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ABSTRACT 

 Lower-limb amputation results in mobility impairments that adversely affect activities of 

daily living, such as walking on uphill and downhill slopes. Sloped walking is characterized by 

greater muscular demands and higher risk of slipping compared to level-ground walking, and is 

more difficult for people with transtibial amputation relative to able-bodied people. The greater 

difficulty of sloped walking for this population is due at least in part to the lost function of the 

ankle plantarflexor muscles, which are critical for propelling the body forward and maintaining 

dynamic balance. Passive prostheses are typically prescribed following amputation, but these 

devices do not replace the net positive mechanical power generation of the plantarflexors. 

Alternatively, powered prostheses generate mechanical power using a motorized ankle joint and 

have been shown to better replicate normative ankle mechanics and reduce the metabolic cost of 

level-ground walking relative to passive prostheses. However, how the use of powered 

prostheses affects balance and muscle function in comparison to passive prostheses during 

sloped walking remains unclear. In addition, while powered prostheses are tuned to provide 

normative ankle torque and power during walking, they may still result in altered biomechanics 

at other joints relative to able-bodied people because of compromised function of the biarticular 

gastrocnemius, an ankle plantarflexor muscle that spans both the knee and ankle. Therefore, the 

overall purpose of this work was to provide a quantitative analysis of the biomechanical function 

of powered and passive prostheses as well as their effects on dynamic balance during sloped 

walking. A variety of methods were used to assess dynamic balance, including whole-body 

angular momentum, margin of stability, foot placement estimate and capture point. 

Musculoskeletal modeling and simulation were also used to quantify prosthesis and muscle 
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function during sloped walking. The contributions of the prostheses and individual muscles to 

mechanical power in the trunk and legs were used to assess the effects of different types of 

prostheses on muscle compensations and coordination of movement. The results provide an 

evaluation of the performance of powered and passive prostheses during sloped walking and 

identify goals for future prosthesis design. 
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 Walking on slopes is frequently encountered during daily activities and is 

biomechanically different than walking on level ground. For example, the lower limb joints have 

altered ranges of motion (Haggerty et al., 2014; Kuster et al., 1995; Lange et al., 1996b) and 

moments (Kuster et al., 1995; Lay et al., 2006) during sloped walking. Balance is also regulated 

differently during sloped walking in comparison to level walking, as evidenced by postural 

changes at the pelvis and trunk (Leroux et al., 2002) and differences in whole-body angular 

momentum (Silverman et al., 2012). Maintaining balance is particularly important for decline 

walking, when the risk of slipping is increased (Redfern et al., 2001). Muscle activity, as 

indicated by electromyography, is also altered during sloped walking (Lange et al., 1996b; Lay et 

al., 2007b; Leroux et al., 1999a). These neuromotor changes, in combination with the kinematic 

and kinetic changes during sloped walking, indicate fundamental differences in muscular 

coordination during sloped walking compared to level walking that may make it challenging for 

individuals with musculoskeletal impairments, such as a lower limb amputation, to walk on 

slopes.  

 There were an estimated 623,000 people in the United States living with major lower 

limb loss in the year 2005 (Ziegler-Graham et al., 2008), with the leading causes of amputation 

being dysvascular disease and trauma (Dillingham et al., 2002). When using passive prostheses, 

amputation leads to altered kinematics and kinetics (Silverman et al., 2008; Winter and Sienko, 

1988), increased energy expenditure and slower self-selected walking speed (Hsu et al., 2006), 

and secondary disorders and pain (Kulkarni et al., 2005; Norvell et al., 2005) relative to able-

bodied individuals. Powered ankle-foot prostheses, which use a motor to produce torque about 
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the ankle joint, have been developed in an attempt to emulate the power production of a 

biological ankle (Au et al., 2007; Eilenberg et al., 2010). While there is a growing body of 

literature regarding these devices (Aldridge et al., 2012; Au et al., 2008; Ferris et al., 2012; Gates 

et al., 2013; Herr and Grabowski, 2011), the effects of powered prostheses on dynamic balance 

and muscle compensations during sloped walking remain unclear. 

 Assessing balance during walking and identifying fall risks can be challenging, and there 

are a variety of methods for quantifying a person’s balance during a dynamic task such as 

walking. For example, whole-body angular momentum is typically tightly regulated near zero 

during level-ground walking (Herr and Popovic, 2008), but individuals with impairments such as 

vestibular disorder (Kaya et al., 1998) or lower limb amputation (Silverman and Neptune, 2011) 

have an increased range of whole-body angular momentum. An increased range of angular 

momentum may be indicative of increased fall risk because the time rate of change of angular 

momentum is equal to the net external moment about the body center of mass, which is primarily 

controlled using muscles (Neptune and McGowan, 2011). Thus, neuromuscular impairment may 

lead to inability to regulate whole-body angular momentum and maintain balance. 

 While whole-body angular momentum is indicative of a person’s overall balance strategy 

during walking, other metrics exist that are based on a mathematical definition of stability. A 

simplified representation of the body allows the formulation of an explicit stability criterion that 

may be useful in quantifying fall risk. The inverted pendulum is commonly used in studying both 

human and robotic systems, and various measures of stability have been proposed for analyzing 

balance in these bipedal systems. These measures include margin of stability (Hof et al., 2005), 

foot placement estimate (Wight et al., 2008), and capture point (Pratt et al., 2006), which are 

based on inverted pendulum models with varying levels of complexity. These models have been 
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used to study level-ground walking in humans, but have not been explored for other tasks such as 

sloped walking.  

 Inverted pendulum models allow for efficient computation of stability during walking, 

but neglect the coordination of muscles that control the movement of multiple joints to achieve a 

variety of movements. Musculoskeletal modeling and simulation, in contrast, utilize detailed 

anatomical models to investigate individual muscle forces, which cannot be measured 

noninvasively (Piazza, 2006). Because the human body is over-actuated, optimization techniques 

are needed to solve the muscle redundancy problem. Musculoskeletal simulations also make it 

possible to investigate individual muscle function, using methods such as induced acceleration 

analysis (e.g., Hamner et al., 2010) or segment power analysis (Robertson and Winter, 1980). 

However, few studies have used musculoskeletal modeling and simulation to study the function 

of a powered prosthesis and its effects on the rest of the musculoskeletal system. 

 Therefore, the following chapters provide results of multiple analyses, including whole-

body angular momentum, inverted pendulum models, and musculoskeletal modeling and 

simulation to provide a detailed biomechanical analysis of sloped walking in able-bodied 

individuals and individuals with transtibial amputation using passive and powered prostheses. 

This body of work is a comprehensive analysis of the effects of prostheses on balance and the 

musculoskeletal system during sloped walking that can inform future design of prostheses for 

individuals with transtibial amputation. 

1.1. Sloped walking 

 Sloped surfaces are commonly encountered in both man-made and natural environments, 

such as handicap-accessible ramps and hills. However, sloped (uphill and downhill) walking is a 

fundamentally different task than level walking, as evidenced by the well-documented kinematic 
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and kinetic changes in gait when walking on slopes. On inclines, the range of motion (ROM) of 

the hip and ankle increase as the slope increases (Lange et al., 1996b), with greater flexion and 

reduced extension at the hip and greater dorsiflexion of the ankle during early and mid-stance 

(Haggerty et al., 2014). In the knee, flexion during early stance increases as slope increases 

(Haggerty et al., 2014) despite a decrease in the overall ROM on steeper inclines (Lange et al., 

1996b). During decline walking, the primary kinematic changes relative to level walking are at 

the knee during stance and at the hip and ankle during swing (Kuster et al., 1995). The 

mechanical power requirement at the knee is up to six times larger on declines than level ground 

(Kuster et al., 1995), and changes in knee joint angle and moment trajectories suggest that the 

knee is the primary joint used to lower the body (Redfern and Dipasquale, 1997). The peak ankle 

moment magnitude during late stance systematically increases as the slope progresses from -39% 

to +15% (Lay et al., 2006). Understanding these kinematic and kinetic changes is critical to 

designing assistive devices, such as ankle-foot prostheses, to aid in sloped walking. 

Balance is also controlled differently during sloped walking compared to level walking. 

Trunk and pelvis motion are tightly controlled during both decline and incline walking, as 

evidenced by limited variations in the angles of these segments (Leroux et al., 2002). The trunk 

and pelvis are also tilted forward during incline walking and backward during decline walking, 

which may aid in controlling momentum (Leroux et al., 2002). In addition, whole-body angular 

momentum is more tightly regulated during decline walking than level or incline walking, 

resulting in a decreased range of sagittal-plane angular momentum (Silverman et al., 2012). A 

decreased range of sagittal-plane angular momentum may be a strategy to maintain balance, as 

there is an increased risk of slipping during decline walking due to an increased shear ground 

reaction force (GRF) (Redfern et al., 2001).  
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Altered kinematics, joint kinetics, and GRFs suggest that sloped walking requires unique 

neural control strategies compared to level walking (Lay et al., 2006). The indication of unique 

neural control is further supported by changes in electromyography (EMG), or muscle activity. 

For example, during incline walking the thigh muscles have increased mean and peak (Lange et 

al., 1996b) and duration (Leroux et al., 1999a) of activity, while the duration of activity in the 

knee extensors and ankle plantarflexors is increased during decline walking (Lay et al., 2007b). 

These experimentally measured changes in EMG suggest changes in neuromuscular coordination 

that contribute to the altered kinematics and kinetics observed during sloped walking. However, 

no studies have yet identified the function of individual muscles during sloped walking (e.g., 

how individual muscles contribute to center of mass motion and the walking subtasks of body 

support, body propulsion and dynamic balance). Furthermore, the risk of falling during sloped 

walking may be increased for individuals who have muscle weakness or decreased ROM and 

cannot meet the kinematic and kinetic demands of sloped walking. Quantifying muscle function 

in able-bodied individuals during sloped walking will help improve rehabilitation programs and 

assistive devices for individuals with neuromuscular impairments, which has the potential to 

ultimately improve mobility for multiple populations. 

1.2.  Individuals with Transtibial Amputation 

 There were an estimated 623,000 people in the United States living with major lower 

limb loss (i.e., proximal to the toes) in the year 2005 (Ziegler-Graham et al., 2008). The majority 

of these amputations are performed because of dysvascular disease, typically due to diabetes 

mellitus, accounting for nearly 8 times more amputations in 1996 than trauma, the next highest 

cause (Dillingham et al., 2002). Transtibial amputation (TTA), or amputation below the knee 

joint, affects the ankle muscles. This includes the ankle plantarflexors (Figure 1.1), which 



 6 

provide critical body propulsion and leg swing initiation during level-ground walking (Neptune 

et al., 2001). 

 One cause of amputation is injury sustained during military combat. Out of all U.S. 

military service members who underwent major extremity amputation between 2001 and 2011, 

683 (41.8%) received transtibial amputation, the most commonly performed amputation in this 

population (Krueger et al., 2012). In the general non-military population, traumatic amputations 

account for a small percentage of all amputations (Dillingham et al., 2002). However, Ziegler-

Graham et al. (2008) noted that over two-thirds of these amputations are performed on 

individuals under the age of 45 (Dillingham et al., 1998), and these individuals therefore have a 

disproportionately large need for prostheses  and health services over their remaining lifespan. 

Thus, it is important to provide these individuals with the best possible prosthesis in order to 

reduce comorbidities such as low-back pain (Kulkarni et al., 2005) and degenerative 

osteoarthritis (Norvell et al., 2005) that can develop over time. 

 
Figure 1.1: Illustration of the major ankle plantarflexor muscles, the gastrocnemius and soleus. 
The gastrocnemius is biarticular, crossing both the knee and ankle joints, and the soleus is 
uniarticular, crossing only the ankle joint. 
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 Given that the majority of amputations are performed due to dysvascular disease 

(Dillingham et al., 2002), many previous studies have evaluated prosthesis performance in this 

population. Individuals who undergo amputation due to dysvascular disease often have poor 

physical fitness and other pre-existing conditions such as diabetes mellitus. These individuals are 

often older and have lower activity and mobility levels relative to those with amputation due to 

trauma. Nonetheless, individuals with amputation due to dysvascular disease can also benefit 

from improved prostheses. One literature review compiled the results of several studies that 

investigated predictors of successful prosthesis fitting and use in older individuals following 

dysvascular amputation (Fleury et al., 2013). While each study used slightly different outcome 

measures, successful prosthetic rehabilitation was generally related to the amount of prosthesis 

use and ability to ambulate independently. In addition, better results on an exercise stress test, 6-

minute walk time, and a higher functional independence measure score (Erjavec et al., 2008), 

and higher %VO2 max and a strong will to walk on the prosthesis (Chin et al., 2002) were 

predictors of successful rehabilitation. These predictors indicate that better overall fitness may 

improve the outcome of rehabilitation following amputation of a lower limb. Thus, it is critical 

that individuals with transtibial amputation maintain cardiovascular fitness and muscle strength 

following amputation (Waters and Mulroy, 1999). However, the energy demands of walking are 

increased after a major lower extremity amputation (Hsu et al., 2006; Waters and Mulroy, 1999), 

thus making exercise and mobility even more difficult for these individuals, particularly if they 

have pre-existing conditions such as diabetes or atherosclerosis. Notably, the participants in all 

of the previously mentioned studies used conventional passive prostheses. A prosthesis that 

better replicates biological limb function by actively generating ankle power may promote 
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prosthesis use and ambulation, which are primary measures of prosthesis success, and thus 

improve overall fitness and mobility. 

 Regardless of the cause of limb loss, individuals with transtibial amputation using a 

passive prosthesis have altered gait kinematics and kinetics compared to able-bodied individuals. 

Hip extension power is generally increased in the prosthetic limb during early stance (Silverman 

et al., 2008; Winter and Sienko, 1988), which is considered to be a compensation for lack of 

ankle plantarflexion power in the prosthesis. In addition, reduced ankle plantarflexor function 

results in reduced body propulsion and leg swing initiation during level walking (Silverman and 

Neptune, 2012). Besides the reduced functionality in resected muscles, individuals with 

transtibial amputation can also have decreased strength in the thigh muscles (Isakov et al., 1996). 

Individuals with transtibial amputation also have altered muscle activity (Fey et al., 2010; 

Powers et al., 1997), including increased co-contraction of the hamstrings and quadriceps, 

possibly to stabilize the knee joint (Fey et al., 2010; Isakov et al., 2000; Winter and Sienko, 

1988). Individuals with amputation also regulate dynamic balance differently than able-bodied 

individuals, as evidenced by changes in whole-body angular momentum across walking speeds 

on level ground (Silverman and Neptune, 2011). Altered strategies to maintain balance are likely 

due to reduced functionality of the ankle plantarflexor muscles, which are important for 

maintaining balance and regulating whole-body angular momentum (Neptune and McGowan, 

2011) as well as for trip recovery (Pijnappels et al., 2005a, 2005b). 

In addition to the differences in kinematics, kinetics, and muscle activity in the amputated 

leg compared to able-bodied individuals discussed above, transtibial amputation can result in 

asymmetry between the intact and prosthetic legs. For example, individuals with transtibial 

amputation have an increased range of sagittal-plane whole body angular momentum during 
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prosthetic limb stance in comparison to intact limb stance (Silverman and Neptune, 2011) and 

increasing asymmetry in the vertical GRF as speed increases (Nolan et al., 2003). Individuals 

with transtibial amputation also have slower preferred walking velocity, which may be a method 

of reducing forces on joints in the non-amputated limb (Hurley et al., 1990) or reducing 

metabolic demand (Waters and Mulroy, 1999). These asymmetries persist despite theoretical 

indications that symmetric gait is possible even with a passive prosthesis (Zmitrewicz et al., 

2007), and may lead to pain and joint degeneration over time (Kulkarni et al., 2005; Norvell et 

al., 2005). 

With regard to sloped walking, one survey found that 85% of individuals with transtibial 

amputation reported some level of difficulty walking on slopes (Walker et al., 1991). Individuals 

with transtibial amputation also have reduced walking speed, increased amplitude and duration 

of muscle activation, and limited ROM and energy return in the prosthetic ankle during sloped 

walking (Vickers et al., 2008). Several studies have investigated quasi-passive microprocessor-

controlled prostheses, which do not generate net positive ankle power but rather adjust the 

neutral angle of the ankle to adapt to sloped walking surfaces. The results of these studies have 

been somewhat equivocal. One study found that quasi-passive prostheses reduce metabolic cost 

on declines but not level ground or inclines (Darter and Wilken, 2014), while another reported 

that these devices allow more normative kinematics during incline walking than a conventional 

passive prosthesis but may adversely affect kinematics and kinetics on declines (Fradet et al., 

2010). The causes of these gait alterations in individuals with transtibial amputation using 

passive and quasi-passive during sloped walking are still not well understood, and it is unclear to 

what extent a powered prosthesis might address the limitations of passive and quasi-passive 

prostheses. 
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1.3. Powered Ankle-foot Prosthesis 

 While conventional prostheses are passive devices (Figure 1.2a), recently powered 

prostheses have been developed (Figure 1.2b) that use a motorized ankle joint to perform 

positive net work during the stance phase of walking (Au et al., 2007). These powered ankle-foot 

prostheses normalize metabolic cost of walking to that of able-bodied individuals (Herr and 

Grabowski, 2011). However, the feedback control design of these prostheses is currently based 

on data from able-bodied individuals walking on level ground (Eilenberg et al., 2010). Because 

gait kinematics and kinetics are altered during sloped walking compared to level walking, this 

control scheme may not be appropriate for sloped walking.  

 

Figure 1.2: An example of a passive energy storage and return prosthesis (1.2a, courtesy of 
ossur.com) and the BiOM powered prosthesis (1.2b, courtesy of dorset-ortho.com). 
 
 

Although there is a growing body of research regarding the effects of a powered ankle-

foot prosthesis on walking (Au et al., 2007; D’Andrea et al., 2014; Ferris et al., 2012; Gates et 

al., 2013; Herr and Grabowski, 2011), some studies have found that muscle compensations 

persist when using the powered prosthesis in tasks such as stair ascent (Aldridge et al., 2012). 
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The effects of using a powered prosthesis on muscle function and maintaining balance, however, 

have not been quantified during walking on uphill and downhill slopes. Quantifying the 

biomechanical effects of using a powered prosthesis during sloped walking may help improve 

performance of the prosthesis for a variety of walking surfaces and demonstrate its clinical 

efficacy for the general population of people with amputations.  

