS     if VCE 0

  (D12) 
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Appendix E: Mean Spatial and Temporal Parameters 

The following tables provide the mean and standard deviation (SD) of various 

temporal and spatial parameters for both the amputee and non-amputee subjects at fixed 

walking speeds and their self-selected walking speed (SSWS).   

Table E1. Mean (SD) non-amputee stance time. 

Speed (m/s) Left Leg Stance Time (s) Right Leg Stance Time (s) 
0.6 1.100 (0.072) 1.091 (0.079) 
0.9 0.870 (0.052) 0.869 (0.067) 
1.2 0.735 (0.056) 0.732 (0.053) 
1.5 0.639 (0.049) 0.636 (0.043) 

SSWS 0.710 (0.089) 0.709 (0.088) 
 

Table E2. Mean (SD) amputee stance time. 

Speed (m/s) Residual Leg Stance Time (s) Intact Leg Stance Time (s) 
0.6 1.055 (0.104) 1.117 (0.116) 
0.9 0.851 (0.062) 0.885 (0.068) 
1.2 0.712 (0.048) 0.739 (0.062) 
1.5 0.623 (0.043) 0.639 (0.053) 

SSWS 0.747 (0.071) 0.771 (0.083) 
 

Table E3. Mean (SD) non-amputee swing time. 

Speed (m/s) Left Leg Swing Time (s) Right Leg Swing Time (s) 
0.6 0.509 (0.052) 0.517 (0.047) 
0.9 0.468 (0.040) 0.471 (0.037) 
1.2 0.425 (0.030) 0.425 (0.029) 
1.5 0.422 (0.078) 0.396 (0.029) 

SSWS 0.418 (0.027) 0.415 (0.030) 
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Table E4. Mean (SD) amputee swing time. 

Speed (m/s) Residual Leg Swing Time (s) Intact Leg Swing Time (s) 
0.6 0.518 (0.070) 0.457 (0.055) 
0.9 0.480 (0.053) 0.444 (0.044) 
1.2 0.435 (0.047) 0.405 (0.047) 
1.5 0.391 (0.038) 0.375 (0.027) 

SSWS 0.439 (0.047) 0.414 (0.031) 
 

Table E5. Mean (SD) non-amputee step time. 

Speed (m/s) Left Leg Step Time (s) Right Leg Step Time (s) 
0.6 0.806 (0.046) 0.800 (0.051) 
0.9 0.672 (0.044) 0.671 (0.043) 
1.2 0.578 (0.032) 0.580 (0.041) 
1.5 0.518 (0.033) 0.517 (0.036) 

SSWS 0.563 (0.051) 0.562 (0.059) 
 

Table E6. Mean (SD) amputee step time. 

Speed (m/s) Residual Leg Step Time (s) Intact Leg Step Time (s) 
0.6 0.790 (0.099) 0.785 (0.079) 
0.9 0.670 (0.064) 0.659 (0.050) 
1.2 0.575 (0.048) 0.569 (0.041) 
1.5 0.510 (0.040) 0.504 (0.037) 

SSWS 0.599 (0.065) 0.587 (0.049) 
 

Table E7. Mean (SD) non-amputee step length. 

Speed (m/s) Left Leg Step Length (m) Right Leg Step Length (m) 
0.6 0.487 (0.027) 0.496 (0.019) 
0.9 0.598 (0.039) 0.605 (0.035) 
1.2 0.681 (0.049) 0.683 (0.053) 
1.5 0.771 (0.057) 0.778 (0.057) 

SSWS 0.698 (0.078) 0.706 (0.087) 
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Table E8. Mean (SD) amputee step length. 

Speed (m/s) Residual Leg Step Length (m) Intact Leg Step Length (m) 
0.6 0.491 (0.051) 0.472 (0.060) 
0.9 0.621 (0.055) 0.589 (0.058) 
1.2 0.713 (0.045) 0.669 (0.058) 
1.5 0.790 (0.054) 0.732 (0.067) 

SSWS 0.694 (0.080) 0.655 (0.075) 
 

Table E9. Mean (SD) non-amputee and amputee step width. 

Speed (m/s) Non-Amputee Step Width (m) Amputee Step Width (m) 
0.6 0.159 (0.031) 0.190 (0.031) 
0.9 0.114 (0.028) 0.139 (0.029) 
1.2 0.118 (0.024) 0.133 (0.029) 
1.5 0.117 (0.022) 0.130 (0.028) 

SSWS 0.114 (0.020) 0.135 (0.027) 
 

Table E10. Mean (SD) non-amputee and amputee cadence. 

Speed (m/s) 
Non-Amputee Cadence 

(steps/minute) 
Amputee Cadence 

(steps/minute) 
0.6 75.067 (4.413) 77.502 (9.690) 
0.9 89.904 (5.831) 91.004 (8.391) 
1.2 104.029 (6.504) 105.606 (8.712) 
1.5 116.344 (7.367) 118.875 (9.586) 

SSWS 107.627 (10.160) 102.177 (9.660) 
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