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Chapter 1: Introduction 

 

Background 

There are over one million people in the US with lower limb loss [1] and this population commonly 

faces mobility impairments that negatively impact physical health and wellbeing. One of the major 

goals for individuals with lower-limb loss is retaining their mobility and independence to stay 

engaged in community and employment activities. However, mobility-related challenges make 

physical activity (e.g., walking) more difficult and fatiguing for this population [2]–[4]. For 

individuals with transtibial limb loss, there are a number of factors that can impair or reduce 

mobility. 

One contributing factor is the disruption of biological calf muscle function due to transection of 

the soleus and gastrocnemius muscles. Positive work is typically generated when the soleus and 

gastrocnemius muscles plantarflex the ankle during the push-off phase of walking [5]. Transtibial 

prosthesis users walking on commonly-prescribed passive feet face significant functional deficits 

including the inability to generate net positive push-off work from their prosthetic ankle-foot 

complex [6], [7].  

Manufacturers and research groups have sought to improve prosthetic ankles for walking, such as 

with passive Energy Storage and Return (ESR) feet and powered robotic ankle prostheses. The 

ESR feet leverage large, curved blades of fiberglass or carbon fiber to improve the cushioning and 

the energetic properties of prostheses compared to previous wooden and rubber prosthetic feet [8]. 

Composite ESR feet are thus able to store greater amounts of energy and release the energy during 

walking. But ESR feet are still passive devices and thus are not capable of generating any net 

positive work like a biological ankle [9]–[11]. The reduced push-off work from the prosthesis-side 

ankle is associated with increased risks of osteoarthritis in the intact knee for unilateral prosthesis 

users [12], slower self-selected walking speeds [13], [14], increased energy expenditure from the 

user (i.e., metabolic cost) during walking [2], and greater muscle activity in the knee 

extensors/flexors [9], [14], [15] and hip flexors [15]. Powered ankle prostheses, though, can 

generate net positive push-off work and partially restore calf muscle function, specifically that of 

the soleus muscle. Powered prostheses can increase ankle push-off work and self-selected walking 
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speeds in transtibial participants [10], [16]. Researchers have also shown that powered prostheses 

can reduce peak forces and external adduction moments in the intact knee, which may reduce risks 

of knee osteoarthritis [17], [18].  

Powered ankle prostheses alone do not yet solve all the challenges presented above. Prosthesis 

users walking with powered prostheses still exhibit higher peak hip power generation and peak 

knee power absorption [16], suggesting that individuals are still making gait compensations with 

other muscles groups to overcome deficits due to their prosthesis. There is inconsistent evidence 

regarding the effect of powered ankle prostheses on the metabolic cost of walking. Some studies 

using biomimetic powered ankles (prostheses that provide push-off work comparable to the 

biological ankle) have observed reduced metabolic cost of walking in prosthesis users [10], [19], 

[20], while others have observed no significant benefits [21], [22]. A recent study observed that 

providing push-off power greater than biomimetic values yielded greater reductions to metabolic 

cost of walking, but these benefits reached a plateau of diminishing returns [23]. It was suggested 

that this plateau occurred because the higher-powered ankle push-off work created an extension 

moment at the knee that increased demand on the remaining knee flexors. This suggestion was 

strengthened by another study that associated increased powered ankle push-off work with 

increased knee flexor (biceps femoris) muscle activity [22]. These findings indicate that higher-

powered push-off from a powered ankle can reduce a prosthesis user’s metabolic cost of walking 

but may simultaneously alter or increase muscle demands about other joints like the knee or hip.  

To address the increased hip and knee demands observed in prosthesis users, previous studies have 

augmented powered ankle prostheses to include multi-articular devices that can offload the 

prosthesis-side knee and hip flexors. One limitation of a powered ankle is that it does not restore 

the multi-articular function of the gastrocnemius muscle. Powered transtibial prostheses only act 

mono-articularly about their own ankle joint, much like how the soleus muscle acts mono-

articularly about a typical biological ankle. Therefore, a powered ankle cannot restore the multi-

articular function of the gastrocnemius muscle, which simultaneously creates a flexion moment at 

the knee and a plantarflexion moment at the ankle [24]. In simulations, this lack of a gastrocnemius 

resulted in increased hip flexor demand (particularly from the iliopsoas muscle) during stance; 

however, a simple, elastic gastrocnemius reduced peak iliopsoas force by 50% during walking 

[25]. The missing multi-articular gastrocnemius function in lower limb prosthesis users may 
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explain the elevated hip and knee muscle demands observed in individuals walking on powered 

ankles. These elevated demands can make walking more fatiguing and impact the user’s mobility. 