1.4. Whole-body Angular Momentum 

 Whole-body angular momentum (H) is a quantity that provides useful insight into the 

effects of different walking conditions or pathologies on dynamic balance. H must be regulated 

to avoid falling, as observed in level-ground walking (Herr and Popovic, 2008). The time rate of 

change of H is the sum of the external moments about the body center of mass (COM), 

 ���⃗ ̇ = ∑���⃗ ���. ( 1.1 ) 
 
The external moment, Mext, is the cross product of the external moment arm (distance between 

body COM and the center of pressure) and GRF (Figure 1.3), and is largely controlled through 

muscle force generation during walking (Neptune and McGowan, 2011). Thus, after a 

disturbance such as a trip, a rapid response from the muscles is required to generate an external 

moment to restrain H and avoid falling (Pijnappels et al., 2004). However, populations with 

balance impairments, such as individuals who have experienced a stroke (Nott et al., 2014) or leg 

amputation (D’Andrea et al., 2014; Silverman and Neptune, 2011), have an increased range of H 

and compromised muscle function that reduces their ability to regulate dynamic balance. Able-

bodied individuals decrease their range of H on declines, likely as a protective mechanism to 

counteract the elevated fall risk, but increase their range of H on inclines, where the risk of 

falling is not as high (Silverman et al., 2012). Thus, the ability to tightly regulate H is 

particularly important on declines to prevent a fall in the event of a disturbance (e.g., trip).  
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Figure 1.3: Angular momentum was analyzed in the three anatomical planes.  The net external 
moment about the center of mass (COM) results from the ground reaction forces acting between 
each foot and the ground. 
 
 
 TTA affects the ability to regulate H (Pickle et al., 2014; Silverman and Neptune, 2011), 

likely due to functional loss of the ankle plantarflexors, which are critical for this regulation 

(Neptune and McGowan, 2011). Passive energy-storage-and-return prostheses, which store 

elastic energy during stance and return it just prior to toe-off, provide reduced body propulsion 

and leg swing initiation during level-ground walking (Silverman and Neptune, 2012) and result 

in changes in H (Silverman and Neptune, 2011) in comparison to able-bodied individuals. In 

contrast, positive net work from powered prostheses (Au et al., 2007) may counteract the 

negative effects of amputation on H regulation.  Many recent studies have investigated the 

differences between passive and powered prostheses in a variety of walking conditions and 

speeds (D’Andrea et al., 2014; Esposito et al., 2015; Ferris et al., 2012; Gates et al., 2013; Herr 

and Grabowski, 2011), but it remains unclear how using a powered prosthesis affects H during 

sloped walking.  
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1.5. Inverted Pendulum Stability Models 

 Whole-body angular momentum provides useful information about balance regulation at 

the whole-body level, but it does not provide an explicit condition for stability. In theory, it is 

possible for a person to experience a fall while maintaining zero whole-body angular momentum 

(Pratt and Tedrake, 2006). Researchers studying human biomechanics as well as bipedal robots 

have therefore developed stability criteria based on an inverted pendulum model of bipedal 

walking. The equations of motion for an inverted pendulum are more manageable than a full 

mathematical description of the joints and segments of the human body, and under certain 

assumptions inverted pendulum models lead to a closed form solution for a stability criterion.  

 

Figure 1.4: Diagram of the original margin of stability model from Hof et al. (2005) for an 
inverted pendulum with leg length l. The forces acting on the inverted pendulum are the mass m 
times acceleration due to gravity g at the center of mass (CoM) location x and the equal and 
opposite ground reaction force applied at the center of pressure (CoP) location u. The base of 
support of the foot is bounded by umin and umax. 
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The margin of stability (MOS) is one such stability criterion (Figure 1.4). The MOS 

model assumes that the force of gravity acting on the center of mass (COM) and the vertical 

ground reaction force (GRF) are the only forces that generate moments about the ankle joint, 

which is taken to be the pivot point of an inverted pendulum (Hof et al., 2005). It is assumed that 

the GRF can be applied anywhere within the base of support, defined by the edges of the feet, 

and therefore the person is stable as long as the projection of the COM onto the ground is within 

the boundaries of the stance foot. To account for nonzero COM velocity the extrapolated COM 

(XCOM) is used instead of the COM projection. The XCOM is given by  

 ���� = ���� + ���0  ( 1.2 ) 

 

 �0 = ���  ( 1.3 ) 

 
where x is the horizontal location of the COM, vx is the horizontal velocity of the COM, g is the 

acceleration due to gravity and L is a constant leg length value calculated during standing. MOS 

is commonly used to investigate dynamic balance in both the sagittal (Bierbaum et al., 2011; 

Bosse et al., 2012; Hak et al., 2013; Karamanidis et al., 2008) and frontal (Curtze et al., 2011; 

Hof et al., 2010; McAndrew Young et al., 2012) planes and requires only the position and 

velocity of the COM, an estimate of the base of support, and the leg length constant calculated 

from a static trial as inputs. 

While MOS was initially developed in order to study human balance, other models have 

been created to provide fast, efficient computation of the stability of a bipedal system for use in 

robotic feedback control algorithms. One such model computes a location called the foot 

placement estimate (FPE, Figure 1.5), which is the location on the ground where a rigid leg 

should be placed so that all kinetic energy is converted into potential energy and the body comes 

to a rest directly above the FPE (Figure 1.6; Wight et al., 2008). The FPE model assumes 
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conservation of angular momentum during foot contact, constant rotational inertia, and constant 

total system energy. The leg length of the FPE model is determined based on COM height at 

each instant, and thus the FPE is slightly more detailed and less restrictive than the model used to 

calculate MOS. This predicted location has been strongly correlated with actual human foot 

placement in the sagittal plane during a variety of walking tasks (Millard et al., 2009), and can 

also be extended to three dimensions (Millard et al., 2012). In addition, when Wight et al. 

proposed this stability metric they demonstrated in simulation that the FPE can successfully be 

used in a feedback control scheme for bipedal walking (Wight et al., 2008).  

 

Figure 1.5: Diagram of the original foot placement estimate model from Wight et al. (2008). The 
biped has mass m,  rotational inertia ICOM, and leg length L based on the center of mass height h. 
Prior to foot contact (1.5a) the biped has linear velocity vt1 and angular velocity �̇1. The leading 
leg makes an angle ϕ with respect to the vertical. After foot contact, the center of mass has linear 
velocity vt2 and angular velocity �̇2. The leading foot location is the foot placement estimate. 
 
 

Similar to the FPE, the capture point (CAP) algorithm computes the foot placement 

location that will bring the body to a rest (Figure 1.7; Pratt et al., 2006), and was also initially 

developed for applications in bipedal robotics. Rather than assuming a rigid leg, the CAP is 

calculated using the linear inverted pendulum model (Kajita et al., 2001), which is an abstraction 
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Figure 1.6: Diagram from Wight et al. (2008) illustrating the concept of the foot placement 
estimate (FPE). Stepping behind (posterior to) the FPE results in excessive kinetic energy and 
falling forward (1.6a), whereas stepping ahead (anterior) of the FPE results in too little kinetic 
energy and the biped falls backward onto the other leg (1.6b). Stepping directly on the FPE 
causes all kinetic energy to be converted to potential energy and the biped’s center of mass to 
come to a rest directly above the FPE (1.6c). 
 
 
of an inverted pendulum that allows the length of the rod (i.e., leg) to vary by conserving the 

“orbital energy” of the system as the point mass follows an arbitrary trajectory. The closest 

physical analog to the linear inverted pendulum is a gravitational field (Kajita et al., 2001), and 

the equations of motion reduce to those of a standard inverted pendulum when the point mass 

follows a circular trajectory (Pratt and Drakunov, 2007). The capture point algorithm originally 

proposed by Pratt et al. (Pratt et al., 2006) achieves a closed form solution by assuming zero 

vertical displacement of the COM, but the algorithm can be extended to arbitrary COM 

trajectories by numerically solving the equations of motion (Figure 1.8; Ramos and Hauser, 
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2015). This generalized CAP method is more general than MOS and FPE, and assumes only that 

the COM follows the prescribed trajectory and that the body has no rotational inertia. However, 

Pratt et al. also demonstrated that by adding a flywheel to the inverted pendulum the capture 

point can be extended to a capture region that accounts for the ability of the biped to generate 

angular momentum about its COM (Pratt et al., 2006).  

 

Figure 1.7: Diagram of the capture point model from Pratt et al. (2006). The leg is extensible and 
actuated by linear force fk, and makes an angle θa with the vertical. The original derivation also 
included a flywheel oriented at angle θb relative to the vertical and actuated by a torque τh. 
 
 

The underlying assumptions of these inverted pendulum models may limit their 

applicability to sloped surfaces, particularly for large slope angles. For instance, MOS assumes 

constant leg length over the gait cycle, which is violated to a greater extent during sloped 

walking relative to level ground walking, when the peak joint kinematics are altered (Lay et al., 

2006). The CAP algorithm is more generalized, but it is unclear whether this will result in 

significant differences in the stability metrics during sloped walking. In addition, inverted 

pendulum models neglect the energy added or removed from the body by muscles. It is unclear 
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whether these models make useful predictions during sloped walking, as well as what level of 

model detail is necessary to adequately describe the human body during sloped walking. 

Furthermore, previous studies have found that MOS does not identify fallers during an induced 

slip (Yang and Pai, 2014), and an increase in MOS is positively correlated to the range of whole-

body angular momentum in the frontal plane, which suggests that individuals with “more stable” 

gait patterns actually have increased risk of falling. Comparing inverted pendulum-based 

stability metrics with the range of whole-body angular momentum in the sagittal plane will help 

inform appropriate interpretation of these different measures during sloped walking. 

 

Figure 1.8: Diagram of the generalized capture point model from Ramos and Hauser (2015). The 
location of the center of mass m is given by vector r and the foot location is given by vector rb. 
The forces acting on the center of mass are the weight fg and the linear force fc produced by the 
leg. The center of mass follows trajectory z(x). 
 
 
1.6. Musculoskeletal Modeling and Simulation 

 Thus far, the discussion of the biomechanics of gait has been limited to kinematics and 

kinetics at the joint and whole-body levels, which are calculated using experimental motion 

capture and GRF data with rigid-body models of the body segments. However, muscles are the 

actuators of the human body, and to understand coordination during movement it is necessary to 
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investigate the forces produced by individual muscles (Zajac, 1993). Calculating individual 

muscle forces and investigating their functional roles is necessary because muscles can 

accelerate all segments and joints in the body, not just those to which they attach or span (Zajac 

et al., 2002). While investigation of muscle forces is critical to understanding coordination 

during movement, direct measurement of these forces is not feasible experimentally because it 

requires implantation of force transducers in the muscles of interest. 

Musculoskeletal modeling and simulation make it possible to noninvasively investigate 

the roles of individual muscles during movement (Piazza, 2006), thus providing deeper insight 

into coordination of movement than is possible based on calculation of joint angles and 

moments. Muscles are linear actuators that develop moments at the joints based on the location 

of their attachment on the bones (Zajac, 1993), so a model of the muscle paths must first be 

developed (e.g., Hoy et al., 1990). However, the body is over-actuated; that is, there are more 

muscles present than are strictly necessary to produce a motion. Thus, the key step in developing 

a musculoskeletal simulation is to use optimization to calculate the muscle forces required to 

produce a given motion.  

Two broad types of optimization can be used: static or dynamic (Anderson and Pandy, 

2001). Static optimization techniques use the net joint moments, calculated using an inverse 

dynamics approach, and distributes the force among muscles by minimizing an objective 

function at each time step, such as the sum of squared muscle activations. Static optimization is 

computationally efficient, but is sensitive to the errors inherent in the inverse dynamics 

calculation such as measurement noise, marker placement error, and soft tissue motion (Riemer 

et al., 2008). In contrast, dynamic optimization does not restrict the simulation to match the 

inverse dynamics solution at each time step but instead optimizes the entire time history of the 
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motion. For instance, a dynamic simulation of jumping might attempt to maximize jump height, 

allowing the model to move in any manner to achieve this goal. Dynamic optimization is 

considered to have greater predictive power than static optimization due to the freedom allowed 

during the simulated movement, but is a computationally intensive method. Hybrid methods 

have also been developed, such as computed muscle control (Thelen and Anderson, 2006). 

Computed muscle control first uses feedback control to compute the accelerations that will drive 

the model generalized coordinates to the motion observed experimentally. Next, the algorithm 

determines the muscle forces required to produce the desired accelerations by performing a 

multi-objective static optimization that minimizes the sum of muscle excitations squared and the 

sum of weighted errors in the model accelerations. Thus, using a computationally efficient static 

optimization framework, the time-dependence of muscle force production can also be simulated 

using feedback control. 

 After the muscle forces have been calculated, computational musculoskeletal models 

make it possible to perform further analyses that are not possible in an experimental setting. As 

mentioned previously, muscles have the ability to accelerate all body segments and joints, not 

just those to which they attach or span (Zajac et al., 2002). In addition, muscle function is 

sometimes inconsistent with anatomical location, as with the rectus femoris (anatomically 

classified as a hip flexor and knee extensor), which accelerates the hip into extension in certain 

postures (Hernández et al., 2008). Thus, to investigate muscle function during dynamic tasks, 

induced acceleration analysis (IAA) can be used to apply the force produced by a muscle in 

isolation in the simulation. The resulting induced accelerations in other joints and segments due 

to this force are calculated, giving a quantitative measure of muscle function (Hamner et al., 

2010). IAA has been used in various studies of level walking (Anderson and Pandy, 2002; Liu et 
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al., 2006; Neptune et al., 2001) and running (Hamner and Delp, 2013; Hamner et al., 2010), but 

to our knowledge no study has yet applied IAA to sloped walking. IAA can also give insights 

into functional deficits in individuals with muscle weakness or impairments relative to able-

bodied individuals (Silverman and Neptune, 2012; van der Krogt et al., 2012). This information 

can then be used to develop targeted rehabilitation programs or assistive devices, such as 

prostheses. 

 Segment power analysis is related to IAA , and indicates whether muscles are absorbing 

or generating power to each body segment (Fregly and Zajac, 1996; Robertson and Winter, 

1980). To calculate segment power, the segment accelerations induced by a muscle are 

multiplied by the segment velocity during the movement. Both IAA and segment power analyses 

have led to important insights about muscle function, such as the understanding that the 

individual ankle plantarflexors, the soleus and the gastrocnemius, have different functions: the 

soleus primarily delivers energy to the trunk, while the gastrocnemius primarily delivers energy 

to the leg during level walking (Neptune et al., 2001). 

 Several studies have used musculoskeletal modeling and simulation to investigate the 

function of passive prostheses during level-ground walking. These studies suggest that passive 

prostheses are capable of transferring power from the ipsilateral leg to the trunk like the 

uniarticular soleus, but do not replace the power delivered to the ipsilateral leg to initiate swing 

that the biarticular gastrocnemius provides (Silverman and Neptune, 2012; Zmitrewicz et al., 

2007). In addition, these studies identified muscle compensations in the hip extensors of the 

prosthetic leg and the knee extensors of the intact leg (Fey et al., 2013; Silverman and Neptune, 

2012). However, few studies have used musculoskeletal modeling and simulation to investigate 

the effects of a powered ankle-foot prosthesis on gait. Musculoskeletal simulations of individuals 
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with transtibial amputation using a powered prosthesis during sloped walking can be developed 

and analyzed to quantify the function of the prosthesis in moving the body and its effects on 

muscle force production in the lower limbs. 

1.7. Summary of the Literature 

In summary, while the literature provides background of the kinematics and kinetics of 

sloped walking, no study has yet used musculoskeletal modeling and simulation to investigate 

the functional roles of individual muscles during sloped walking. In addition, individuals with 

transtibial amputation are known to have altered gait relative to able-bodied individuals, but the 

effects of a powered prosthesis or changes in slope angle on dynamic balance and muscle 

function are not well understood. Therefore, the purpose of this work is to provide detailed 

analyses of balance and muscle function during sloped walking in able-bodied individuals and 

individuals with transtibial amputation. The results of this work will inform future powered 

prosthesis design and prescription for individuals with transtibial amputation. 
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2.1. Abstract 

Sloped (uphill and downhill) walking requires altered strategies for maintaining dynamic 

balance relative to level ground walking, as evidenced by changes in sagittal-plane whole-body 

angular momentum (H) in able-bodied individuals. The ankle plantarflexor muscles are critical 

for regulating H, and functional loss of these muscles due to transtibial amputation affects the 

ability to regulate H. However, it is unclear if a powered prosthesis, which more closely emulates 

intact ankle function than a passive energy-storage-and-return prosthesis, affects H differently 

during sloped walking. Therefore, our purpose was to investigate H in individuals with unilateral 

transtibial amputation when using powered and passive prostheses. Overall, H was similar 

between the passive and powered conditions. On a -10° decline, individuals with amputation did 

not decrease H as much as able-bodied individuals, and had reduced prosthetic limb braking 

ground reaction forces and knee power absorption. On a +10° incline, individuals with 

amputation had a greater relative increase of H than able-bodied individuals, a more anterior 

placement of the prosthetic foot, and higher peak hip power generation. Despite many 
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CHAPTER 2 
   

WHOLE-BODY ANGULAR MOMENTUM DURING SLOPED WALKING USING 
PASSIVE AND POWERED LOWER-LIMB PROSTHESES 
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similarities between prostheses, individuals with transtibial amputation had a higher peak 

braking force on the -10° decline when using the powered prosthesis, leading to a reduced range 

of H relative to the passive condition. Our results suggest that prosthetic ankle power generation 

alone is not sufficient for restoring the regulation of dynamic balance to that of able-bodied 

individuals on slopes, and the contributions of knee extensor muscles and the biarticular 

gastrocnemius in regulating H on slopes should be further investigated.   

2.2. Introduction 

 The biomechanical demands of sloped (uphill and downhill) walking are fundamentally 

different from level-ground walking. The body center of mass (COM) must be raised or lowered 

during sloped walking, and the risk of slipping on slopes is greater than on level ground due to 

the increased shear ground reaction force (GRF) (Redfern et al., 2001). The task demands for 

sloped walking result in changes in joint kinematics and kinetics (Kuster et al., 1995; Lange et 

al., 1996b; S. Redfern and DiPasquale, 1997) and electromyography (EMG) (Lange et al., 

1996b; Lay et al., 2007a; Leroux et al., 1999b) in comparison to level-ground walking, and may 

adversely affect dynamic balance in individuals with musculoskeletal impairments. 

 Whole-body angular momentum (H) provides useful insight into the effects of different 

walking conditions or pathologies on dynamic balance. H must be regulated to avoid falling, as 

observed in level-ground walking (Herr and Popovic, 2008). The time rate of change of H is the 

sum of the external moments about the body COM, 

 ���⃗ ̇ = ∑���⃗ ���. ( 2.1 ) 
 
The external moment, Mext, is the cross product of the external moment arm (distance between 

body COM and the center of pressure) and GRF (Figure 2.1), and is largely controlled through 

muscle force generation during walking (Neptune and McGowan, 2011). Thus, after a 



 25 

disturbance such as a trip, a rapid response from the muscles is required to generate an external 

moment to restrain H and avoid falling (Pijnappels et al., 2004). However, populations with 

balance impairments, such as individuals who have experienced a stroke (Nott et al., 2014) or leg 

amputation (Silverman and Neptune, 2011), have an increased range of H and compromised 

muscle function that reduces their ability to regulate dynamic balance. Able-bodied individuals 

decrease their range of H on declines, likely as a protective mechanism to counteract the elevated 

fall risk, but increase their range of H on inclines, where the risk of falling is not as high 

(Silverman et al., 2012). Thus, the ability to tightly regulate H is particularly important on 

declines to prevent a fall in the event of a disturbance (e.g., trip).  

 
Figure 2.1: Angular momentum was analyzed in the three anatomical planes.  The net external 
moment about the center of mass (COM) results from the ground reaction forces acting between 
each foot and the ground. 
 

 Transtibial amputation (TTA) affects the ability to regulate H (D’Andrea et al., 2014; 

Pickle et al., 2014; Silverman and Neptune, 2011), likely due to functional loss of the ankle 

plantarflexors, which are critical for regulating H (Neptune and McGowan, 2011). Passive 

energy-storage-and-return prostheses, which store elastic energy during the first half of stance 
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and return it just prior to toe-off, provide reduced body propulsion and leg swing initiation 

during level-ground walking (Silverman and Neptune, 2012) and result in differences in H 

(Silverman and Neptune, 2011) in comparison to able-bodied individuals. In contrast, powered 

prostheses utilize a motorized ankle joint to perform positive net work during the stance phase 

(Au et al., 2007). Many recent studies have investigated the differences between passive and 

powered prostheses in a variety of walking conditions (D’Andrea et al., 2014; Esposito et al., 

2015; Ferris et al., 2012; Gates et al., 2013; Herr and Grabowski, 2011), but it remains unclear 

how using a powered prosthesis affects H during sloped walking. Therefore, the purpose of this 

study was to analyze H in individuals with TTA using passive and powered prostheses across a 

range of slope angles and in comparison to able-bodied individuals. We hypothesized that 

individuals with TTA would have a greater range of sagittal-plane H during prosthetic limb 

stance (0-50% prosthetic leg gait cycle) on both inclines and declines. We also hypothesized that 

using PWR would reduce the range of H relative to using ESR. 

2.3. Methods 

 Ten individuals with TTA (1 female/9 male, 30±5 years, 1.83±0.10 m, 96±7 kg) and ten 

able-bodied (AB) individuals (2 female/8 male, 24±5 years, 1.80±0.09 m, 91±10kg) participated 

in this study. All individuals with TTA were K4-level ambulators capable of walking 

independently for at least 15 consecutive minutes, and were independent walkers for an average 

of 18.4 (SD=11.1) months prior to the study. Trials were conducted first with the participant’s 

original passive energy-storage-and-return prosthesis and then with the BiOM (BionX Medical 

Technologies, Inc., Bedford, MA) powered prosthesis. The passive and powered sessions were 

separated by an average of 43.4 (SD=18.1) days to allow the user to acclimate to the BiOM. 

Upon prosthetic fitting of the BiOM, participants were given instructions on walking over sloped 
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terrain while wearing the device. Device power and timing of power were tuned using average 

normative biological ankle values. All participants provided written informed consent for the 

protocol approved by the institutional review board at Brooke Army Medical Center. 

 Whole-body kinematics were captured using a 26-camera motion capture system (Motion 

Analysis Corp., Santa Rosa, CA) operating at 120 Hz. A set of 57 reflective markers was used to 

define and track the motion of 13 body segments (Wilken et al., 2012). In addition, virtual targets 

were created using a digitizing wand (Motion Analysis Corp., Santa Rosa, CA) and were used to 

identify anatomical landmarks and define local coordinate orientation. GRF data were captured 

at 1200 Hz using a 16-ft instrumented walkway inclined at 0˚, ±5˚, and ±10˚. An auditory cue 

was used to control walking speed at a velocity based on leg length to ensure similar gait across 

participants (McAndrew et al., 2010).   

Kinematic marker trajectories and analog force data were filtered using 4th-order low 

pass Butterworth filters with cutoff frequencies at 6 Hz and 50 Hz, respectively. Kinematic and 

GRF data were used to compute joint powers using an inverse dynamics approach in Visual3D 

(C-Motion, Inc., Germantown, MD). The masses of individual segments were determined as a 

percentage of total body mass (Dempster and Aitkens, 1995). H was calculated as  

 ���⃗ = ∑ [��⃗���� − �⃗�������� ×����⃗���� − �⃗������� �+ �����⃗ �]��=1    ( 2.2 ) 
 
where � is the number of segments, �⃗����, �⃗����, and ���⃗ � are, respectively, the position, velocity, 

and angular velocity of the ��ℎ segment, �⃗�������  and �⃗�������  are, respectively, the position and 

velocity of the whole-body COM, and �� and �� are the mass and inertia matrix of the ��ℎ  

segment. H was normalized by body height and weight and expressed as a percentage of the left 

or prosthetic limb gait cycle (heel strike to consecutive heel strike of the same leg) for the AB 

and TTA groups, respectively.  
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The ranges (peak-to-peak values) of H in all three anatomical planes were calculated and 

compared statistically using R Statistical Computing Software, v. 2.15.1 (R Core Team, 2012).  

Peak GRFs, external moment arms (vector distance between COM and center of pressure) and 

joint powers were similarly compared. Values were compared using a linear mixed effects 

ANOVA (Pinheiro et al., 2015) with slope angle and group (AB, ESR, PWR) as fixed effects and 

participant as a random effect nested within type (AB, TTA). Post-hoc comparisons were 

performed using least-squares means (Lenth and Hervé, 2015) when significant main or 

interaction effects were found, and p-values were adjusted using Tukey’s method. 

2.4. Results 

We analyzed the range of H in all three anatomical planes (Figure 2.2), but there were no 

significant differences between participant groups in the frontal or transverse planes. Thus, the 

results and discussion will focus on the range of sagittal-plane H and the associated external 

moment arms, ground reaction forces, and joint powers. All results reported in the text were 

significant with p<0.001 unless stated otherwise. 

2.4.1. Whole-body angular momentum (H) 

 In general, people with TTA using ESR and PWR did not reduce H to the same extent as 

AB participants during decline walking. The sagittal-plane range of H was significantly greater 

in the ESR and PWR conditions than in able-bodied people at both -5° and -10° (Figure 2.3). In 

addition to being greater in comparison to able-bodied people, participants using ESR and PWR 

did not reduce sagittal-plane H as much as AB on declines in comparison to level-ground. The 

range of sagittal-plane H for able-bodied participants during 0-50% gait cycle was 0.045±0.007 

m/s at 0° and 0.030±0.007 at -10°, a reduction of 33%. When using ESR, the range of sagittal-

plane H during 0-50% gait cycle was reduced from 0.060±0.008 at 0° to 0.055±0.011 at -10° 
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(8% decrease) and when using PWR the range was reduced from 0.059±0.009 at 0° to 

0.051±0.01 at 0° (14% decrease). One of the few differences observed between the ESR and 

PWR conditions was that the sagittal-plane range of H was significantly reduced when using 

PWR compared to ESR during decline walking at -10° (Figure 2.3). During 50-100% gait cycle 

on declines, there was greater sagittal-plane range of H when using ESR and PWR compared to 

able-bodied participants. In contrast to 0-50% gait cycle, during 50-100% gait cycle there was a 

slight increase in H when using PWR at -10° in comparison to 0°, with a range of 0.056±0.013 at 

-10° compared to 0.050±0.009 at 0° (p=0.016). 

 
Figure 2.2: Normalized whole-body angular momentum (H) over the gait cycle in the three 
anatomical planes for five sloped walking conditions.  The range of H was compared across 
walking condition and participant groups, including able-bodied individuals (AB, black), people 
using an energy-storage-and-return prosthesis (ESR, blue) and people using a powered prosthesis 
(PWR, red). 
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Figure 2.3: Mean range of normalized sagittal-plane whole-body angular momentum (H) during 
the 1st and 2nd halves of the prosthetic (left) limb gait cycle (GC).  Comparisons were performed 
between slopes and participant groups, including able-bodied individuals (AB, black squares), 
people using an energy-storage-and-return prosthesis (ESR, blue triangles) and people using a 
powered prosthesis (PWR, red circles).Significant differences between groups are indicated by 
brackets, and significant differences between each slope and level ground are indicated by ‘#’ 
(0.001≤p<0.05) and ‘*’ (p<0.001). 
 

 On inclines, the sagittal-plane range of H during 0-50% gait cycle was significantly 

greater when using ESR and PWR in comparison to able-bodied individuals. In addition, the 

increase in H at +10° relative to 0° was greater in the ESR and PWR conditions than in able-

bodied people. In able-bodied participants, the range of sagittal-plane H during 0-50% gait cycle 

increased from 0.045±0.007 m/s at 0° to 0.060±0.012 m/s at +10° (33% increase). For people 

using ESR, the range of sagittal-plane H during 0-50% gait cycle increased from 0.060±0.008 

m/s at 0° to 0.090±0.011 m/s at +10° (50% increase), and when using PWR the range increased 

from 0.059±0.009 m/s at 0° to 0.087±0.012 m/s at +10° (47% increase). The range of sagittal-

plane H was greater when using ESR than either PWR or able-bodied people at +5°, and at +10°. 

People using both ESR and PWR had greater ranges of sagittal-plane H than able-bodied 

individuals during 50-100% gait cycle, although these differences were much smaller than 

during 0-50% gait cycle.  
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Figure 2.4: External moment arms, normalized by body height (BH), and ground reaction forces, 
normalized by body weight (BW). Results are shown for the left (prosthetic) and right (intact) 
limb of each participant group: able-bodied (AB), people using an energy-storage-and-return 
prosthesis (ESR), and people using a powered prosthesis (PWR). 
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Table 2.1: Peak external moment arms (percent body height (%BH)), and ground reaction forces 
(GRFs, percent body weight (%BW)). Able-bodied (AB) values are the average of both limbs, 
and results for people using an energy-storage-and-return prosthesis (ESR) or a powered 
prosthesis (PWR) are shown for both the prosthetic and intact limb. The percentage of gait cycle 
(GC) in this table is for the respective limb (i.e., 0% prosthetic limb GC is 50% intact limb GC).

  
Bold values indicated significant difference relative to level-ground. 
A: Significant difference (p<0.05) compared to AB. 
P: Significant difference (p<0.05) between ESR and PWR.  

-10˚ -5˚ 0˚ +5˚ +10˚

AB 11.7 (1.7) 14.4 (1.6) 17.4 (1.8) 18.2 (2.1) 17.2 (2.4)

ESR 12.3 (1.0) 14.9 (0.8) 20.2 (3.0)
AP

19.1 (1.5) 19.6 (2.3)
A

PWR 12.2 (1.7) 14.5 (0.8) 18.2 (2.4)
P

19.5 (2.4) 19.9 (1.9)
A

AB -20.0 (3.3) -19.2 (2.1) -19.6 (1.7) -19.3 (1.6) -19.7 (2.3)

ESR -17.7 (2.4)
A

-18.9 (1.8) -17.1 (2.2)
AP

-19.0 (2.2)
P

-19.6 (3.0)
P

PWR -17.5 (2.1)
A

-19.8 (2.1) -19.5 (1.3)
P

-20.3 (1.9)
P

-20.8 (2.8)
P

AB -19.9 (4.4) -19.0 (4.4) -18.0 (4.1) -16.6 (3.9) -15.2 (3.0)

ESR -9.9 (3.7)
AP

-12.1 (4.3)
AP

-13.1 (2.1)
AP

-14.9 (3.5)
P

-14.8 (3.4)

PWR -15.5 (6.8)
AP

-16.2 (5.2)
P

-16.2 (2.5)
P

-17.8 (3.6)
P

-16.2 (3.4)

ESR -26.7 (8.2)
A

-23.7 (4.9)
A

-16.3 (2.8) -17.7 (3.7) -16.4 (3.5)
P

PWR -25.4 (7.6)
A

-24.7 (4.6)
A

-17.6 (3.2) -16.9 (4.7) -14.5 (4.0)
P

AB 19.4 (3.5) 19.4 (2.6) 19.7 (2.1) 17.6 (2.6) 16.8 (2.6)

ESR 16.6 (2.9)
A

18.2 (2.3)
P

13.9 (1.9)
AP

13.4 (2.8)
AP

13.7 (5.4)
A

PWR 16.2 (2.7)
A

19.6 (2.7)
P

18.3 (2.3)
P

15.5 (2.9)
P

14.8 (4.5)

ESR 22.0 (5.2) 21.8 (4.3) 20.1 (2.7) 24.5 (4.1)
A

23.5 (6.3)
AP

PWR 21.9 (4.0) 22.3 (4.6) 20.2 (2.8) 23.7 (5.2)
A

21.9 (5.7)
AP

AB 133.4 (9.7) 120.6 (7.3) 109.5 (5.6) 106.1 (6.5) 107.8 (6.0)

ESR 125.1 (16.6)
AP

115.1 (8.3) 105.8 (3.9) 103.3 (6.7) 100.1 (8.8)
A

PWR 132.4 (20.7)
P

118.0 (11.3) 106.2 (5.6) 103.6 (7.5) 97.2 (6.5)
A

ESR 151.2 (18.7)
A

128.1 (7.6) 108.7 (5.5)
P

118.9 (9.7)
AP

122.5 (10.1)
AP

PWR 148.3 (15.9)
A

127.3 (9.5) 102.3 (5.8)
P

107.2 (10.3)
P

110.0 (8.8)
P

AB 85.6 (7.0) 94.0 (5.4) 105.4 (5.2) 110.8 (6.1) 109.9 (7.6)

ESR 87.4 (6.0)
P

91.8 (5.0) 102.5 (3.2) 105.5 (6.4) 105.3 (9.2)
P

PWR 90.8 (5.9)
P

93.3 (5.0) 101.5 (3.7) 107.3 (8.4) 108.3 (10.2)
P

ESR 93.3 (7.2)
A

96.3 (5.9) 101.8 (3.8) 119.4 (9.6)
A

127.7 (15.7)
A

PWR 96.1 (5.8)
A

97.2 (6.0) 102.9 (4.2) 119.9 (9.0)
A

128.6 (12.3)
A
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2.4.2. Ground reaction forces and external moment arms 

 In people with TTA using ESR and PWR, the maximum anterior moment arm in the 

prosthetic limb was greater than the average able-bodied limb at +10° (Figure 2.4, Table 2.1). 

Few other significant differences were observed in the external moment arms.  

On declines, there were several differences between participant groups in the A/P GRF 

(braking[-]/propulsion[+]). We observed decreased braking in the prosthetic limb on declines, 

particularly when using ESR. At -10°, the maximum braking forces were -9.9±3.7 %BW when 

using ESR and -15.5±6.8 %BW when using PWR, which were both significantly lower than the -

19.9±4.4 %BW in able-bodied participants. However, the braking GRF at -10° was significantly 

greater when using PWR compared to ESR. There were also significantly greater maximum 

braking GRFs in the intact limb of both the ESR and PWR conditions compared to able-bodied 

people at -5° and -10° (Table 2.1). In addition, the first peak of the vertical GRF was increased in 

the intact limb of people with TTA using both ESR and PWR compared to able-bodied 

individuals (Table 2.1) at -10°. However, the first peak of the vertical GRF when using PWR 

was more similar to able-bodied participants than when using ESR.  

On inclines, the propulsion (positive A/P GRF) provided by the ESR prosthesis was 

significantly lower than the average able-bodied limb, while there was no significant difference 

between the PWR condition and the average able-bodied limb on inclines (Table 2.1). In 

addition, while the maximum propulsion in the intact limb was greater in the ESR and PWR 

conditions compared to able-bodied people at both +5° and +10°, the maximum propulsion from 

the intact limb of the PWR condition was significantly less than in the ESR at +10° (Table 2.1). 

The first peak of the vertical GRF was lower in both ESR and PWR than the average able-bodied 

limb at +10°, but in the second peak there was a significant difference between ESR and PWR  
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Figure 2.5: Joint flexion and extension powers for the hip, knee, and ankle, normalized by body 
mass. Positive values indicate power generation, negative values indicate power absorption. 
Results are shown for the left (prosthetic) and right (intact) limb of each participant group: able-
bodied (AB), people using an energy-storage-and-return prosthesis (ESR), and people using a 
powered prosthesis (PWR). 
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Table 2.2: Mean and peak joint powers. Results for able-bodied (AB) participants are the average 
of both limbs, and results for people using an energy-storage-and-return prosthesis (ESR) or a 
powered prosthesis (PWR) are shown for both the prosthetic and intact limb. The percentage of 
gait cycle (GC) in this table is for the respective limb (i.e., 0% prosthetic limb GC is 50% intact 
limb GC). 

 
Bold values indicated significant difference relative to level-ground. 
A: Significant difference (p<0.05) compared to AB. 
P: Significant difference (p<0.05) between ESR and PWR.  