Previous studies have combined a powered ankle prosthesis with an artificial gastrocnemius and 

found reduced hip and knee demands while using the artificial gastrocnemius [26], [27]. These 

studies did not, however, test an artificial gastrocnemius with a higher-powered prosthetic ankle 

(with push-off work greater than biomimetic ankles). One thing that remains unknown is how an 

artificial gastrocnemius affects hip and knee demands when prosthesis users walk with a higher-

powered prosthetic ankle. 

One main thrust of research is this dissertation was exploring how individuals with limb loss walk 

on a high-powered prosthetic ankle with versus without an artificial gastrocnemius, to measure its 

effect on the user’s muscle demands. This work investigated to what degree an artificial 

gastrocnemius could reduce the muscle demands in the prosthesis-side joints and improve users' 

gait above and beyond the use of powered ankles alone. 

Powered ankle prostheses, though, are not well suited for every task that prosthesis users seek to 

accomplish; in fact, passive devices are preferred in highly dynamic activities like running. 

Prosthetic ankles designed for the most dynamic tasks (i.e., running) shed the motors of powered 

prostheses in favor of lightweight, energy efficient composite blades like the ESR feet. These 

running-specific prostheses are made of long, stiff carbon fiber keels that store large amounts of 

energy on impact [28], [29]. These blades store and return greater amounts of energy than the 

daily-use prostheses [30], propelling users upward and forward to promote the flight phase of 

running. This energetic efficiency, coupled with the lightweight design, makes carbon fiber blades 

excellent for running prostheses.  

The highly specialized design of a running-specific prosthesis, though, comes at the cost of task 

versatility. The running-specific prostheses typically lack a heel component, which allows users 

to comfortably contact the ground with their midfoot during running, but makes daily activities 

like walking and standing less stable. This instability is not detrimental during running, but is 

uncomfortable for most tasks outside of running, like walking and standing [31]. In the case that a 

user is wearing their running prosthesis and must complete walking or standing tasks, they are 

likely to have greater dissatisfaction with the device during the task. Similarly, the daily-use 
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prostheses are not well suited for running due to their relatively lower energy return [30]. The heel 

component of a daily-use prosthesis presents additional challenges for running as it inhibits the 

user from midfoot striking, potentially forcing them to use a less comfortable approach during 

ground contact. As a result, users’ satisfaction with the prosthesis suffers when using the device 

for tasks outside of its intended use [32]. Hence, running-specific prostheses are unsatisfactory 

during walking or standing tasks; and daily-use feet are unsatisfactory for running, but well suited 

for walking and standing. To avoid performance detriments and device dissatisfaction, users must 

switch between their daily-use prosthesis and running-specific prosthesis each time they switch 

between walking and running activities. 

This frequent switching between daily-use prostheses and running-specific prostheses increases 

the barrier to entry for users wishing to participate in unplanned bouts of physical activity. This 

barrier of switching devices, coupled with social stigmas, discourages adult and pediatric users 

alike from participating in physical activity, leading to social and physical health detriments [33]–

[35]. Thus, prosthetic device users could benefit from a device that can allow them to quickly and 

easily change between walking and running modes. There is currently no commercially available 

passive prosthetic device that can quickly switch between these two modes.  

The second main thrust of research in this dissertation was exploring how individuals with limb 

loss walk and run on their own daily-use and running prostheses compared to a device that can 

switch between walking and running modes. This work investigated the functionality of a bimodal 

prosthesis by measuring its mechanical properties in each mode, comparing its user satisfaction to 

that of the user’s walking and running devices, and exploring its effects on the user’s gait 

mechanics. 

 

Dissertation Contributions  

 

The first major contribution of this work is the design and study of an artificial gastrocnemius and 

its effects on transtibial prosthesis user gait. This thrust began with the development and 

experimental validation of a prosthesis emulator that couples a powered prosthetic ankle with an 

artificial gastrocnemius exosuit. This configuration was intended to restore the mono- and multi-
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articular functionality of the soleus and gastrocnemius muscles.  Seven transtibial prosthesis users 

then walked with the prosthesis emulator under a variety of powered ankle and gastrocnemius 

behaviors. The users’ prosthesis-side hip and knee joint kinetics were analyzed to assess the 

artificial gastrocnemius’s effects when coupled with different powered ankle behaviors.  

The second major contribution of this work is the design and study of a passive, bimodal prosthesis 

that can switch between walking and running modes. This thrust began with the development of a 

prosthetic device that users can quickly reconfigure to suit the current activity, be it walking or 

running, without the burden of swapping prostheses. Four transtibial prosthesis users walked and 

ran with the bimodal prosthesis and their prescribed walking and running prostheses. The device 

dynamics, user satisfaction with the device, and center of mass power with the device were 

analyzed to assess the bimodal prosthesis’s functionality as a walking and running prosthesis. 

Chapter 2 Contributions 

Chapter 2 explores a novel, versatile prosthesis emulator that can facilitate experiments studying 

the effects of various artificial soleus and gastrocnemius dynamics on walking or other movement 

tasks. Using this system, it is possible to address existing knowledge gaps in the powered 

prosthesis literature and explore a wide range of artificial soleus and gastrocnemius behaviors 

during gait.  

The primary contributions of this chapter include the design and methodology of a novel prosthetic 

emulator capable of independently controlling artificial soleus and gastrocnemius behaviors for 

transtibial prosthesis users. This design innovation is significant because it increases capabilities 

to address existing knowledge gaps in the field of prosthetics and evaluate experimental conditions 

that were previously unable to be empirically tested. This emulator allows us to efficiently explore 

the effects that a wide range of artificial soleus and artificial gastrocnemius behaviors have on 

prosthetic device users during gait and potentially other activities of daily living. Furthermore, 

the emulator is compatible with the user’s own prosthetic socket and requires no user-specific 

modifications to function, allowing for a wide range of participants to be tested. In this work we 

validate the efficacy of the emulator with a 4 participant case series on transtibial prosthesis 

users. A powered artificial soleus and quasi-passive artificial gastrocnemius were demonstrated 
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in this study to show proof-of-concept. But the emulator allows for any combination of powered, 

quasi-passive, or passive artificial soleus and gastrocnemius behaviors in future testing. 

Chapter 3 Contributions 

Chapter 3 explores the biomechanical effects of the artificial gastrocnemius on transtibial 

prosthesis users while walking with a powered ankle providing high levels of push-off. Previous 

studies have explored the effects of an artificial gastrocnemius coupled with biomimetic powered 

ankles, and some had theorized its benefits with higher-powered ankles, but none had empirically 

tested its effect on gait when coupled with higher-powered ankles. This study addresses that gap 

in empirical data and offers insights into how the artificial gastrocnemius can improve prosthesis 

user gait above and beyond the benefits offered by powered prostheses alone.  

The primary contribution of this chapter includes two case series analyses of the kinetic effects of 

the artificial gastrocnemius on the prosthesis side in seven transtibial prosthesis users. Specifically, 

this chapter analyzes the effect of the artificial gastrocnemius on the prosthesis-side hip and knee 

kinetics to evaluate its impact on muscle demands and, potentially, the user’s mobility. This study 

is innovative because it tests a range of artificial gastrocnemius settings as well as a range of 

previously untested powered ankle settings to explore how the two devices interplay and affect 

the user’s gait mechanics. This study is significant because it determines if an artificial 

gastrocnemius aids the user’s walking by restoring the multi-articular muscle function between 

the thigh and ankle that is not replicable with a powered ankle alone.  

Chapter 4 Contributions 

Chapter 4 explores the development of a novel bimodal prosthesis with distinct modes for walking 

and running. This bimodal prosthesis was designed with end-user feedback in mind and provides 

users with a device that they can quickly reconfigure to suit their needs for the task at hand. 

The primary contribution of this chapter is the development of a mode-switching prosthesis that 

eliminates the need for users to own a separate walking foot and running foot. The bimodal 

prosthesis design combines methods for passively modulating stiffness and methods for 

reconfiguring its footprint (roll-over profile). In doing so, the single prosthesis performs a more 
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diverse range of tasks than previous prostheses, including walking, running, and potentially more. 