-10˚ -5˚ 0˚ +5˚ +10˚

AB 0.62 (0.15) 0.69 (0.15) 0.79 (0.18) 1.10 (0.32) 1.58 (0.41)

ESR 1.11 (0.57)
A

1.23 (0.43)
A

1.00 (0.24)
P

1.87 (0.48)
A

2.86 (0.79)
AP

PWR 0.99 (0.46)
A

1.35 (0.55)
A

1.22 (0.45)
AP

1.91 (0.50)
A

2.69 (0.64)
AP

ESR 1.37 (0.52)
A

1.13 (0.38)
A

0.82 (0.27) 1.58 (0.48)
A

2.44 (0.89)
AP

PWR 1.33 (0.37)
A

1.18 (0.41)
A

0.79 (0.26) 1.45 (0.32)
A

2.18 (0.77)
AP

AB -0.75 (0.28) -0.18 (0.14) 0.10 (0.08) 0.23 (0.12) 0.50 (0.27)

ESR -0.64 (0.22) -0.28 (0.09) 0.01 (0.03) 0.01 (0.09)
A

-0.06 (0.36)
A

PWR -0.56 (0.23)
A

-0.23 (0.12) -0.00 (0.05) 0.01 (0.07)
A

-0.13 (0.26)
A

ESR -1.12 (0.50)
AP

-0.35 (0.26)
A

0.12 (0.07) 0.35 (0.16)
P

0.63 (0.20)
A

PWR -0.88 (0.31)
P

-0.32 (0.16) 0.08 (0.07) 0.20 (0.12)
P

0.32 (0.18)
A

AB -3.83 (1.51) -1.76 (0.92) -0.75 (0.47) -0.54 (0.41) -0.49 (0.35)

ESR -2.07 (0.86)
A

-1.20 (0.48) -0.28 (0.18) -0.26 (0.12) -0.57 (0.44)

PWR -1.97 (0.74)
A

-1.19 (0.55) -0.34 (0.20) -0.29 (0.16) -0.70 (0.45)

ESR -4.93 (1.70)
AP

-2.37 (0.81) -0.63 (0.44) -0.96 (0.69)
P

-0.69 (0.45)

PWR -4.13 (1.21)
P

-2.44 (0.75) -0.52 (0.25) -0.51 (0.35)
P

-0.62 (0.42)

AB 2.08 (0.51) 2.17 (0.59) 2.47 (0.48) 2.93 (0.55) 3.29 (0.68)

ESR 1.23 (0.38)
AP

1.53 (0.44)
AP

1.50 (0.27)
AP

1.93 (0.53)
AP

2.29 (0.88)
AP

PWR 1.90 (1.03)
P

2.92 (1.10)
AP

3.32 (0.87)
AP

3.38 (0.99)
P

3.66 (1.13)
P

ESR 3.12 (1.00)
A

2.97 (0.79) 2.71 (0.56) 4.26 (1.37)
A

5.39 (2.13)
AP

PWR 2.98 (0.73)
A

2.78 (0.73) 2.69 (0.59) 4.08 (1.21)
A

4.94 (1.08)
AP

AB -0.94 (0.44) -0.57 (0.27) -0.41 (0.17) -0.16 (0.11) -0.11 (0.14)

ESR -0.63 (0.38)
AP

-0.44 (0.27)
P

-0.28 (0.18)
P

-0.33 (0.25) -0.58 (0.55)
A

PWR -1.17 (0.56)
P

-0.81 (0.34)
AP

-0.48 (0.15)
P

-0.41 (0.17)
A

-0.46 (0.33)
A

AB -1.28 (0.30) -1.32 (0.27) -1.04 (0.36) -0.60 (0.32) -0.39 (0.27)

ESR -0.71 (0.26)
A

-0.74 (0.30)
AP

-1.00 (0.28)
P

-1.24 (0.42)
AP

-1.29 (0.69)
A

PWR -0.60 (0.21)
A

-0.57 (0.14)
AP

-0.60 (0.15)
AP

-0.92 (0.40)
AP

-1.24 (0.59)
A
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(Table 2.1). The second peak in the intact limb of people using both ESR and PWR was 

significantly greater than able-bodied participants at +5° and +10°.   

2.4.3. Joint Powers 

 The maximum hip power generated by people using ESR and PWR was greater than 

able-bodied participants in both limbs (intact and prosthetic) on all inclines and declines (Table 

2.2, Figure 2.5). At +10° the maximum hip power generated in both limbs when using PWR was 

significantly less than when using ESR (Figure 2.5, top right panel).  

 At the knee joint, people using both ESR and PWR had lower peak power absorption in 

the prosthetic limb than able-bodied participants at -10° (Table 2.2, Figure 2.5). In addition, 

people using ESR had greater power absorption in the intact knee than able-bodied individuals at 

-10°. At +5° and +10°, people using ESR and PWR had lower mean knee power generation 

during 0-30% gait cycle (1st half of stance) compared to able-bodied individuals.  

 The peak ankle power generation in the PWR prosthesis was higher than or not 

statistically different from the average able-bodied ankle on all slopes, while the ESR prosthesis 

was lower than the average able-bodied ankle on all slopes (Table 2.2, Figure 2.5). On declines, 

the PWR prosthesis had greater peak ankle power absorption during very early stance (0-10 % 

gait cycle) than the ESR prosthesis (Table 2.2, Figure 2.5). Both the ESR and PWR prostheses 

had lower magnitude of peak ankle power absorption during 10-50% gait cycle than AB on 

declines. On inclines, however, the ESR and PWR prostheses absorbed more ankle power than 

the able-bodied ankle during 10-50% gait cycle. Individuals with TTA also had greater 

maximum intact ankle power generation than AB when using both the ESR and PWR prostheses 

at +5° and +10°.  
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2.5. Discussion 

 Generally, we found that individuals with TTA had a greater range of sagittal-plane H 

than AB during 0-50% gait cycle, regardless of prosthesis type. Able-bodied participants had 

decreased ranges of sagittal-plane H on declines and increased ranges on inclines in comparison 

to level-ground, as previously reported (Silverman et al., 2012). Individuals with TTA using both 

PWR and ESR, however, did not reduce H to the same extent as able-bodied people from 0° to -

10° and the relative increase in range of sagittal-plane H from 0° to +10° was greater than the 

relative increase in able-bodied individuals. The increased range of sagittal-plane H in 

individuals with TTA may lead to increased fall risk, particularly during prosthetic stance, which 

is affected by reduced proprioception and loss of direct muscular control of the ankle.  

On the steepest decline condition of -10°, individuals with TTA using both PWR and 

ESR had reduced magnitude of peak braking in the prosthetic limb compared to able-bodied 

participants, similar to previous studies of level-ground walking (Sanderson and Martin, 1997; 

Silverman et al., 2008). The braking GRF contributes to a negative external moment (Figure 

2.1), so reduced braking results in a greater positive time rate of change of H during early 

prosthetic stance. Positive H corresponds to backward rotation of the body, so increased positive 

H may be a protective mechanism to prevent falling forward on declines, which can lead to more 

serious injury than falling backward. Both the ESR and PWR conditions also had reduced peak 

propulsion compared to able-bodied participants on the -10° slope, which contributes to a more 

negative rate of change of H in late stance. Reduced propulsion occurred despite peak prosthetic 

ankle power generation in the PWR prosthesis that was not significantly different from the 

average able-bodied ankle. However, the 2nd peak vertical GRF was greater in the PWR 

prosthesis than ESR, suggesting that the ankle power generated by PWR contributed largely to 
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the vertical rather than the horizontal component of the GRF. The GRF results are likely related 

to the lower peak posterior moment arm in individuals with TTA compared to able-bodied 

individuals, as the position of the center of pressure relative to the body COM will influence the 

direction of the generated GRF vector.  

Knee power absorption is important for lowering the body on declines (Kuster et al., 

1995), and individuals with TTA had lower magnitude of peak power absorption in the 

prosthetic knee relative to able-bodied individuals during 0-30% gait cycle at -10°. Some 

populations with TTA have weakness in the knee extensor muscles (Langlois et al., 2014), but 

the fitness of our participants (young, active military members) suggests that socket discomfort 

may also contribute to the reduction of knee power. The vasti muscles provide braking during 

early stance (Neptune et al., 2004) and contribute negatively to the external moment in the 

sagittal plane (Neptune and McGowan, 2011) during level walking, so the reduction in knee 

extensor power absorption may contribute to the more positive time rate of change of H in 

individuals with TTA than able-bodied individuals early in the gait cycle. 

On the steepest incline of +10°, the peak anterior moment arm was greater in the 

prosthetic limb of individuals with TTA than in able-bodied individuals, which contributed to a 

more positive external moment during early prosthetic stance. Conversely, the functional loss of 

the gastrocnemius in individuals with TTA may contribute to the more negative rate of change of 

H later in prosthetic stance (~30-50% gait cycle) since this muscle contributes to positive H 

during late stance (Neptune and McGowan, 2011). These two opposing gait alterations in 

individuals with TTA contributed to an overall greater range of sagittal-plane H during 0-50% 

gait cycle. Individuals with TTA also had an increased range of H during 50-100% gait cycle at 

+10° (Figure 2.3), although the differences during the second half of the gait cycle were much 
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smaller. The increased 2nd peak GRF in the intact limb in comparison to able-bodied individuals, 

which occurs near the end of the prosthetic limb gait cycle, contributes to a more negative 

external moment just prior to prosthetic limb heel strike and therefore to the increased range of 

sagittal-plane H during both halves of the gait cycle. 

Individuals with TTA had greater peak hip power generation than able-bodied people on 

inclines, regardless of prosthesis type. Hip compensation strategies in individuals with TTA have 

been observed on level-ground (Silverman et al., 2008; Winter and Sienko, 1988) and in stair 

ascent (Aldridge et al., 2012; Yack et al., 1999). However, a previous study of individuals with 

TTA walking on inclines did not find a significant increase in hip power generation relative to 

able-bodied people (Fradet et al., 2010), although this discrepancy may be a result of the slower 

self-selected walking velocity in individuals with TTA.  Our findings suggest that individuals 

with TTA rely heavily on the hip extensors for walking on inclines. However, the gluteus 

maximus contributes to a positive external moment and thus potentially a greater range of H 

(Neptune and McGowan, 2011) in early stance, indicating that a hip compensation strategy may 

adversely affect dynamic balance.  

There were few differences in H between the ESR and PWR conditions despite increased 

ankle plantarflexion and power generation from PWR compared to ESR. However, we did 

observe differences at -10° and +5° that suggest some improvements in regulation of H when 

using PWR compared to ESR. At -10°, individuals with TTA had lower sagittal-plane range of H 

during prosthetic stance when using PWR compared to ESR. PWR provided significantly more 

braking than ESR (although not as much as in able-bodied individuals), which may aid in 

reducing the range of sagittal-plane H during prosthetic stance by contributing to a negative 

external moment. The increased braking may be due to the increased ankle power absorption in 



 40 

PWR very early in stance as it performs controlled plantarflexion just after heel-strike (Eilenberg 

et al., 2010). ESR prostheses lack an ankle joint and cannot perform controlled plantarflexion. 

Instead, the ESR heel is compressed during very early stance, resulting in reduced foot/ground 

contact area that may adversely affect the ability to generate normative braking force without 

slipping. The other difference in H between the ESR and PWR conditions was at +5° during 

intact limb stance, which may be due to the increased peak ankle power generation and 

propulsion GRF in the prosthetic limb that were not statistically different from able-bodied 

participants and greater than when using ESR on inclines. A limitation of this study is that we 

did not adjust the mass properties of the prosthetic limb, due to the difficulties in accurately 

measuring prosthesis inertia and varying residual limb lengths. While ESR and PWR do have 

different inertial properties, many of our key results occurred during prosthetic stance, when H is 

not sensitive to changes in prosthesis mass and inertia due to low prosthesis velocity. In addition, 

our results and interpretation are corroborated by the external moment arms and GRFs, which are 

not affected by mass assumptions.  

2.6. Conclusion 

 We used H to evaluate dynamic balance during sloped walking in individuals with TTA 

using powered and passive prostheses. In general, when compared to able-bodied individuals, 

individuals with TTA did not decrease their range of sagittal-plane H to the same extent on 

declines and had a larger relative increase in the range of sagittal-plane H from 0° to +10°. These 

findings suggest that, regardless of prosthesis type, individuals with TTA have an increased risk 

of falling on slopes, particularly during prosthetic stance as the prosthetic limb has reduced 

proprioception and ability to respond to disturbances in comparison to a biological limb. 

Controlled plantarflexion and ankle power generation in PWR may provide some improvements 
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in the regulation of H for certain sloped walking conditions. However, despite the greater 

prosthetic ankle power generation when using PWR compared to ESR, differences in H persist 

when compared to able-bodied individuals. Thus, restoring push-off power alone may not be 

sufficient for maintaining dynamic balance on slopes. Future research should investigate whether 

knee extensor strengthening and socket refinements to allow more comfortable loading in the 

prosthetic limb can help restore normative ranges of H in individuals with TTA. In addition, 

further investigation into muscle contributions, such as the biarticular gastrocnemius, to H in 

able-bodied individuals during sloped walking would identify functional differences in 

individuals with TTA during sloped walking. 

2.7. Acknowledgments 

Research reported in this publication was supported by the Eunice Kennedy Shriver 

National Institute of Child Health & Human Development of the National Institutes of Health 

under Award Number R03HD075946. The content is solely the responsibility of the authors and 

does not necessarily represent the official views of the National Institutes of Health. The views 

expressed herein are those of the authors and do not reflect the official policy or position of San 

Antonio Military Medical Center, the U.S. Army Medical Department, the U.S. Army Office of 

the Surgeon General, the Department of the Army, Department of Defense and/or the U.S. 

Government. Additional support was provided by the Center for Rehabilitation Sciences 

Research, Department of Physical Medicine and Rehabilitation, Uniformed Services University 

of Health Sciences, Bethesda, MD.  

  



 42 

 
 

 

A paper to be submitted to the Journal of Biomechanical Engineering 

 

Nathaniel T. Pickle1, Jason M. Wilken2, Jennifer M. Aldridge Whitehead3, Audrey E. 

Westbrook4 and Anne K. Silverman5 

 

3.1. Abstract 

Dynamic stability is critical to maintain on inclines and declines to avoid falling, 

particularly in individuals with transtibial amputation (TTA), who are more likely to fall than 

able-bodied (AB) individuals. Prosthesis type may influence the ability to maintain dynamic 

balance during sloped walking, but it is unclear how using powered prostheses (PWR) affects 

balance differently than using conventional passive prostheses (ESR) during sloped walking. 

Inverted pendulum models, such as the extrapolated center of mass, foot placement estimate, and 

capture point, are frequently used to assess dynamic stability in both humans and bipedal robots. 

These methods have varying levels of complexity, and it is unclear how the model predictions 

are affected by slope angle or how the predictions compare to other measures that quantify 
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CHAPTER 3  
   

SAGITTAL-PLANE STABILITY DURING SLOPED WALKING WITH PASSIVE AND 
POWERED PROSTHESES: A COMPARISON OF MEASURES 
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dynamic balance, such as whole-body angular momentum. In this study we 1) compared results 

from these three different stability metrics during sloped walking and 2) investigated dynamic 

stability during sloped walking in individuals with TTA using ESR and PWR. Although 

statistically significant differences were observed between models, the magnitude of differences 

was relatively small and relationships between legs were maintained, even on slopes of ±10˚. A 

key takeaway was that the inverted pendulum models indicated that individuals with TTA were 

“more stable” in the prosthetic leg than the intact leg for PWR and ESR. This more conservative 

prosthetic leg strategy suggests that the stability margin is increased to account for functional 

limitations of walking with a prosthesis, regardless of the type. However, such a strategy may 

also be related to the increased range of sagittal-plane angular momentum during prosthetic leg 

stance, which suggests that fall risk is increased during that portion of gait that is characterized 

by compromised proprioception and reduced muscle control. These findings highlight the 

importance of using a variety of measures when assessing dynamic balance, particularly on 

slopes. 

3.2. Introduction 

 Falls were the leading cause of nonfatal injury across all age groups in the United States 

between 2001-2013, and were responsible for nearly 30% of emergency department visits (CDC, 

2005). In addition, falls caused approximately 20% of deaths due to unintentional injury during 

this same time period. The prevalence of serious injury caused by falls makes it important to 

develop quantitative metrics for assessing fall risk, particularly in populations with 

musculoskeletal impairment. 

 Individuals with a transtibial amputation (TTA) are one such population with high fall 

risk due to musculoskeletal impairment. Approximately half of the individuals with lower-limb 
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amputation (transtibial and transfemoral) in a 2001 study reported falling within the last year 

(Miller et al., 2001). The increased fall risk in individuals with TTA is likely due at least partially 

to lost function of the ankle plantarflexors, which are critical for regulating balance during 

walking (Neptune and McGowan, 2011). Powered prostheses with motorized ankle joints are 

intended to restore the push-off power generated by the plantarflexor muscles. However, 

previous studies have found that powered prostheses have small effects on gait characteristics 

when walking on more difficult terrain, such as joint kinematics on loose rocks (Gates et al., 

2013) and whole-body angular momentum on stairs (Pickle et al., 2014) and slopes (CHAPTER 

2). Walking on sloped surfaces is of particular interest because they are commonly encountered 

in activities of daily living and there is an increased risk of slipping and falling relative to level 

ground, particularly on declines (Redfern et al., 2001). Thus, it is important to develop models of 

walking that are capable of quantifying dynamic stability during sloped walking. 

 Analyses of dynamic stability based on simplified inverted pendulum models have been 

developed by researchers in both biomechanics and robotics because modeling the complexity of 

a biped can introduce significant computational time and effort. In the case of human walking, 

inverted pendulum models do not require detailed information about neuromuscular control and 

can be described using only a kinematic data collection with a minimal marker set. The equations 

of motion for an inverted pendulum are more manageable than a full mathematical description of 

the joints and segments of the human body, and under certain assumptions inverted pendulum 

models can lead to a closed form solution for a stability criterion. In addition, these simplified 

models have been successfully used in feedback control schemes for walking in simulated multi-

link bipedal robots, despite not incorporating the full complexity of the system (Ramos and 

Hauser, 2015; Wight et al., 2008). 
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The margin of stability (MOS) is one such stability criterion, which was originally 

derived for standing balance. The MOS model assumes that the force of gravity acting on the 

center of mass (COM) and the vertical ground reaction force (GRF) are the only forces that 

generate moments about the ankle joint, which is taken to be the pivot point of an inverted 

pendulum (Hof et al., 2005). The MOS model also assumes that the GRF can be applied 

anywhere within the base of support, defined by the edges of the feet, and therefore the person is 

stable as long as the projection of the COM onto the ground is within the boundaries of the 

stance foot. To account for a nonzero COM velocity, the extrapolated COM (XCOM) is used 

instead of the COM projection. XCOM is given by  

 ���� = ���� + ���0 ( 3.1 ) 

where x is the horizontal location and vx is the horizontal velocity of the COM, and the natural 

frequency ω0 of the inverted pendulum is given by 

 �0 = ��� ( 3.2 ) 

 
where g is the acceleration due to gravity and L is a constant leg length value. MOS is commonly 

used to investigate dynamic balance in both the sagittal (Bierbaum et al., 2011; Bosse et al., 

2012; Hak et al., 2013; Karamanidis et al., 2008) and frontal (Curtze et al., 2011; Hof et al., 

2010; McAndrew Young et al., 2012) planes and requires only the position and velocity of the 

COM, locations of the foot boundary, and a constant leg length value calculated from a static 

trial. 

Another stability criterion based on a simplified biped model is the foot placement 

estimate (FPE). The FPE is the location on the ground where a rigid leg should be placed so that 

all kinetic energy is converted into potential energy and the body comes to a rest directly above 
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the FPE (Wight et al., 2008). This predicted location is strongly correlated with actual human 

foot placement in the sagittal plane during a variety of walking tasks (Millard et al., 2009). The 

FPE model assumes conservation of angular momentum during foot contact, constant and equal 

leg length, constant rotational inertia, and constant total system energy, and is more detailed than 

the model used to calculate MOS.  