This chapter analyzes the bimodal prosthesis’s functionality by measuring its stiffness in each 

mode, comparing its user satisfaction to that of the user’s walking and running devices via survey, 

and exploring its effect on gait biomechanics. This design is innovative because it provides users 

with two distinct configurations for walking and running in a single device; a feature that is not 

currently available on the market. This study is significant because it determines if a single 

prosthetic device can replicate the function and satisfaction of both a walking and running 

prosthesis, enabling users to do more without the burden of switching between prostheses. 
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Chapter 2: Development and Evaluation of a Prosthetic Ankle Emulator with an Artificial 

Soleus and Gastrocnemius 

 

Background 

 

One of the major goals for individuals with lower-limb loss is to retain their mobility and 

independence in order to stay engaged in community and employment activities; however, 

mobility-related challenges make their physical activity more difficult and fatiguing [2]–[4]. In 

individuals with transtibial limb loss, a contributing factor is the disruption of biological calf 

muscle function due to transection of the soleus and gastrocnemius. Powered prosthetic ankles can 

restore primary function of the mono-articular soleus muscle, which contributes to ankle 

plantarflexion [10]. In effect, a powered prosthetic ankle could be thought of as an Artificial Soleus 

(AS). However, the biarticular gastrocnemius connection that simultaneously contributes to ankle 

plantarflexion and knee flexion torques remains missing, and there are currently no commercially-

available prosthetic ankles that incorporate an Artificial Gastrocnemius (AG). 

Recent evidence suggests that adding an AG could improve gait mechanics of individuals with 

transtibial limb loss, for instance, by offloading the knee flexor muscles [25]–[27], [36], [37]. 

Studies that combined an AS and an AG (either powered or passive) observed a 50% reduction in 

the biological contribution to prosthesis-side knee flexion moment when the AG was present, 

compared to control trials without the AG [26], [27]. This suggests that the AG may reduce knee 

flexor muscle demands during walking. Consistent with this implication, another study observed 

that most participants walking with an AS and an AG exhibited reductions in their metabolic rate 

during walking (between 2-12%, vs. walking without the AG) [27]. It has also been theorized that 

the addition of an AG may improve the transfer of mechanical power between the prosthetic ankle 

and biological body segments, and that the lack of gastrocnemius-like ankle-knee coupling may 

limit the ability of prosthesis users to fully benefit from higher levels of power generated by robotic 

ankles during the push-off phase of the gait cycle [10], [11]. 
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Despite these promising results, only a relatively narrow range of AS and AG behaviors have been 

tested, leaving substantial knowledge gaps in how they interact to affect gait biomechanics. For 

example, one such gap is related to the relative importance of the AG during walking as the push-

off power generated by the AS increases. Since the gastrocnemius has been implicated to play a 

role in the power transfer between distal and proximal body segments in the biological limb [9], 

[38], [39], the restoration of an AG may be more beneficial when larger push-off power is 

generated by the AS. However, this has not been empirically tested. 

One reason for the limited investigation of AG behaviors to date may be due to a lack of a 

standalone prosthesis or prosthetic emulator that can be easily applied to individuals with 

transtibial limb loss, and that can be controlled to independently modulate the AS and AG dynamics 

in order to explore various behaviors and their effects. Several research groups have used 

swappable mechanical elements (e.g., springs or pneumatic tubes) to create and test prosthetic 

prototypes that include an AG; however, this approach can be time-consuming when transitioning 

between experimental configurations and there are limits to the different physical behaviors that 

can be explored [36], [37]. Of the studies that explored passive or quasi-passive AG behavior, all 

but one used passive ankle prostheses, and thus, they did not study the effect of increased AS push-

off power. The remaining study used a powered AS, and evaluated the effect a quasi-passive AG 

has on a prosthesis user with biomimetic levels of ankle push-off power [26]. The same research 

group furthered this evaluation by integrating a powered AG (actuated with an off-board motor) 

with the same AS, resulting in a unique prosthesis that could modulate both AS and AG behaviors 

[27]. However, each participant had to meet with a prosthetist to create a custom, form-fitted knee 

orthosis that integrated the AG with their personal prosthetic socket, which adds time, cost and 

complexity to the recruitment and testing process. 

Our objective was to build upon prior AG research and development by creating a versatile 

prosthetic emulator to enable new research to explore and fill additional knowledge gaps, such as 

those discussed above. To this end, the goal of this work is to describe the design of a novel 

emulator capable of independently controlling AS and AG behaviors for transtibial prosthesis users 

during walking. It was desirable for this emulator to have low force tracking errors, low hysteresis 

(work loop) errors during passive-elastic emulation, low resistance to the user’s natural leg swing, 

and not require custom fabrication of a knee orthosis or prosthetic socket. It was also important 
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for the prosthesis to be lightweight to avoid confounds to gait due to carried mass or increased 

inertia of the leg. Finally, a design that allowed for gait analysis (e.g., using motion capture, on a 

force-instrumented treadmill) was also sought to enable assessment of biomechanical responses. 

 

Design 

 

We designed and built a tethered emulator that combines (i) a Humotech Caplex PRO-001 

prosthetic ankle (hardware, Fig. 2.1) controlled by an off-board AS actuator, (ii) an AG cable that 

spans the prosthetic ankle and biological knee and is controlled by an off-board AG actuator, and 

(iii) a dual-belt, force-instrumented treadmill. The actuators were controlled by Simulink-based 

software (a modified version of Humotech software). Motion capture and other gait analysis 

modalities (e.g., electromyography) can be used with the emulator. 

Here we summarize considerations that influenced our design, and detail the hardware and 

software. To maximize the ability of researchers to explore different AS and AG behaviors, we 

sought to develop an emulator for which the dynamics could be quickly and easily reprogrammed 

and adjusted as necessary. Additionally, we aimed to mitigate the need for manual manipulation 

(e.g., swapping) of hardware components by experimenters; since this can be time-consuming and 

put practical limits on experimental exploration. Since the biological gastrocnemius muscle is 

active during the stance and pre-swing phases of the gait cycle but relatively inactive during swing 

phase [38], we desired to develop a control strategy that could exert relatively high forces (>100 

N) during a “Stance Mode,” but then exert relatively low forces (< 15 N) during “Swing Mode” to 

act transparently. To leave open the possibility of using this emulator beyond level walking on a 

treadmill (e.g., during stair ascent/descent), we sought to design physical attachments to the body 

that do not impede the user’s knee range of motion. Finally, to simplify and streamline the 

recruitment process for participants, we sought to develop an emulator that did not require the 

creation of a custom knee joint orthosis for each user. 
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Prosthetic Ankle and Artificial Soleus Design 

We started with a commercially-available emulator, composed of a prosthetic ankle (Humotech 

Caplex PRO-001) and a programmable off-board motor (referred to as the Artificial Soleus 

Actuator, Fig. 2.1), that has previously shown the ability to accurately replicate powered prosthetic 

and biological ankle dynamics during gait [40]. The prosthetic ankle is capable of mimicking and 

exceeding the range of motion of the biological ankle during walking [41]. The AS actuator is 

connected to the prosthetic ankle via a Bowden cable transmission. It was previously shown that 

this type of off-board actuator system has high closed-loop torque bandwidth and is able to deliver 

biomimetic levels of push-off power during walking to the prosthetic ankle [40]. The AS can be 

programmed to control the torque-angle profile and net work generated by the prosthetic ankle for 

each step. 
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Figure 2.1: Actuation and power transmission of the prosthetic emulator with an Artificial 

Gastrocnemius (AG) and an Artificial Soleus (AS). A transtibial prosthesis user is shown 

wearing the thigh interface, which secures the AG to the leg, and the prosthetic ankle 

(Humotech Caplex PRO-001). The actuators drive the AG and AS Cables via Bowden cable 

transmission to impart torque about the participant’s knee and ankle joints. 

 

Artificial Gastrocnemius Design 

 

AG Characteristics 

We developed an AG that connects to the prosthetic ankle, but is actuated independently from the 

AS. We established a set of AG characteristics and metrics (Table 1.1) to evaluate AG technical 

capabilities. The first two characteristics in Table 2.1 address the controllability of the AG while 
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the prosthetic foot is on the ground in stance. The third characteristic addresses the control of the 

AG during leg swing (i.e., when low resistance is desired to avoid interfering with the user’s knee 

flexion/extension and natural leg swing). Within this study these characteristics are benchmarked 

(Results), and then discussed in the context of similar robotic emulators (Discussion). 

 

Table 2.1: Key Artificial Gastrocnemius (AG) characteristics and their associated metrics 

for the evaluation of the emulator’s controllability in stance (force tracking and hysteresis 

errors) and resistance on the user’s leg in swing. 

AG Characteristic Metric 

Force tracking errors Root mean squared error between measured and desired tension in 

stance phase 

Hysteresis errors during 

ideal spring emulation 

Difference between energy stored and energy returned during stance 

phase 

Resistance from AG cable 

during swing phase 

Average tension during swing phase 

 

 

AG Hardware 

The AG (Fig. 2.1) consists of an AG actuator that pulls the AG cable to adjust tension between a 

thigh interface and the posterior end of the prosthetic ankle’s lever. Thus, the AG simultaneously 

provides plantarflexion torque about the ankle and flexion torque about the (biological) knee. 