Similar to the FPE, the capture point (CAP) is the location where a biped can step and 

bring the body to a rest (Pratt et al., 2006). However, rather than assuming a rigid leg, the CAP is 

calculated using the linear inverted pendulum model (Kajita et al., 2001). The linear inverted 

pendulum is an abstraction of an inverted pendulum that allows the length of the rod to vary by 

conserving the “orbital energy” of the system as the point mass follows an arbitrary trajectory. 

The closest physical analog to the linear inverted pendulum is a gravitational field (Kajita et al., 

2001), and the equations of motion reduce to those of a standard inverted pendulum when the 

point mass follows a circular trajectory (Pratt and Drakunov, 2007). The capture point algorithm 

originally proposed by Pratt et al. (Pratt et al., 2006) achieves a closed form solution by 

assuming zero vertical displacement of the COM, but the algorithm can be extended to arbitrary 

COM trajectories by numerically solving the equations of motion (Ramos and Hauser, 2015). 

The CAP method used by Ramos and Hauser is more general than MOS and FPE, and assumes 

only that the COM follows the prescribed trajectory and that the body has no rotational inertia.  

The underlying assumptions of these models likely limit their applicability to non-level 

walking surfaces, such as slopes. For example, although the COM behaves similarly to an 

inverted pendulum during the single leg stance phase of level-ground walking, there is still some 

change in leg length during stance due to lower-limb joint flexion (Ortega and Farley, 2005). 

This assumption is further violated when walking up an incline as the lower-limb joints become 
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more flexed (Lay et al., 2006). These assumptions are in contrast to other measures of dynamic 

balance, such as whole-body angular momentum (H), which is regulated near zero during level-

ground walking (Herr and Popovic, 2008). However, minimizing H does not by itself guarantee 

stability, as it is possible to walk while generating a large range of H or, theoretically, to fall 

while maintaining zero whole-body angular momentum (Pratt and Tedrake, 2006). Nonetheless, 

the range of H is related to fall risk because the time rate of change of H is equal to the sum of 

the external moments about the COM, and is thus linked to the muscle forces and the coefficient 

of friction required to prevent slipping and falling. Previous studies have shown that individuals 

with TTA have a greater range of sagittal-plane H than AB during throughout the gait cycle (heel 

strike to consecutive heel strike of the same leg) on declines (CHAPTER 2), and thus may have 

higher risk of falling because regulating this greater range of H is likely more difficult due to 

limited proprioception and muscle control in the prosthetic leg.  

Thus, the purpose of this study was twofold. First, we calculated three stability locations, 

the XCOM, FPE, and CAP, for individuals with TTA using passive and powered prostheses 

during sloped walking in order to investigate stability in comparison to able-bodied individuals. 

Second, we investigated differences between these stability locations and how the interpretation 

of the predictions differs from H. Based on previous results suggesting that individuals with TTA 

have increased fall risk during prosthetic limb stance regardless of prosthesis type (CHAPTER 

2), we hypothesized that all of the measures would indicate lower stability at the instant of 

prosthetic limb leg strike for passive energy-storage-and-return (ESR) and powered (PWR) 

prostheses compared to either intact leg heel strike or heel strike in an able-bodied individual. 

The instant of heel strike was selected because inverted pendulum models most accurately 

describe single-leg stance, and heel strike occurs at the end of this phase. In addition, we 
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expected to see differences between the stability metrics at heel strike when walking uphill at 

+10° due to flexion in all lower limb joints leading to changes in leg length that violate 

assumptions of the inverted pendulum models. 

3.3. Methods 

 Ten individuals with TTA (1 female/9 male, 30±5 years, 1.83±0.10 m, 96±7 kg) and ten 

able-bodied (AB) individuals (2 female/8 male, 24±5 years, 1.80±0.09 m, 91±10kg) participated 

in this study. All individuals with TTA were K4-level ambulators capable of walking 

independently for at least 15 consecutive minutes, and were independent walkers for an average 

of 18.4 (SD=11.1) months prior to the study. Trials were conducted first with the participant’s 

original passive energy-storage-and-return prosthesis and then with the BiOM (BionX Medical 

Technologies, Inc., Bedford, MA) powered prosthesis. The passive and powered data collection 

sessions were separated by an average of 43.4 (SD=18.1) days to allow the user to acclimate to 

the BiOM. Upon prosthetic fitting of the BiOM, participants were given instructions on walking 

over sloped terrain while wearing the device. The magnitude and timing of device power were 

tuned using average normative biological ankle values. All participants provided their written 

informed consent for the protocol approved by the institutional review board at Brooke Army 

Medical Center. 

 Whole-body kinematics were captured using a 26-camera motion capture system (Motion 

Analysis Corp., Santa Rosa, CA) operating at 120 Hz while participants walked on a 16-ft 

instrumented walkway inclined at 0˚, ±5˚, and ±10˚ at a walking speed based on leg length 

(controlled by an auditory cue) to ensure similar gait across participants (McAndrew et al., 

2010). A set of 57 reflective markers was used to track the position of 13 body segments (Wilken 

et al., 2012). In addition, virtual targets were created through the use of a digitizing wand 
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(Motion Analysis Corp., Santa Rosa, CA) and were used to identify anatomical landmarks and 

define local coordinate orientation. The masses of individual segments were determined as a 

percentage of total body mass (Dempster and Aitkens, 1995) for all participants. Kinematic 

marker trajectories were filtered using a 4th-order low pass Butterworth filter with a cutoff 

frequency of 6 Hz.  

3.3.1. Extrapolated center of mass (XCOM) 

The extrapolated center of mass location in the x-direction (Figure 3.1a) was calculated 

using Equations ( 3.1) and ( 3.2), with the leg length constant L calculated as the mean sagittal-

plane distance from the lateral malleolus markers to the COM during a static trial. 

3.3.2. Foot Placement Estimator (FPE) 

The leg length L(φ) of the FPE model (Figure 3.1b) was calculated as  

 �(�) = ℎ�cos� ( 3.3 ) 

where φ is the angle between the leg and a line through the COM that is perpendicular to the 

ramp. The perpendicular distance hn of the COM relative to the ramp is given by 

 ℎ� = cos(���� − ��������(����)) ( 3.4 ) 

where yCOM is the global y-coordinate of the COM and yterrain is the global y-coordinate of the 

ramp at the current global x-coordinate of the COM (that is, vertically below the COM). The FPE 

model assumes that angular momentum about the FPE location is conserved during foot contact, ����1 = ����2, where HFPE1 is the angular momentum before contact and HFPE2 is the angular 

momentum after contact. The equations of Millard et al. (Millard et al., 2009) describing foot 

contact were modified to allow for variable ramp angle θ: 

 ��(�)[�� cos(� + �) + �� sin(� + �)] + �����1 = (��(�)2 + ����)�2. ( 3.5 ) 
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In Eqn. 3.5, m is the mass of the biped, vx and vy are, respectively, the global horizontal and 

vertical velocities of the COM. The term �����1 is the sagittal-plane whole-body angular 

momentum about the COM, where JCOM is the net rotational inertia of the person in that sagittal 

plane and ω1 is the net angular velocity of the person. Rearranging Equation 7 gives an 

expression for ω2, the angular velocity of the model after foot contact. We then apply 

conservation of energy after foot contact, 

 �2 + �2 = ��ℎ���� ( 3.6 ) 

where T2 and V2 are the kinetic and potential energy, respectively, of the model after foot 

contact, and hpeak is the maximum height of the COM above the ramp and is equal to L(φ). Thus, 

Eqn. 3.6 can be re-written as 

 
12 (���� +��(�)2)�2 +���(�) cos(� + �) = ���(�) ( 3.7 ) 

and can be solved numerically for φ.  The FPE location in global coordinates is given by 

 ���� = ���� + �(�) sin(� + �) ( 3.8 ) 

 ���� = ���� + �(�) cos(� + �) ( 3.9 ) 

where xCOM and yCOM are the global x- and y-coordinates, respectively, of the COM at the instant 

of heel strike. 

3.3.3. Capture Point (CAP) 

The generalized capture point algorithm derived by Ramos and Hauser (Ramos and 

Hauser, 2015) was used to calculate the location of the capture point (Figure 1c). The COM 

dynamics in the horizontal and vertical directions are given by 
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 �̈��� =
(����−����)��+�2������2 �̇���2 �

(����−����)−(����−����)�������  ( 3.10 ) 

 �̈��� =
(����−����)�2������2 �̇���2 +�(����−����)�������

(����−����)−(����−����)������� . ( 3.11 ) 

In Eqns 3.10 and 3.11, xCOM and yCOM are the global x- and y-coordinates, respectively, of the 

COM, and xCAP and yCAP are the global x- and y-coordinates, respectively, of the CAP on the 

ramp. An 8th-order Fourier series was fit to the experimental COM trajectory and used to 

describe the COM trajectory yCOM(x). The equations of motion were numerically integrated, 

starting from initial conditions calculated from the position and velocity of the COM at the 

instant of heel strike, to find the value for xCAP that caused the COM to come to rest at 

yCOM(xCAP). The solution was considered to have converged if |���� − ����| < � and |�̇���| <� for δ=0.01.  

 

 
Figure 3.1: Diagrams illustrating the models used for calculating stability locations: the 
extrapolated center of mass (XCOM, 1a), foot placement estimate (FPE, 1b), and capture point 
(CAP, 1c). 
 

3.3.4. Analysis 

The global x-locations (horizontal position) of the XCOM, FPE, and CAP, which will be 

referred to as stability locations, were calculated at the instant of heel strike. The stability 
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locations were subtracted from the x-location of the toe marker on the leading foot (umax, Figure 

3.1) and normalized by static leg length to obtain a value that will be referred to as the stability 

metric for each model. The instant of heel strike was determined kinematically in Visual3D (C-

Motion, Inc., Germantown, MD). The toe marker was chosen because if the model predictions 

are posterior to the toe marker, the person has stepped on or ahead (anterior) of the stability 

location where inverted pendulum models guarantee the ability to stop during that step. Thus, 

positive stability metric values (toe anterior to stability location) indicate a more conservative 

step, while negative values (toe posterior to stability location) indicate a less conservative step. 

The stability metrics were compared using a linear mixed-effects ANOVA with leg type 

(PWRprosthetic, PWRintact, ESRprosthetic, ESRintact, AB), ramp angle (0°, ±5°, ±10°), and metric 

(XCOM, FPE, CAP) as fixed effects and subject as a random effect nested within group (AB, 

ESR, PWR). Post-hoc analyses (paired for within subject comparisons, independent otherwise) 

were performed when significant main or interaction effects were found and p-values adjusted 

using Tukey’s method. 

3.4. Results 

Significant interaction effects were found between slope and metric (p<0.001) and 

between slope and leg type (p<0.001), but no interaction was observed between metric and leg 

type (p=0.106). The greatest magnitude of differences between leg types occurred at -10° (Figure 

3.2). All  inverted pendulum models (XCOM, FPE, and CAP) indicated that the prosthetic foot 

was placed significantly more anterior than the intact leg relative to the stability locations for 

both ESR and PWR (p<0.001, Figure 3.2), with the exception of PWR at +10° (p=0.60). In 

addition, at -10° the intact legs were significantly more posterior than the average AB leg relative 

to the stability locations (p<0.001, Figure 3.2), and at -5° the intact leg was more posterior than 
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AB relative to the stability locations only when using PWR (p<0.001). The stability metrics 

(averaged across all groups) were most similar at -5°, with only CAP and FPE significantly 

different (p=0.042). On inclines there were no significant differences between XCOM and CAP 

at +5° or FPE and CAP at +10°, but otherwise the metrics were all different. Comprehensive 

pairwise comparison results are included in Table A.1 and Table A.2. 

 
Figure 3.2: Mean (±SD) distance between toe marker and extrapolated center of mass (XCOM), 
foot placement estimate (FPE), and capture point (CAP) at heel strike, normalized by static leg 
length. Results are shown for each leg type: the prosthetic (pros) and intact legs of individuals 
with transtibial amputation using powered (PWR) and passive (ESR) prostheses, and the average 
able-bodied (AB) leg. Positive values are “stable”, and negative values are “unstable”.   
 

3.5. Discussion 

 Dynamic stability is a key consideration during sloped walking, especially in individuals 

with TTA. We used the locations of the XCOM, FPE, and CAP to calculate stability metrics for 

individuals with and without TTA during sloped walking. Our hypotheses were that stability 
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Figure 3.3: Mean (±SD) distance of the extrapolated center of mass (XCOM), foot placement estimate (FPE), capture point (CAP), 
and toe marker (TOE) from the body center of mass (COM) at heel strike, normalized by static leg length. Greater values indicate that 
the location was farther anterior relative to the COM. 
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would be lowest at prosthetic leg heel strike and that the extreme slopes of ±10° would have the 

greatest differences between stability metrics. 

Our first hypothesis was not supported, as the stability metrics indicated that the 

prosthetic leg was placed closer to the stability locations in comparison to the intact leg on nearly 

all slopes. Stepping closer to the stability locations can be achieved by either placing the foot 

farther anterior relative to the COM or by decreasing COM velocity in order to bring the stability 

location closer to the COM. During decline walking, individuals with TTA utilized a more 

conservative foot placement strategy than AB individuals, placing the prosthetic foot further 

anterior relative to the COM (Figure 3.3) while the magnitude of COM velocity was not 

significantly different from AB (Figure 3.4). In contrast, a less conservative strategy was used in 

the intact leg which involved higher COM velocity at intact leg heel strike (Figure 3.5) relative 

to prosthetic limb heel strike for both ESR and PWR in combination with similar foot placement 

to AB (Figure 3.3). Therefore, while inverted pendulum models show that individuals with TTA 

utilize a more conservative foot placement strategy that may appear to increase safety, the 

increased moment arm and larger range of H (Figure 3.4) suggest that the risk of slipping may 

still be higher in individuals with TTA than AB. 

 
Figure 3.4: Mean (±SD) magnitude of center of mass (COM) velocity in the sagittal plane at heel 
strike, normalized by static leg length. 
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During incline walking, the inverted pendulum models indicated a “stable” walking 

strategy in all subjects, with stability metric values near zero (Figure 3.2). However, the range of 

H during prosthetic limb stance is higher in individuals with TTA than AB when using both ESR 

and PWR prostheses (Figure 3.4), indicating potential fall risk that is not captured by the 

inverted pendulum models. This result is consistent with previous studies of mediolateral balance 

which have found that increased range of frontal-plane H (indicating increased fall risk) is 

correlated with increased margin of stability and lower (i.e. worse) Berg Balance Scale and 

Dynamic Gait Index scores (Vistamehr et al., 2016). One notable result was that PWR reduced 

the differences in stability metrics between the prosthetic and intact legs in comparison to ESR, 

which may indicate potential benefits of PWR in increasing symmetry. However, because of the 

simplifying assumptions it is difficult to use inverted pendulum models to determine what 

aspects of the PWR prosthesis contribute to this increased symmetry. This is in contrast to other 

measures of dynamic balance, such as the range of H, which can be interpreted using external 

moment arms, ground reaction forces, and joint moments and powers. 

 
Figure 3.5: Mean (±SD) range of sagittal-plane whole-body angular momentum (H) during 0-
50% of the prosthetic (left) leg gait cycle (GC) for able-bodied (AB) individuals and individuals 
with transtibial amputation using passive (ESR) and powered (PWR) prostheses, modified from 
CHAPTER 2. Significant differences between subject groups are indicated with brackets, and 
significant differences relative to level ground are shown with ‘#’ (p<0.05) or ‘*’ (p<0.001). 
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Our hypothesis that differences between the inverted pendulum models would increase as 

slope angle increased was also not supported. For instance, we used a static leg length for the 

XCOM calculation, while CAP used the experimental COM trajectory and thus had a variable 

leg length. However, despite the largest magnitude of changes in leg length relative to static leg 

length occurring at +10° (Figure 3.6), the differences between XCOM and CAP, though 

significant (Table A.2), were not large (Figure 3.2). Thus, contrary to our expectations, the 

additional detail in the CAP model relative to the XCOM model does not appear to provide more 

information about stability during sloped walking. 

 
Figure 3.6: Difference between static leg length and leg length at heel strike, expressed as a 
percentage of static leg length. 
 
 

A limitation of this study is that we only considered the stability predictions of inverted 

pendulum models at heel strike. The location of the foot at instant of heel strike lends itself well 

to comparisons with inverted pendulum models because the person’s chosen foot placement 

location can be compared to the location that would have brought them to a stop in that step. 

However, additional information might be gained by analyzing the XCOM, FPE and CAP 

locations throughout the gait cycle. Another limitation is that these stability metrics have not 

been validated on slopes to determine if they provide accurate predictions of foot placement 

during gait termination on slopes. Inverted pendulum models assume that energy is conserved, 
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which may not be true in actual gait termination on inclines and declines as controlling 

movement requires the generation and absorption of energy from muscles. A useful future study 

would be to compare chosen foot placement locations during gait termination (stopping) on 

slopes to the FPE and CAP, similar to what Millard et al. have done for level-ground (Millard et 

al., 2009). The FPE and CAP are predicted foot placement locations that will bring a simplified 

biped to stop if energy is conserved, and experimental measurement of human foot placement 

during stopping on inclines and declines would allow for direct comparison with the model 

predictions to investigate the validity of assuming conservation of energy. 

3.6. Conclusions 

We computed the XCOM, FPE, and CAP for able-bodied individuals and individuals 

with TTA using PWR and ESR prostheses during sloped walking. Our results suggest that 

individuals with TTA use a conservative prosthetic foot placement strategy during decline 

walking, which might be interpreted as “more stable” regardless of prosthesis type. However, the 

range of whole-body angular momentum is increased during prosthetic leg stance, which 

suggests a higher risk of slipping. Thus, while inverted pendulum models help relate COM 

velocity and foot placement to a mathematical definition of stability, they may not account for 

other aspects of dynamic balance that are described with metrics such as whole-body angular 

momentum. Surprisingly, the differences between the detailed CAP model and the simpler 

XCOM model were small in magnitude and revealed similar information, suggesting that 

inverted pendulum-based stability metrics are not highly sensitive to observed changes in leg 

length.  
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4.1. Abstract 

Sloped walking is biomechanically different from level-ground walking, as evidenced by 

changes in joint kinematics and kinetics. However, the changes in muscle function underlying 

these altered movement patterns have not been established. In this study, we developed a total of 

273 muscle-actuated simulations to assess muscle function during walking on slopes of 0°, ±3°, 

±6°, and ±9° at 1.25 m/s. To quantify muscle function, we calculated the induced body center-of-

mass accelerations and trunk and leg power from different muscle groups. We found that the 

soleus and gastrocnemius both provided greater forward acceleration of the body on inclines than 

on level ground. However, while the uniarticular soleus was important for generating power to 

the trunk on inclines and absorbing power from the trunk on declines, the magnitude of net 

power delivered to the trunk and ipsilateral leg by the biarticular gastrocnemius was similar 
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CHAPTER 4 
   

MUSCLE FUNCTION DURING SLOPED WALKING 
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across all slopes. The hip extensors (hamstrings and gluteus maximus) accelerated the body less 

than the ankle plantarflexors, but transferred greater amounts of power from the trunk to both 

legs on greater inclines. On declines, the knee extensors (rectus femoris and vasti) accelerated 

the body upward perpendicular to the slope and backward parallel to the slope more than on level 

ground. In addition, the knee extensors absorbed greater amounts of power from the ipsilateral 

leg on greater declines, helping to control descent. Future studies can use these results to develop 

targeted rehabilitation programs and assistive devices that aim to restore muscle function during 

sloped walking in impaired populations. 

4.2. Introduction 

Sloped (uphill and downhill) surfaces are commonly encountered in both man-made and 

natural environments. When walking on slopes, the muscles must act to raise or lower the body 

center of mass (COM) while maintaining balance. The altered biomechanical demands of sloped 

walking, particularly with large slope angles, require greater activity in several lower limb 

muscle groups, such as the gluteus maximus on inclines and rectus femoris and vasti on declines 

(Lay et al., 2007a).  In addition, the risk of slipping while walking down slopes is greater than on 

level ground (Redfern et al., 2001). On inclines, metabolic power is increased compared to level-

ground walking (Jeffers et al., 2015). These results suggest that sloped walking is a more 

difficult biomechanical task than level-ground walking. 

Previous sloped walking studies have established how joint kinematics and kinetics 

change compared to level-ground walking. The hip and ankle ranges of motion are greater on 

inclines compared to level ground (Lange et al., 1996b). In addition, the peak hip extension 

moment increases during early stance and the peak ankle plantarflexion moment increases during 

late stance on greater inclines (Lay et al., 2006). On declines, the knee joint mechanical power 
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can be up to six times larger than on level ground (Kuster et al., 1995). However, the 

contributions of each muscle group to these altered biomechanics have not been established.   

Musculoskeletal modeling and simulation allow for investigation of the functional roles 

of individual muscles during movements such as walking (Piazza, 2006). Computational 

analyses of movement are useful because muscles can accelerate all body segments, not just 

those to which they attach or span (Zajac et al., 2002), and their function can be difficult to 

predict based solely on anatomical classification (Hernández et al., 2008; Neptune et al., 2001). 

For instance, the soleus primarily generates power to the trunk while the gastrocnemius primarily 

generates power to the ipsilateral leg for swing initiation during level-ground walking, despite 

both of these muscles being classified as ankle plantarflexors (Neptune et al., 2001). Simulations 

have also shown that the hamstrings absorb power from the trunk and generate power to the 

ipsilateral leg during level-ground walking (Neptune et al., 2004; Silverman and Neptune, 2012), 

and that the knee extensors provide braking acceleration of the COM (Pandy et al., 2010) while 

absorbing power from the ipsilateral leg and generating power to the trunk (Neptune et al., 2004; 

Silverman and Neptune, 2012). While these results are useful for understanding level-ground 

walking, the function of individual muscles likely adapts to the altered biomechanical demands 

of sloped walking.  

 Thus, our goal was to characterize the mechanical function of the major lower limb 

muscle groups in healthy adults during sloped walking using musculoskeletal modeling and 

simulation. Based on previous kinematic, kinetic, and musculoskeletal simulation results, we 

hypothesized that on inclines the ankle plantarflexors and hip extensors would accelerate the 

body COM and generate power to the trunk and ipsilateral leg to a greater extent than in level-

ground walking. We also hypothesized that during decline walking the knee extensors would 
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provide greater braking acceleration and absorb more power from the ipsilateral leg relative to 

level-ground walking.  

4.3. Methods 

Thirteen healthy adults (4 female/9 male, 67±10 kg, 173±9 cm, 28±7 years) provided 

informed written consent to participate in the experimental protocol approved by the Department 

of Veterans Affairs’ Human Subjects Institutional Review Board.  Participants walked 1.25 m/s 

on an instrumented dual-belt treadmill (Bertec Corp., Columbus, OH) on slopes of 0°, ±3°, ±6°, 

and ±9° while we simultaneously measured bilateral ground reaction forces (GRFs) (1500 Hz),  

whole-body kinematics (100 Hz, Vicon Inc., Centennial, CO) and electromyographic (EMG) 

signals (1500 Hz, Noraxon Corp., Scottsdale, AZ) from eight muscles of each leg (Table 4.1). 

For each person, three gait cycles (heel strike to consecutive heel strike of the same leg) were 

analyzed for each slope, resulting in a total of 273 simulations. 

4.3.1. Musculoskeletal Simulation Development 

 Kinematic marker trajectories were low-pass filtered with a cutoff frequency of 6 Hz 

using a 4th order bidirectional Butterworth filter in Visual3D (C-Motion, Inc., Germantown, 

MD).  Then, an inverse kinematics solution was computed using a least squares optimization 

approach (Lu and O’Connor, 1999), and the resulting joint angles were low-pass filtered with a 6 

Hz cutoff frequency. Force data were also low-pass filtered with a 6 Hz cutoff to eliminate noise 

caused by vibrations in the treadmill (Antonsson and Mann, 1985; Kram et al., 1998; Riley et al., 

2007) and maintain consistency between data types (Bisseling and Hof, 2006; Kristianslund et 

al., 2012). Musculoskeletal models were created in OpenSim 3.1 (Delp et al., 2007) by scaling 

the size and inertial properties of the body segments in the Gait2392 model (Anderson and 

Pandy, 1999; Delp et al., 1990). The scale factors for each segment were computed from a static 
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trial in Visual3D. The metatarsophalangeal joints were locked at 0̊ during the simulations, and 

thus there were 21 degrees of freedom (DOF) and 92 Hill-type musculotendon actuators with 

force-length-velocity properties (Zajac, 1989) in each model. Passive structures were represented 

by torques applied to each generalized rotational DOF as an exponential function of joint angle 

(Anderson, 1999; Davy and Audu, 1987). A residual reduction algorithm (RRA) was used to 

ensure dynamic consistency between the inverse kinematics solution, musculoskeletal model and 

measured GRFs by adjusting the total model mass and torso COM location (Delp et al., 2007). 

After model adjustments were made, we used a custom optimization algorithm to adjust the 

inverse kinematics solution and minimize a multi-objective cost function based on the root-mean 

squared (RMS) residual forces and kinematic tracking errors for each trial. We then used a 

computed muscle control (CMC) algorithm to determine muscle forces that reproduced the 

inverse kinematics solution from RRA while minimizing the sum of squared muscle excitations. 

The measured EMG signal timing was used to constrain the minimum and maximum muscle 

excitations of the corresponding muscles in the model (Table 4.1). 

4.3.2. Induced Acceleration and Segment Power Analyses 

An induced acceleration analysis (IAA) was performed to determine muscle contributions 

to body COM accelerations. We used a “rolling without slipping” kinematic constraint between 

the foot and ground during stance (Hamner et al., 2010) and solved the system equations of 

motion for the resulting accelerations due to each force acting on the model. Accelerations were 

reported in the directions parallel to the treadmill (braking [-]/propulsion [+]), perpendicular to 

the treadmill (normal [+]), and mediolateral (lateral [-]/medial [+],).  

We also calculated the instantaneous power delivered to the body segments by each force 

in the model (Fregly and Zajac, 1996). The net power delivered to the trunk (pelvis and torso) 
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and legs (toes, calcaneus, talus, tibia, and femur in each leg) was calculated by summing the 

power delivered to each body segment by each force, and was then normalized by the summed 

mass of the trunk and leg segments, respectively. Because participants were healthy and 

unimpaired, we assumed symmetry between legs and reported contributions of left leg muscles 

to induced accelerations and segment powers. 

 

Table 4.1 Muscle group definitions and abbreviations. Modeled muscles corresponding to 
muscles for which EMG was measured experimentally are denoted by ‘E’, and muscles in the 
group which were constrained based on EMG are denoted by ‘C’. 

Abbreviation Muscles in group
SOL SoleusEC

GAS Lateral gastrocnemiusEC

Medial gastrocnemiusC

TA Tibialis anteriorEC

Extensor digitorum longus
Extensor hallucis longus
Peroneus tertius

VAS Vastus lateralisEC

Vastus medialisC

Vastus intermediusC

RF Rectus femorisEC

HAMS Biceps femoris long headEC

Gracilis
Semimembranosus
Semitendinosus

GMAX Gluteus maximus (superior, middle, 

and inferior compartments)EC

IL Iliacus
Psoas

GMED Gluteus medius (anterior, middle, 

and posterior compartments)EC

Gluteus minimus (anterior, middle, 
and posterior compartments)
Piriformis
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4.3.3. Statistical Comparisons 

 A linear mixed effects ANOVA (Pinheiro et al., 2015) with slope as a fixed effect and 

participant as a random effect was used to assess changes in muscle function across slopes. The 

mean induced body COM accelerations and power delivered to the trunk and legs from each left 

leg muscle group (Table 4.1) during stance were compared. When a significant slope effect was 

found, post-hoc comparisons were performed between each slope and level-ground using least 

squares means and Dunnett’s method for p-value adjustments (Lenth and Hervé, 2015). 

4.4. Results 

 The net joint moments computed using RRA (Figure 4.1) were consistent with the 

literature (Lay et al., 2006). The model changes were within acceptable bounds for measurement 

error in model mass properties, with an average mass change of 1.00±0.76 kg and torso COM 

change of 6.84±2.70 cm. Our simulations were high-quality, with simulated muscle excitation 

profiles that agreed well with the experimentally collected EMG signals (Figure A.1), low 

residual forces and moments (Table A.3), and low error in tracking the generalized coordinates 

(Table A.4). 

4.4.1. Induced Body COM Accelerations 

 SOL and GAS had increased contributions to propulsion (positive acceleration parallel to 

the treadmill) on inclines relative to level-ground, with a 126% increase in SOL (p<0.001) and a 

66% increase in GAS (p<0.001) contributions at +9° compared to 0° (Figure 4.2, top row). RF 

and VAS provided greater braking (negative acceleration parallel to the treadmill) on declines 

compared to level-ground, with more than 100% increase in both muscle groups at -9° compared 

to 0° (p<0.001; Figure 4.2, top row). SOL had increased positive normal acceleration on all 

declines and at +9° relative to level-ground. GAS had decreased normal acceleration on all 
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Figure 4.1: Average joint moments during stance normalized by body mass, calculated using the 
residual reduction algorithm (RRA). Positive moments represent hip extension, hip abduction, 
hip internal rotation, knee extension, and ankle plantarflexion. 
 
declines relative to level-ground, with a decrease of 44% at -9° relative to 0° (p<0.001; Figure 

4.2, middle row). RF and VAS had increased normal acceleration on declines relative to level-

ground, with an 89% increase in RF (p<0.001) and a 62% increase in VAS (p<0.001)  at -9° 

relative to 0° (Figure 4.2, middle row). VAS also provided 103% more normal acceleration 

(p<0.001) at +9° compared to 0°. In the mediolateral direction, SOL and GAS contributed to 

medial acceleration of the body COM, but showed large variability. GMED accelerated the body 

COM medially on all slopes (Figure 4.2, bottom row). 

4.4.2. Segment Power 

 SOL generated power to the trunk on level-ground and inclines (Figure 4.3, Figure 4.4), 

with an increase in the mean power generation during stance of 300% at +9° compared to 0° 
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Figure 4.2: Mean body COM accelerations (±SD) induced by left leg muscle groups during left 
leg stance. Significant differences relative to level-ground are indicated by ‘*’. 
 
 (p<0.001; Figure 4.4, top row). On declines SOL absorbed power from the trunk (Figure 4.3, 

first column), and during stance on declines was seven times greater at -9° compared to -3° 

(Figure 4.4, top row).  GAS transferred power from the trunk to the ipsilateral leg on all slopes 

(Figure 3, second column). RF and VAS absorbed more power from the ipsilateral leg on 

declines than on level-ground and inclines, with an increase in mean power absorption during 

stance of more than 160% in both of these muscle groups at -9° compared to 0° (Figure 4.4, 

middle row). HAM and GMAX transferred power from the trunk to the legs to a greater extent 

on inclines than on level-ground or declines (Figure 4.3, columns 5 and 6). At +9° compared to 

0°, HAM absorbed 230% more power from the trunk (p<0.001), generated 200% more power to 

the ipsilateral leg (p<0.001), and generated 210% more power to the contralateral leg (p<0.001) 

during stance (Figure 4.4). Also at +9° compared to 0°, GMAX absorbed 140% more power  
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Figure 4.3: Net power delivered to trunk (pelvis and torso; top row) and left leg (toes, calcaneus, 
talus, tibia, and femur; bottom row) during stance, averaged across participants and normalized 
by segment mass. 

 

Figure 4.4: Mean (±SD) segment power in trunk and leg during left leg stance, normalized by 
segment mass. Significant differences relative to level-ground are indicated by ‘*’. 
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from the trunk (p<0.001), generated 175% more power to the ipsilateral leg (p<0.001), and 

generated 165% more power to the contralateral leg (p<0.001) during stance (Figure 4.4). 

4.5. Discussion 

 Our goal was to quantify the muscle function underlying kinematic and kinetic changes 

for sloped compared to level-ground walking. The results of this study showed that muscle 

function varies with slope, and our hypotheses for specific muscle groups were largely 

supported. 

Our first hypothesis, that SOL and GAS would have increased contributions to body 

COM acceleration and trunk and ipsilateral leg power on inclines, was supported in regard to 

COM acceleration and partially supported in regard to trunk and ipsilateral leg power. The power 

generated to the trunk by SOL on level-ground and inclines was consistent with previous results 

of level-ground walking (Neptune et al., 2001); however, SOL absorbed power from the trunk 

during decline walking (Figure 4.4). A post-hoc analysis of induced joint accelerations and joint 

angles showed that while SOL accelerated the ipsilateral hip, knee, and ankle into 

extension/plantarflexion during late stance (30-60% ipsilateral leg GC) on all slopes (Figure 4.5), 

the mean magnitudes of these induced accelerations were lower at -9° compared to +9° (p<0.001 

for all three joints). The ipsilateral knee was more flexed during late stance on declines compared 

to inclines, with a mean flexion angle of 31.6±8.4° on the -9° slope compared to 7.75±5.4° on 

the +9° slope (p<0.001). Also, the mean lumbar joint angle during the entire gait cycle was more 

flexed on inclines, with 0.8±6.0° of flexion on the -9° slope compared to 9.2±5.6° of flexion on 

the +9° slope (p<0.001). Other studies have also found that leaning forward (anterior tilt of the 

trunk) is a key postural adaptation to uphill walking (Leroux et al., 2002). These kinematic 



 71 

changes at the knee and lumbar joint contributed to SOL absorbing power from, rather than 

generating power to, the massive trunk segment when walking downhill.  

 

Figure 4.5: Accelerations induced in the ipsilateral (Ipsi) leg joints by SOL during stance. 
 
 

We expected that GAS would generate greater power to the ipsilateral leg on inclines 

because GAS initiates leg swing during level-ground walking (Neptune et al., 2001) and the need 

to raise the leg against gravity is greater during incline walking than on level ground. However, 

contrary to our hypotheses, GAS did not provide greater power to the ipsilateral leg on inclines 

relative to level ground (Figure 4.4). Instead, the hip extensors (HAM and GMAX) generated 

power to the contralateral leg (Figure 4.3, bottom row) during 0-30% of the ipsilateral leg gait 

cycle, which corresponds to pre- and early-swing in the contralateral leg. The hip extensors 

accelerated both hips into extension during early ipsilateral stance while also accelerating the 

contralateral knee and ankle into extension/plantarflexion (Figure 4.6). Our results suggest that 
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while the biarticular GAS did indeed provide power to the ipsilateral leg to initiate swing on all 

slopes, the function of GAS was not as strongly affected by slope as the uniarticular SOL, which 

transferred more power from the leg to the trunk on inclines than level ground (Figure 4.4). 

 

Figure 4.6: Accelerations induced in the ipsilateral (Ipsi) hip and all contralateral (Contra) leg 
joints by HAM and GMAX during stance. 
 
 

Our second hypothesis, that the hip extensors would be important for accelerating the 

body COM and generating power to the trunk and ipsilateral leg, was also partially supported. 

HAM and GMAX transferred power from the trunk to both legs (Figure 4.3, Figure 4.4) while 

generating net positive power (i.e., more power generated to the legs than absorbed from the 

trunk) for all slopes in early stance, consistent with the function of HAM during level-ground 

walking (Neptune et al., 2004; Silverman and Neptune, 2012). The amount of power absorbed 
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from the trunk and generated in both the ipsilateral and contralateral legs by HAM and GMAX 

approximately doubled from 0° to +9° (Figure 4.4). While HAM and GMAX generated power to 

both legs in early stance, the hip flexors (IL), which were not included in our initial hypotheses, 

generated power to the ipsilateral leg in late stance (Figure 4.3). Thus, the contralateral HAM 

and GMAX, in combination with the ipsilateral IL and GAS, are important for generating energy 

to the ipsilateral leg during its pre-swing phase (50-60% ipsilateral gait cycle). Our HAM and 

GMAX results are consistent with the increased hip extensor moment on inclines relative to 

level-ground (Figure 4.1), as also shown in previous work (Lay et al., 2006). Notably, the 

relative contributions of HAM and GMAX to body COM accelerations in the parallel and normal 

directions were small compared to the contributions of the ankle plantarflexors and knee 

extensors (Figure 4.2, rows 1 and 2). The small COM accelerations induced by HAM and 

GMAX demonstrate that interpretation of muscle function is aided by a segment approach that 

reveals the transfer of power between body segments. 

Our final hypothesis, that RF and VAS would provide braking acceleration and absorb 

power from the ipsilateral leg, was largely supported. Both muscle groups accelerated the COM 

backward and absorbed power from the ipsilateral leg on declines, but RF generated more power 

to the trunk on declines than level ground. Overall, these muscle results are consistent with the 

greater knee extension moment during decline compared to level-ground walking (Figure 4.1) 

(Lay et al., 2006), and greater mean and peak VAS activity (Lange et al., 1996b) and longer 

duration of RF and VAS activity (Lay et al., 2007a) . In addition, our RF and VAS results are 

supported by the greater knee mechanical power and greater knee joint flexion angles on declines 

compared to level ground (Kuster et al., 1995), which suggests that  the knee is largely 

responsible for lowering the body (Redfern and Dipasquale, 1997).   