The thigh interface is made of two flexible, lightweight layers that secure the AG cable to the user’s 

body. The first layer is a 5 mm thick, 175 mm tall thermoplastic elastomer sleeve, made from a 

prosthetic liner (Alpha Classic, WillowWood, Mt. Sterling, OH), that fits snugly to the 

participant’s leg above the knee. In effect, this serves to extend the length of their existing 
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prosthetic liner. The next layer, made of nylon canvas, adheres to the thigh sleeve via hook and 

loop attachments and holds the AG cable conduit against the posterior aspect of the user’s leg as 

shown in Fig. 2.2. By securing the conduit in this position just above the knee joint, the AG cable 

approximates the path of the biological gastrocnemius throughout knee flexion. This layer tightens 

around the leg with the use of Boa fasteners (Boa Technology, Denver, CO) that easily allow the 

user to tighten the interface by turning a dial, increasing the normal force against the leg. As a 

result, the maximum friction between the skin and the thigh sleeve increases and the interface is 

capable of withstanding the AG cable forces we applied (around a maximum of 100-200 N) without 

sliding down the leg. In addition to avoiding the need to create a custom knee orthosis to interface 

between the offboard motor and the body, this non-rigid interface design is low-profile, 

lightweight, and does not impede knee range of motion. To accommodate different user leg girths, 

we fabricated a number of differently sized thigh interface components. 
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Figure 2.2: Thigh interface and AG attachment. The thigh interface is a flexible, low-profile 

accessory. It includes a thigh wrap (made of hook and loop material) that adheres to a 

thermoplastic elastomer sleeve, anchoring the AG cable to the participant’s leg and 

maintaining the cable’s orientation along the leg. The thigh interface also holds the conduit 

junction in place with straps that run up the medial and lateral sides of the leg and are 

secured by the thigh wrap’s Boa fasteners. The flexible conduit is inserted to the junction 

and secured by a set screw (shown disassembled here) where the inner rope exits the flexible 

conduit and continues downward to connect to the load cell on the prosthetic ankle (not 

depicted). For image clarity, the user’s prosthetic socket has been grayed out. 

 

The AG cable is a Bowden cable driven by the offboard AG actuator. The AG cable, consisting of 

a V-12 Vectran Single Braid 3mm inner rope (New England Ropes, Fall River, MA), runs from 

the shaft of the actuator unit (shown in Fig. 2.3), through a flexible coiled-steel conduit (415310-

00, Lexco Cable Mfg., Norridge, IL), exits the conduit at the junction held by the thigh interface, 

and attaches to the load cell mounted on the posterior end of the prosthetic ankle. 
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We customized the standard Humotech PRO-001 prosthetic ankle hardware by extending the 

posterior lever by approximately 4 cm to provide space for a second load cell, which enables 

independent measurement of AS and AG cable tensions (Fig. 2.3).  

Regarding the ratio of the AG’s moment arm at the knee vs the AG’s moment arm at the ankle, we 

find that, depending on the size of the user’s leg, the AG’s knee to ankle moment arm ratio is about 

0.6. This value is a reasonable approximation of the same biological ratio which can range from 

.35 to .8, based on previous studies that have estimated or measured the analogous moment arms 

[42], [43]. 
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Figure 2.3: Schematic of sensor instrumentation for the closed-loop control of the emulator 

system. Two in-line load cells measure the forces applied by the AS and AG cables to the 

prosthetic ankle. Two encoders measure cable displacements at the actuators. Another 

encoder mounted on the prosthesis measures ankle angle. A split-belt instrumented treadmill 

measures ground reaction forces. Closed-loop control of the AS is based on the AS load cell 

and the ankle joint encoder. Closed-loop control of the AG is based on the AG load cell and 

the encoder mounted to the AG actuator (by converting the angular displacement to linear 

displacement of the cable). 
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AG Control and Sensing Algorithms 

The dynamics of the AG cable are programmable and therefore could take many forms (e.g., acting 

as a passive spring or generating net positive work each step). Here we will be discussing and 

evaluating a method for an ideal spring emulation in the AG cable as an example of a potential 

actuation pattern. The control algorithm (Fig. 2.4) we developed for this initial design validation 

study has two modes: Stance and Swing. The controller tensions the AG to impart torque about the 

knee and ankle while the foot is in stance, then reduces tension in the AG to allow the knee to 

extend without resistance during leg swing. In Stance Mode (activated when the vertical force on 

the treadmill exceeds a Ground Reaction Force (GRF) threshold of 10 N) the AG actuator drives 

the AG cable according to the behavior prescribed by the experimenter in the software. In Swing 