 74 

 The mediolateral accelerations of the COM were smaller than in the other directions, and 

muscles such as GMED that contribute to mediolateral motion (Pandy et al., 2010; Silverman 

and Neptune, 2012) did not show statistical differences between slopes. Our results showed that 

the ankle plantarflexors contribute to medial acceleration of the body COM, which is contrary to 

previous results (Pandy et al., 2010) but consistent with other studies that used a “rolling without 

slipping” ground contact model (Dorn et al., 2012). However, there was large variability in the 

subtalar and hip rotation angles across participants, which may influence the plantarflexor 

function in the mediolateral direction. In addition, plantarflexor regulation of mediolateral 

balance has been previously shown to be sensitive to foot placement (Silverman and Neptune, 

2012).  

 A potential limitation of this study is the sensitivity of IAA (and thus segment power 

analysis) to the ground contact model. Our results agree well with other studies that used the 

“rolling without slipping” kinematic constraint (Dorn et al., 2012; Hamner and Delp, 2013; 

Steele et al., 2013), but have some differences from other studies that used five time-varying 

kinematic constraints (Lin et al., 2015; Pandy et al., 2010) and a GRF decomposition method 

using viscoelastic elements with Coulomb friction (Neptune et al., 2001; Silverman and Neptune, 

2012) to model ground contact. We elected to use the “rolling without slipping” contact model 

due to its computational efficiency, which facilitated generating a large number of simulations. 

Our key muscle results of ankle plantarflexor function in late stance, hip extensor function in 

early stance, and vasti function in early stance in the sagittal plane are supported by multiple 

studies that have used different contact models; thus we do not expect these to change with 

ground contact model selection (Neptune et al., 2001; Pandy et al., 2010; Steele et al., 2013, 

2010). However, the contact model affects whether SOL provides braking or propulsion in early 
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to mid-stance and the medial versus lateral contributions of GAS, SOL, and VAS to COM 

accelerations (Figure A.2). These differences have been previously documented (Dorn et al., 

2012), and should be noted when interpreting the results of this study.  

 Our results provide a baseline for investigating a wide range of populations. For example, 

individuals with unilateral transtibial amputation using passive prostheses frequently compensate 

for lost ankle muscle function by increasing the power and work from the hip extensors in the 

affected leg (Silverman et al. 2008). Our results suggest that non-amputees rely heavily on the 

hip extensors to generate power on inclines.  Thus, attempting to use a hip compensation strategy 

may place unrealistic demands on HAM and GMAX on extreme slopes of +9˚ and make these 

walking conditions difficult for people with leg amputations. In addition, traditional prostheses 

do not span the knee joint like the biarticular GAS. GAS is primarily responsible for initiating 

leg swing during level-ground walking (Neptune et al., 2001), and our results suggest that 

contributions to leg swing initiation from GAS are not greatly increased on inclines. Thus, if an 

assistive device can replicate the function of the biarticular GAS on level-ground, it may also 

function well on inclines because the demands are similar. Gait deviations in impaired 

populations are also frequently attributed to muscle weakness, such as plantarflexor weakness in 

individuals who have experienced a stroke (Nadeau et al., 1999) or knee extensor weakness in 

individuals with transtibial amputation (Langlois et al., 2014; Schmalz et al., 2001) or total knee 

arthroplasty (Mizner and Snyder-Mackler, 2005). Sloped walking is likely especially challenging 

for these populations because of the greater power requirements on extreme inclines (e.g., SOL, 

HAM, GMAX) and declines (e.g., RF, VAS). 
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4.6. Conclusion 

We quantified the function of major lower limb muscle groups for walking on slopes. We 

performed a total of 273 simulations, which allowed for statistical analyses of the simulation 

outputs. We found that SOL and GAS were crucial for generating power to the trunk and leg 

during incline walking, similar to level-ground. However, while SOL provided more power to 

the trunk at greater inclines, the power generated by GAS to the leg had few significant 

differences from level ground walking. Instead, HAM and GMAX generated the additional 

power in the contralateral leg that was needed to initiate swing on inclines. HAM and GMAX 

were also important for generating more net power and delivering it to the ipsilateral leg on 

inclines than level-ground. During decline walking, the knee extensors (RF and VAS) absorbed 

more power from the ipsilateral leg and provided more backward (braking) acceleration to the 

body COM, which helped control descent. The body COM accelerations in the mediolateral 

direction had large variability and were not affected by slope. The results of this study provide an 

important baseline understanding of unimpaired muscle function during sloped walking, which 

can be used to develop rehabilitation programs that target specific muscle groups as well as to 

evaluate and design assistive devices that restore or replace muscle function in impaired 

populations.  
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5.1. Abstract 

Sloped walking is a challenging task for individuals with transtibial amputation, which 

results in compromised function of the ankle plantarflexor muscles. Individuals with transtibial 

amputation commonly compensate for lost ankle function with greater power from the prosthetic 

leg hip extensors on inclines and reduced knee power absorption in the prosthetic leg on 

declines. Several studies have used musculoskeletal modeling and simulation to investigate 

muscle and prosthesis function during level-ground walking, where function is quantified by the 

amount of power generated to, absorbed from, or transferred between body segments, However, 

it remains unclear how passive and powered prostheses affect muscle function during sloped 

walking. The purpose of this study was to use segment power analysis to quantify the functional 

roles of passive and powered prostheses during sloped walking. We hypothesized that, relative to 

able-bodied people, individuals with transtibial amputation would use the prosthetic leg hip 
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CHAPTER 5 
   

CONTRIBUTIONS OF PASSIVE AND POWERED PROSTHESES TO SEGMENT POWER 
DURING SLOPED WALKING 
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extensor muscles to generate more power to both legs on inclines, that the knee extensors in the 

prosthetic leg would absorb less power from the ipsilateral leg on declines, and that the powered 

prosthesis would function more similarly to a biological ankle compared to the passive prosthesis 

in terms of the power generated to the trunk and ipsilateral leg. Our hypotheses regarding the hip 

extensor compensation on inclines and reduced knee extensor function on declines were 

supported.  We found no statistically significant differences in function between the passive and 

powered prostheses, although the powered prosthesis reduced the hip compensation in the 

prosthetic leg on inclines. In addition, few observed differences between prosthetic and 

biological ankle function may be due to large inter-subject variability in joint kinematics, 

particularly at the prosthetic leg knee joint. These results suggest that there are functional 

benefits to using a powered prosthesis during incline walking in terms of reducing the demand 

on the hamstrings. Neither passive nor powered prostheses replaced the function of the 

biarticular gastrocnemius, but rather functioned similarly to the soleus in absorbing power from 

the leg and transferring it to the trunk. The addition of more subjects to the analysis may help to 

further characterize functional differences between prostheses. 

5.2. Introduction 

Transtibial amputation (TTA) results in lost ankle plantarflexor function that can 

adversely affect mobility. The plantarflexors comprise the uniarticular soleus and biarticular 

gastrocnemius, which musculoskeletal modeling and simulation studies have demonstrated to 

affect whole-body motion differently despite their similar anatomical location (Neptune et al., 

2001). Musculoskeletal simulations also make it possible to calculate the amount of power 

generated to or absorbed from body segments by each force acting on the model (Fregly and 

Zajac, 1996; Neptune et al., 2004; Silverman and Neptune, 2012), which serves to quantify the 
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function of each force. Previous segment power analyses showed that in able-bodied individuals, 

the hip extensors are important for generating power to both the swing and stance legs on 

inclines, and that the knee extensors absorb power from the ipsilateral leg during stance on 

declines (CHAPTER 4). With regard to individuals with transtibial amputation, modeling and 

simulation studies have found that passive prostheses can partially replicate the function of the 

soleus in providing body support and transferring power to the trunk, but cannot perform the 

function of the gastrocnemius in generating power to the ipsilateral leg during level-ground 

walking (Silverman and Neptune, 2012; Zmitrewicz et al., 2007). Furthermore, these studies 

have shown compensations in other muscles such as the prosthetic leg hip extensors and intact 

leg knee extensors (Fey et al., 2013) and reduced function in the prosthetic leg knee extensors 

(Silverman and Neptune, 2012). However, musculoskeletal modeling and simulation have not 

been used to study the effects of TTA on the musculoskeletal system during sloped walking. 

Walking on inclines and declines is an important activity of daily living that can be 

challenging for individuals with TTA. For able-bodied people, walking up an incline requires 

increased duration and magnitude of electromyographic (EMG) muscle activity in the hip 

extensors (Lay et al., 2007b) and increased hip and ankle range of motion (Lange et al., 1996a) 

compared to level-ground walking, while walking down a decline requires increased duration 

and magnitude of knee extensor activity (Lay et al., 2007b) and greater knee power absorption 

(Kuster et al., 1995) than level-ground walking. Individuals with TTA rely on the hip extensors 

even more than able-bodied individuals during incline walking, generating more power in the hip 

of the prosthetic leg (CHAPTER 2). On declines, individuals with TTA do not absorb as much 

knee power in the residual leg as able-bodied individuals (Fradet et al., 2010), possibly due to 

weakness of the quadriceps in the amputated limb (Langlois et al., 2014) or discomfort due to 
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socket pressure (Wolf et al., 2009). However, these previous studies of sloped walking in 

individuals with TTA mostly investigated the effects of using passive or quasi-passive 

prostheses.   

Powered ankle-foot prostheses generate net positive power at the ankle joint (Au et al., 

2007; Eilenberg et al., 2010), which reduces metabolic energy expenditure during level-ground 

walking relative to conventional passive prostheses (Herr and Grabowski, 2011). The powered 

prosthesis is tuned to replicate the ankle work of an average biological ankle during walking. 

However, it is unclear if providing normative ankle power significantly affects forward 

propulsion and leg swing initiation or reduces muscle compensations in comparison to a passive 

prosthesis, particularly on slopes.  

Thus, our goal in this study was to use a segment power analysis in a musculoskeletal 

modeling framework to gain a better understanding of the functional roles of passive and 

powered prostheses in redistributing power throughout the body segments during sloped 

walking. We hypothesized that individuals with TTA using both ESR and PWR would 

compensate with the hip extensors to generate even more power to the legs than able-bodied 

individuals on inclines and that the knee extensors in the prosthetic leg would absorb less power 

from that limb than is typical in the able-bodied knee extensors during decline. In addition, we 

expected that the function of the powered prosthesis would be more similar to biological ankle 

function than a conventional passive prosthesis, but that the function of the biarticular 

gastrocnemius would still be lacking in in the powered prosthesis. 

5.3. Methods 

Three healthy adults (1female/2 male, 70±14 kg, 175±9 cm, 38±10 years) and three 

individuals with unilateral TTA (2 female/1 male, 74±20 kg, 172±10 cm, 46±3 years) provided 
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informed written consent to participate in the experimental protocol approved by the Department 

of Veterans Affairs’ Human Subjects Institutional Review Board. Participants walked on an 

instrumented dual-belt treadmill (Bertec Corp., Columbus, OH) at 1.25 m/s and slopes of 0°, 

±3°, and ±6° while bilateral ground reaction forces (GRFs) (1500 Hz) and whole-body 

kinematics (100 Hz, Vicon Inc., Centennial, CO) were collected. Individuals with TTA 

performed the protocol using their clinically prescribed passive prosthesis as well as the BiOM 

(BionX Medical Technologies, Inc., Bedford, MA) powered prosthesis. The BiOM was fit and 

aligned to each participant by a certified prosthetist, and each participant walked with the BiOM 

for 6-8 hours prior to data collection. The BiOM was tuned to within one standard deviation of 

the mean range of motion, peak moment, peak power, and net work a biological ankle at each 

slope. For each person, three gait cycles (heel strike to consecutive heel strike of the same leg) 

were analyzed for each slope. 

5.3.1. Musculoskeletal Simulation Development 

 Kinematic marker trajectories were low-pass filtered with a cutoff frequency of 6 Hz 

using a 4th order bidirectional Butterworth filter in Visual3D (C-Motion, Inc., Germantown, 

MD).  Joint angles were computed using a least squares optimization approach to inverse 

kinematics (Lu and O’Connor, 1999) and were low-pass filtered with a 6 Hz cutoff frequency. 

Force data were also low-pass filtered with a 6 Hz cutoff to eliminate noise caused by vibrations 

in the treadmill (Antonsson and Mann, 1985; Kram et al., 1998; Riley et al., 2007) and maintain 

consistency between data types (Bisseling and Hof, 2006; Kristianslund et al., 2012). 

Musculoskeletal models were created in OpenSim 3.1 (Delp et al., 2007) by scaling the size and 

inertial properties of the body segments in the Gait2392 model (Anderson and Pandy, 1999; Delp 

et al., 1990). The scale factors for each segment were computed from a static trial in Visual3D. 
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The metatarsophalangeal joints were locked at 0̊ in all models. Passive structures were 

represented by generalized torques applied to each rotational DOF as an exponential function of 

joint angle (Anderson, 1999; Davy and Audu, 1987). The prostheses were modeled by removing 

all muscles crossing the ankle joint in the musculoskeletal model and replacing them with a 

generalized rotational actuator at the ankle. The subtalar joint in the prosthetic leg was locked at 

0̊. The inertial properties of the BiOM were assumed to be the same as a biological limb (Herr 

and Grabowski, 2011). For the passive prosthesis, the distance between the knee joint and tibia 

COM was reduced by 25% and the tibia mass reduced by 50%. A residual reduction algorithm 

(RRA) was used to improve dynamic consistency in the simulations by adjusting the total model 

mass and torso COM location (Delp et al., 2007). We then used a computed muscle control 

(CMC) algorithm to determine muscle forces that reproduced the inverse kinematics solution 

from RRA while minimizing the sum of squared muscle excitations.  

5.3.2. Segment Power Analyses 

We performed segment power analysis to determine the instantaneous power delivered to 

the body segments by each force in the model (Fregly and Zajac, 1996). We replaced the GRF 

with a “rolling without slipping” kinematic constraint (Hamner et al., 2010) and solved the 

system equations of motion for the resulting accelerations due to each force acting on the model. 

The induced segment accelerations were multiplied by the experimentally observed segment 

velocity to calculate the amount of power generated to or absorbed from that segment. The net 

power delivered to the trunk (pelvis and torso) and legs (toes, calcaneus, talus, tibia, and femur in 

each leg) was calculated by summing the linear and rotational power delivered to each body 

segment by each individual model force (e.g., muscle, prosthesis, gravity, Coriolis), and was then 

normalized by the segment mass. Specifically, we investigated the power to the trunk and legs 



 83 

from the hamstrings (HAM), gluteus maximus (GMAX), rectus femoris (RF), vasti (VAS), 

soleus (SOL), gastrocnemius (GAS), ESR and PWR prostheses, and the net contributions of all 

muscles crossing the ankle joint. 

5.3.3. Statistical Comparisons 

 A linear mixed effects ANOVA (Pinheiro et al., 2015) was used to compare the average 

power delivered to the trunk and legs by the muscles and prostheses during stance (0-60% of the 

respective leg gait cycle). Slope (0°, ±3°, and ±6°) and leg type (AB, PWR prosthetic, PWR 

intact, ESR prosthetic, ESR intact) were fixed effects in the model and participant was a random 

effect. When a significant slope effect was found, post-hoc comparisons were performed using 

least squares means and Tukey’s method for p-value adjustments (Lenth and Hervé, 2015). 

5.4. Results 

 Nearly all of the comparisons showed either significant main or interaction effects in the 

average power delivered to the segments during stance (Table 5.1). The magnitude of power 

delivered to the contralateral leg by the plantarflexors, prostheses, and knee extensors was small 

relative to the trunk and ipsilateral leg power and not relevant to our hypotheses, so those results 

were not reported. 

Table 5.1: Significant main and interaction effects from the ANOVAs comparing the power 
delivered to the trunk and legs by each muscle group. The prostheses were compared to the sum 
of all muscles crossing the ankle joint (Ankle Sum). N/R indicates values that are not reported 
because the power delivered to that segment was not relevant to our hypotheses. 
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Figure 5.1: Mean (SD) of the average segment power delivered to the trunk and legs during 
stance by the hamstrings (HAM) and gluteus maximus (GMAX) of the prosthetic (pros) and 
intact legs when using the powered (PWR) and passive (ESR) prostheses and the average able-
bodied (AB) leg. Significant differences (α=0.05) are indicated between intact and prosthetic 
legs (L), relative to AB (A), and between ESR and PWR (P), with p<0.001 indicated by ‘*’. 
 
 
5.4.1. Hip Extensors 

 The prosthetic leg HAM absorbed more power from the trunk and generated more power 

to both legs than the intact leg HAM when using both ESR and PWR at +3° and +6° (Figure 5.1, 

all p<0.001). The mean values for prosthetic leg HAM relative to the intact leg HAM were more 

than three times greater when using ESR and at least 2.5 times higher when using PWR. When 

using ESR the prosthetic leg HAM also absorbed more than twice as much power from the trunk 

and generated at least 2.5 times more power to the ipsilateral leg relative to AB at +3° and +6° 



 85 

(all p<0.001), and also generated more than twice as much power to the contralateral leg relative 

to AB at +3° (p=0.003) and +6° (p=0.002). There were no significant differences in HAM when 

using PWR compared to AB, and the power delivered to the ipsilateral leg by the prosthetic leg 

HAM was lower in PWR than ESR at +3° (p=0.005) and +6° (p=0.018). The amount of power 

absorbed from the trunk and generated to the ipsilateral leg by GMAX in the prosthetic and 

intact legs were significantly different at +6° when using both ESR and PWR (p<0.001), but in 

this case GMAX in the prosthetic leg transferred less power between segments than in the intact 

leg (Figure 5.1). There were also differences relative to AB at +6° in the amount of power 

absorbed from the trunk by the prosthetic leg GMAX when using ESR (p=0.018) and in the 

power generated to the ipsilateral leg by the prosthetic leg GMAX when using PWR (p=0.012). 