Mode (activated when the vertical force on the treadmill is less than the GRF threshold) the 

emulator slackens the AG cable so that the participant can swing their leg forward with low 

resistance. Impedance control based on the work presented in [40] was used for the AS. 
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Figure 2.4: Control algorithms for Stance and Swing Modes. For the Stance Mode block, Tdes 

is the desired tension in the AG cable, θankle is the dorsiflexion angle of the prosthetic ankle, 

Tgast is the tension in the AG cable, θ0 is the spring set-point, θgast is the angle of the AG 

encoder, and Kdes is the desired stiffness. For the Swing Mode block, Tswing is the tension in 

the AG cable during the previous Swing Mode, and θ’swing is the rate of slack that is provided 

during the current Swing Mode. GRF is the vertical component of the ground reaction force, 

as measured by the instrumented treadmill. Desired parameters are set by the experimenter 

in the software. 

 

When Stance Mode begins, the controller utilizes proportional feedback with a desired tension of 

25 N to remove any residual slack remaining from the swing phase. This tension value was 

informed by pilot data; it is sufficiently high to avoid load cell noise transients, yet not high enough 

to noticeably affect the participant’s kinematics or comfort. This proportional controller persists 

until the angle of the prosthetic ankle reaches 2.5° dorsiflexion (where 0° represents the prosthesis 

being orthogonal to the pylon), typically occurring shortly after heel strike at ~12% stride. At that 

time, the value of the AG actuator encoder, which measures the length of the AG cable, is recorded 

as the spring set point of the AG cable. We selected 2.5° dorsiflexion based on pilot testing because 

it was identified as a point at which the residual slack in the biarticular cable is typically eliminated. 

Additionally, by beginning the AG cable’s behavior at the same kinematic configuration 
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(prosthetic ankle angle) for each step, this helps to reduce variability in AG dynamics between 

strides.  

The encoder on the AG actuator shaft is used to measure the linear displacement of the AG cable. 

As the participant progresses through stance phase, they extend their knee which imparts an 

extension force on the AG cable, rotating the actuator shaft and encoder. The extension of the AG 

cable is measured by converting the encoder’s angular displacement (from the spring set point) to 

a linear displacement. Multiplying this extension by the experimenter’s prescribed (software input) 

spring stiffness yields the desired tension for the AG cable at that instant. Using the load cell 

mounted at the posterior lever for feedback, a PID controller was used to attenuate the errors 

between the desired and measured tensions in the AG cable. In its simplest form, this control 

approach assumes that compliance in the AG cable’s inner rope is negligible; an evaluation of this 

assumption can be found in the Discussion section. 

Swing Mode has two main goals related to controlling the rate of slack created in the AG cable. 

The first is to provide an adequate rate of slack during Swing Mode to allow the participant to 

extend their knee and swing their leg forward with negligible resistance from the AG cable. The 

second goal is to avoid overly high rates of slack to ensure that the cable can be quickly re-

tensioned in early Stance Mode. 

The controller we developed performs a calibration process during the first five steps where it 

evaluates the AG cable tension during Swing Mode and adjusts the rate of slack production in 

response. If the average AG cable tension during swing exceeds 25 N, the controller will increase 

the rate of slack to reduce resistance to leg swing. Conversely, if the average measured tension is 

below a minimum threshold of 10 N, the controller will decrease the rate of slack to keep some 

nominal tension in the AG and avoid leaving excess slack in the AG cable during the transition to 

Stance Mode. During this calibration process, the Stance Mode only controls for a desired 25 N 

tension and does not enforce the spring-like behavior. After the first five calibration steps, the 

Stance Mode spring controller is enabled and the Swing Mode will continually monitor and adjust 

the rate of slack provided to adapt to any changes in the user’s leg swing. 
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Experimental Validation 

 

Experimental Protocol & Data Collection 

An initial case series study was conducted to evaluate the force tracking error, hysteresis error, and 

swing resistance (Table 1.1). Unilateral transtibial prosthesis users (N=4; male; 34 ± 9.7 yrs; 1.8 

± 0.1 m; 87.6 ± 12.2 kg) were invited to attend two sessions; one familiarization session, and one 

data collection session at Vanderbilt University’s Center for Rehabilitation Engineering and 

Assistive Technology. The protocol was approved by the Vanderbilt University Institutional 

Review Board, and all participants gave their written informed consent. 

For both sessions, participants wore their prescribed socket and the experimental prosthetic ankle 

was fitted with a pylon that was cut to match the height of the participant’s prescribed prosthetic 

foot (as per training and instruction by a certified prosthetist). The participants donned the AG 

hardware and an upper body safety harness (attached to the ceiling via a slightly slack cable).  