 

Figure 5.2: Mean (SD) of the average segment power delivered to the trunk and ipsilateral leg 
during stance by the rectus femoris (RF) and vasti (VAS) of the prosthetic (pros) and intact legs 
when using the powered (PWR) and passive (ESR) prostheses and the average able-bodied (AB) 
leg. Significant differences (α=0.05) are indicated between intact and prosthetic legs (L) and 
relative to AB (A), with p<0.001 indicated by ‘*’. 
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5.4.2. Knee Extensors 

 RF in the prosthetic leg generated less than half as much power to the trunk in 

comparison to the intact leg at -6° when using both ESR and PWR, while VAS in the intact leg 

generated less than a third of the trunk power of the prosthetic leg at -6° (Figure 5.2). The 

prosthetic leg RF absorbed less than half as much power from the ipsilateral leg relative to the 

intact leg RF (all p<0.001). In addition, in comparison to AB, the prosthetic leg RF generated 

approximately a third as much power to the trunk when using PWR (p=0.023) and ESR 

(p=0.002) and absorbed about a third as much power from the ipsilateral leg when using PWR 

and ESR (both p<0.001). The intact leg VAS generated less power to the trunk than AB when 

using PWR (p=0.013). 

5.4.3. Prosthesis and Ankle Muscles 

 Both the ESR and PWR prostheses absorbed less power from the trunk than the AB ankle 

muscles on all slopes (Figure 5.3), with p<0.001 in all cases except for PWR at +6° (p=0.005). 

The only significant differences between prostheses and AB were the trunk power absorbed by 

ESR at +6° (p=0.023) and the ipsilateral leg power generated by ESR intact SOL at -6° 

(p=0.036). In general there was large variability in the amount of power delivered to the trunk 

and leg by ESR and PWR. 

5.5. Discussion 

 In this study we generated simulations of three individuals with TTA and three AB 

individuals walking on 0°, ±3°, and ±6° slopes in order to investigate muscle and prosthesis 

function during sloped walking. We expected that individuals with TTA would utilize a hip 

extensor compensation strategy on inclines, that the knee extensors in the prosthetic leg of 

individuals with TTA would absorb less power from the ipsilateral leg than AB on declines, and  
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Figure 5.3: Mean (SD) of the average segment power delivered to the trunk and ipsilateral leg 
during stance by the prosthesis (Pros) or all ankle muscles (Ankle Sum), soleus (SOL), and 
gastrocnemius (GAS). SOL and GAS are excluded for the prosthetic (pros) leg. Significant 
differences (α=0.05) are indicated between intact and prosthetic legs (L) and relative to AB (A), 
with p<0.001 indicated by ‘*’. 
 
 
that on all slopes PWR would be more similar to AB than ESR but still would not provide the 

function of the biarticular GAS. 

 Our first hypothesis, regarding hip extensor compensation on inclines, was supported. 

Individuals with TTA used a hip compensation strategy during incline walking regardless of 

prosthesis type. HAM in the prosthetic leg absorbed more power from the trunk and generated 

more power to both legs on nearly all slopes compared to HAM in the intact leg, suggesting that 

individuals with TTA rely heavily on the prosthetic leg HAM for extending the ipsilateral leg 

and initiating swing in the contralateral leg during incline walking regardless of prosthesis type. 

Our results are consistent with the hip compensation strategy during incline walking that has 

been previously observed in the net joint power generated in the prosthetic leg hip (Langlois et 

al., 2014; CHAPTER 2) and magnitude and duration of hip extensor activity (Lay et al., 2007a).  
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However, our simulations add a new layer of detail to the understanding of hip compensation 

during sloped walking, as individuals with TTA relied more on HAM than GMAX to absorb 

power from the trunk and generate power to the ipsilateral leg. These findings are similar to 

previous level-ground simulation studies that showed that HAM is the primary muscle used to 

compensate for low stiffness in a passive prosthesis (Fey et al., 2013). However, while there 

were still differences between HAM in the intact and prosthetic legs when using PWR, there 

were not differences relative to AB, suggesting that using PWR reduces HAM compensations 

during incline walking.  

 

Figure 5.4: Mean power delivered to the trunk and ipsilateral leg by the powered (PWR Pros) 
and passive (ESR Pros) prostheses and the sum of all ankle muscles (Net Ankle Muscles), as 
well as the individual contributions of the major ankle muscles, the soleus (SOL), gastrocnemius 
(GAS), and tibialis anterior (TA). Results are shown for stance phase (0-60% of the respective 
leg gait cycle).  
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 Our hypothesis regarding reduced knee extensor function in the prosthetic leg on declines 

was also supported. RF in the prosthetic leg delivered less power to the trunk and absorbed less 

power from the ipsilateral leg relative to the intact leg RF when walking at -6° (Figure 5.2). Both 

ESR and PWR prostheses absorbed less power from the trunk when walking at -6° (Figure 5.3), 

which may result in a decreased need for power delivery to the trunk from RF. This result is 

similar to previous level-ground simulation results which found that RF in the prosthetic leg 

contributes less to braking relative to AB (Silverman and Neptune, 2012), and may be related to 

atrophy of the knee extensors that can occur in individuals with TTA (Moirenfeld et al., 2000). 

 In general, our hypothesis that PWR would function more similarly to a biological ankle 

relative to ESR was not supported. There were no differences between ESR and PWR in terms of 

power delivered to the trunk or ipsilateral leg, and there was less power absorption from the 

trunk by the prostheses than the intact ankle on all slopes. Despite the lack of direct differences 

in function between PWR and ESR, PWR did reduce the compensation in the prosthetic leg 

HAM (Figure 5.1). There are several possible explanations for the lack of significant differences 

in function, despite the fact that PWR performs net positive work during the gait cycle. First, 

neither prosthesis appears to perform the function of the biarticular GAS, which transfers power 

from the trunk to the leg on all slopes (Figure 5.3). Particularly on inclines, GAS dominates the 

net power absorbed from the trunk during mid to late stance (Figure 5.4). Interestingly though, 

PWR does not simply exaggerate the function performed by ESR (i.e., increase extrema), but 

rather appears to perform more similarly to the biological ankle during approximately 30-50% 

gait cycle (Figure 5.4). However, these mean traces should be interpreted with caution. The 

variability in power delivered to the segments by the prostheses, which was high on all slopes, 
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but especially so on inclines (Figure 5.3), was large and is not included in the figure in order to 

enhance readability.   

The variability in prosthesis function may be due in part to inter-subject variability in 

joint kinematics, particularly at the knee of the prosthetic leg (Figure 5.5). Each person appears 

to have a particular walking strategy that is consistent across trials but is different from the other 

participants. This may suggest that the function of a prosthesis is highly person-specific and is a 

unique contribution of this study, as several previous simulation studies of prosthesis function 

evaluated a single simulation based on average kinematics (Fey et al., 2013; Silverman and 

Neptune, 2012; Zmitrewicz et al., 2007). The inclusion of more participants with TTA in future 

work will help better understand factors that influence prosthesis function. 

 

Figure 5.5: Knee flexion angles from individual trials for the prosthetic (pros, dashed lines) and 
intact (solid lines) of each person with TTA. Each person is shown with a different line color. 
The mean able-bodied knee angle ±1 standard deviation is shown in shaded gray. 

 

This study has several potential limitations that should be noted. First, we did not use 

detailed models of the ESR and PWR prostheses, but rather approximated the behavior of the 

devices using a single torque actuator at the ankle joint rather than deformation along the length 



 91 

of the prosthetic foot. While this may limit the fidelity of our results, it provides approximately 

the same level of detail as a conventional inverse dynamics analysis, which is commonly used to 

study the kinetics and kinematics of prostheses (Aldridge et al., 2012). Another limitation is that 

these results are based on simulations of only three people with TTA (three trials per slope for 

each person). In the future we intend to generate sloped walking simulations for additional 

subjects. 

5.6. Conclusion 

We performed musculoskeletal simulations of individuals with and without TTA walking 

on inclines and declines. We identified muscle compensations from HAM in the prosthetic leg, 

which absorbed more power from the trunk and generated more power to the legs relative to 

HAM in the intact leg. On the -6° decline, RF in the prosthetic leg generated less power to the 

trunk and absorbed less power from the ipsilateral leg relative to RF in the intact leg, consistent 

with other studies that have shown reduced braking in the knee extensors of the prosthetic leg. 

There were no differences between ESR and PWR in terms of mean power delivered to the trunk 

and legs over stance, although PWR reduced the compensation in HAM relative to ESR. 

Consistent with other simulation studies of level-ground walking, both ESR and PWR absorbed 

power from the leg and delivered it to the trunk during stance, which is similar to the uniarticular 

SOL and in contrast to the biarticular GAS. The few significant differences between the 

prostheses and the AB ankle may be due to person-specific kinematic strategies in individuals 

with TTA that results in large inter-subject variability. The results of this study suggest that PWR 

provides benefits in comparison to ESR in the reduction of a hip compensation strategy, but that 

neither prosthesis provides the function of GAS for a range of slope angles.  
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 In this work, multiple analyses were conducted in order to quantify the effects of passive 

and powered prostheses on the musculoskeletal system during sloped walking. Dynamic balance 

was investigated using whole-body angular momentum and inverted pendulum models, and 

muscle function was quantified using musculoskeletal modeling and simulation along with 

analysis of the power delivered to the trunk and legs by the muscles and prostheses.  

 Overall, there were fewer differences than expected between passive and powered 

prostheses. The range of sagittal-plane angular momentum during prosthetic leg stance was 

increased when using both passive and powered prostheses. A larger range of angular 

momentum requires greater muscle forces to regulate and therefore places increased demand on 

the musculoskeletal system. Thus, the increased range of angular momentum suggests increased 

fall risk during incline and decline walking for people with transtibial amputation compared to 

able-bodied people. These results are similar to previous studies that have found few differences 

between passive and powered prostheses (Gates et al., 2013; Pickle et al., 2014), and provide 

evidence that while restoring ankle power significantly reduces metabolic cost during level-

ground walking (Herr and Grabowski, 2011), it does not necessarily lead to improved regulation 

of dynamic balance on slopes. 

 Inverted pendulum models were also used to investigate dynamic balance. These models 

showed that individuals with transtibial amputation used a conservative foot placement strategy 

in the prosthetic leg on declines. While this foot placement strategy may be intended to 

compensate for decreased proprioception and control in the prosthesis, the increased moment 

CHAPTER 6 
   

CONCLUSIONS AND FUTURE WORK 
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arm about the COM may lead to an increased range of whole-body angular momentum that 

results in increased fall risk. The relationship between increased margin of stability and greater 

range of whole-body angular momentum has been observed in other studies (Vistamehr et al., 

2016), and suggests that the stability predictions made by inverted pendulum models should be 

interpreted carefully. In addition, the inverted pendulum models do not appear to be strongly 

affected by slope angle. While there were significant differences between model predictions, the 

magnitude of these differences were small.  

 Musculoskeletal simulations showed that the ankle plantarflexors are critical for walking 

on inclines, but that the uniarticular soleus changes function on declines while the biarticular 

gastrocnemius is largely unaffected by slope angle. The gastrocnemius is important for 

generating energy to the ipsilateral leg to initiate swing on level ground (Neptune et al., 2001), 

but the demand on this muscle does not appear to increase on inclines. Rather, the results showed 

that the hip extensors generate large amounts of power to the contralateral leg to help initiate 

swing on inclines. These simulation results provide a baseline of muscular functional roles in 

unimpaired individuals, which can be used to gain insight into those with various 

musculoskeletal impairments, such as people with stroke, cerebral palsy or lower-limb 

amputation.  

 Extending the musculoskeletal analysis to individuals with transtibial amputation, the 

simulation results showed that the hamstrings compensate for the lack of ankle plantarflexor 

function on inclines. This finding is important for developing strength training programs for 

individuals with amputation, as adequate strength in the hamstrings is necessary to be able to 

maintain mobility on inclines. In addition, this compensation may be useful for understanding 

secondary conditions such as hip osteoarthritis (Kulkarni et al., 1998) in the prosthetic leg of 
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people with an amputation, which may be related to greater forces from the hip muscles. 

Similarly to the analyses of dynamic balance, there were few differences between passive and 

powered prostheses, which may be related to variability in knee kinematics among individuals 

with transtibial amputation. However, the results of this work provide an understanding of the 

functional role of the powered prosthesis during sloped walking, which can help guide future 

prosthesis design based on the function of the device in transferring power between body 

segments rather than matching the net moment and power of a biological ankle. 

 In summary, this work made several novel and valuable contributions to the existing 

literature regarding sloped walking when using passive and powered prostheses: 

• Quantified dynamic balance using whole-body angular momentum. This analysis 

identified how the regulation of dynamic balance is altered in people with an amputation, 

and how this changes on inclines and declines in comparison to level ground. The results 

suggested that fall risk for people with TTA is greatest during prosthetic limb stance. 

• Applied three different inverted pendulum models to sloped walking to assess dynamic 

stability in people with and without amputation.  The output metrics of these different 

models were compared and suggestions for future validation of these models for use on 

slopes were provided. 

• Generated a total of 273 musculoskeletal simulations of able-bodied individuals walking 

on slopes, providing a large-scale simulation analysis that was evaluated statistically. 

• Generated simulations of individuals with TTA walking on slopes while using both 

passive and powered prostheses. 

• Analyzed the functional roles of muscles and prostheses during incline and decline 

walking for people with and without amputation.  Muscle compensations in people with 
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an amputation were identified, providing suggestions for rehabilitation and future 

prosthetic device design. 

 This work provides an analysis of the effects of passive and powered prostheses on the 

musculoskeletal system during sloped walking. However, the best way to tune the powered 

prosthesis for individual users and for a variety of slopes remains unclear. Future work should 

utilize forward dynamic simulations to explore optimal power delivery from the prosthesis. It is 

possible that providing more power than a biological ankle or altering the timing of power 

delivery might further reduce muscle compensations. Some preliminary work has already been 

completed to generate these predictive simulations, and we hope to substantially contribute to 

this research direction in the future. 

 In addition, the source of the high variability in knee kinematics among individuals with 

transtibial amputation remains unclear. Previous studies have postulated that reduced knee 

extensor function may be due to weakness (Isakov et al., 1996; Moirenfeld et al., 2000; 

Silverman et al., 2008), but discomfort, residual limb length and socket fit may also play a role. 

Some promising results in reducing metabolic cost during level-ground walking have been found 

by adding an “artificial gastrocnemius” to the prosthesis to assist with knee power generation 

(Endo et al., 2009), and this may be an interesting avenue to pursue further given the effect knee 

kinematics appears to have on the power delivered to the body segments. 
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APPENDIX A: SUPPLEMENTARY FIGURES AND TABLES  

Table A.1: Pairwise comparison results (α=0.05) for the interaction between slope and leg. The prosthetic (pros) and intact legs of 
individuals with transtibial amputation using a passive (ESR) and powered (PWR) prosthesis were compared to the average (avg) 
able-bodied (AB) leg at each slope. p-values less than 0.001 are shown as 0, and p-values greater than 0.05 are indicated by ‘-’. 
Duplicated comparisons in the table are grayed out. 
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Table A.2: Pairwise comparison results (α=0.05) for the interaction between slope and leg. p-
values less than 0.001 are shown as 0, and p-values greater than 0.05 are indicated by ‘-’. 
Duplicated comparisons in the table are grayed out. 
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Figure A.1: Comparison of mean (±SD) EMG linear envelope (gray shaded area) with mean 
linear envelope of computed muscle control (CMC) excitations (±SD shown in solid blue). The 
relative timing and magnitude of excitations in the simulations compared well with EMG as 
slope varied. 
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Table A.3: Mean (SD) root-mean-square (RMS) residual forces and moments during the 
simulated gait cycles (from computed muscle control) at each slope, averaged across all 
participants and trials and normalized by body weight. 

FX FY FZ MX MY MZ
9˚ 1.12 (0.73) 1.82 (0.96) 0.69 (0.54) 1.55 (0.55) 0.82 (0.17) 2.10 (0.76)
6˚ 0.96 (0.61) 1.51 (0.94) 0.73 (0.42) 1.62 (0.53) 0.73 (0.15) 2.09 (0.73)

3˚ 0.67 (0.47) 0.81 (0.49) 0.66 (0.40) 1.57 (0.73) 0.76 (0.15) 1.67 (0.38)

0˚ 0.83 (0.72) 0.78 (0.64) 0.77 (0.53) 1.50 (0.59) 0.83 (0.16) 1.56 (0.59)
-3˚ 0.70 (0.56) 1.42 (1.13) 0.77 (0.54) 1.36 (0.50) 0.92 (0.15) 1.73 (0.70)
-6˚ 0.78 (0.66) 1.27 (1.17) 0.78 (0.56) 1.44 (0.60) 0.94 (0.19) 1.66 (0.72)

-9˚ 1.23 (0.83) 1.82 (1.32) 0.72 (0.48) 1.42 (0.56) 0.96 (0.21) 2.08 (0.66)
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cl

in
es

D
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lin
es
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Table A.4: Mean (SD) root-mean-square (RMS) tracking errors and reserve actuator torques 
during the simulated gait cycles, averaged across all slopes. Tracking errors represent the 
difference between model generalized coordinates from the inverse kinematics solution and the 
simulated motion from computed muscle control. All kinematic tracking errors and reserve joint 
torques were small, indicating high simulation quality. 

Coordinate

Rotational
Error (deg)

Reserve
Torque 
(Nm/kg)

Lumbar Extension 1.63 (0.99) 0.000 (0.00)
Lumbar Bending 0.87 (0.53) 0.000 (0.00)
Lumbar Rotation 0.72 (0.61) 0.000 (0.00)

R Hip Flexion 0.73 (0.54) 0.007 (0.01)
R Hip Adduction 0.53 (0.44) 0.014 (0.02)

R Hip Rotation 0.31 (0.31) 0.015 (0.02)
R Knee Flexion 0.43 (0.36) 0.034 (0.04)
R Ankle Flexion 1.28 (2.14) 0.100 (0.07)

R Subtalar Inversion 0.43 (0.31) 0.022 (0.01)
L Hip Flexion 0.63 (0.59) 0.013 (0.03)

L Hip Adduction 0.51 (0.49) 0.015 (0.02)
L Hip Rotation 0.32 (0.28) 0.010 (0.02)

L Knee Flexion 0.64 (1.63) 0.030 (0.07)
L Ankle Flexion 0.63 (1.11) 0.066 (0.08)

L Subtalar Inversion 0.52 (0.83) 0.013 (0.01)
Pelvis Tilt 0.20 (0.27)
Pelvis List 0.22 (0.32)

Pelvis Rotation 0.19 (0.17)

Translational
Error (cm)

Pelvis X 1.96 (0.91)
Pelvis Y 1.80 (0.80)
Pelvis Z 1.67 (0.95)
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Figure A.2: Body center of mass (COM) accelerations induced by muscle groups during left leg 
stance parallel to the treadmill (forward[+]/backward[-]), normal to the treadmill 
(upward[+]/downward[-]) and mediolateral (medial[+]/lateral[-]). 
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