We performed a two-dimensional parameter sweep. The AS was programmed to provide either 

0.08 or 0.16 J/kg (termed low power mode and high power mode) of net work per kilogram of 

participant body mass to the prosthetic ankle over the course of each step. The value for low power 

mode was chosen to be consistent with the biomimetic net work produced by commercially-

available devices [21], [26]. The value for high power mode was chosen to be consistent with 

commercially-available devices that provide even greater amounts of net work per step so that we 

could evaluate the AG’s performance for various types of AS behaviors [23]. The AG was 

programmed to simulate virtual springs with stiffnesses of 0, 28, 56 and 84 N/m/kg (termed no, 

low, medium, and high stiffness), scaled by participant body mass such that the highest stiffness 

tested was roughly 8.4 kN/m. These values were determined by participant feedback during pilot 

testing, where a participant expressed that stiffnesses beyond 84 N/m/kg began to make walking 

uncomfortable, hence we tested a range of four stiffnesses equally spaced between 0 and 84 

N/m/kg.  We performed the AS parameter sweep by manipulating the dorsiflexion and 

plantarflexion torque-angle curves in the standard Humotech software. The AG stiffness sweep 

was performed by numerically inputting the desired stiffness into the software. All walking trials 
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were conducted on a split-belt instrumented treadmill (Bertec, Columbus, USA), with a sampling 

frequency of 2000 Hz. Retroreflective markers were affixed to the prosthetic foot and the thigh 

interface’s conduit junction, which allowed us to measure the displacement of the AG cable via 

motion capture, and compare this to the cable displacement measured at the AG actuator encoder. 

During the first session, participants were familiarized with the prosthetic ankle and AG hardware 

while walking on the treadmill at 1.1 m/s; this speed was based on the reported preferred walking 

speed of passive prosthesis users [10]. Participants reported that, before familiarization, they had 

never walked with a powered prosthetic ankle or similar AG device. They walked with each of the 

trial settings (a combination of the different net work values provided by the AS and AG stiffnesses; 

eight in total) for three minutes, allowing them to become familiar with the different behaviors of 

the AS and AG emulator. 

With the exception of one participant who returned 16 days after their first session, other 

participants returned within a week of session one (3 days ± 2) for the second session where data 

were collected. Before beginning the data collection trials, participants completed a five-minute 

acclimation period where they walked at a pace of 1.1 m/s while the emulator acted as a passive 

AS (i.e., a torsion spring with a stiffness of 4 Nm/rad per kg of participant mass and a maximum 

rotation of .33 rad) with a no stiffness AG. 

Each trial was 3 minutes long and only the last 90 seconds of data were recorded. Trials were 

conducted in randomized order. 

Data processing 

Ground reaction force and synchronized motion capture data (Vicon, Oxford, UK) were filtered 

with a zero-phase, 4th order, low-pass Butterworth filter with a cut-off frequency of 15 and 8 Hz, 

respectively. Additionally, the prosthetic ankle angle, AS cable tension, AG cable length 

(approximated by AG actuator angle), and AG tension were recorded. 

The AG tension data were filtered with a 1st order, low-pass Butterworth filter with a cut-off 

frequency of 30 Hz. We evaluated force tracking errors in the AG by computing the difference 

between measured and desired cable tension. The root mean square of these errors were then taken 
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for each step. Hysteresis during ideal spring emulation was found by integrating the tension in the 

AG with respect to its extension while being stretched (during Stance Mode) and subtracting that 

value from the integrated tension while the cable was recoiling, resulting in the net work done by 

the AG while in ideal spring emulation. Resistance (force) from the AG during the swing phase 

was measured by the tension in the cable during Swing Mode. 

 

Results 

 

Force Tracking Error During Stance Mode 

The root mean squared error (RMSE) between the measured and desired AG tension (Fig. 2.5) was 

5.9 ± 0.9 N (5.6 ± 0.7% of the average maximum tension for each trial) while the prosthetic ankle 

was in low power mode (0.08 J/kg), and 8.2 ± 2.3 N (8.0 ± 2.1% of the average maximum tension 

for each trial) in high power mode (0.16 J/kg). Of the 24 trials, composed of approximately 90 

strides each, only 2 trials exhibited average RMSE values above 10 N. 
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Figure 2.5: A representative graph of measured (blue line) and desired (red line) tension in 

the AG during Stance Mode (10-60% of stride, with a stride being defined as one foot contact 

to the next ipsilateral foot contact). Tension tracking maintains high accuracy during the 

majority of stance phase with slightly increased errors (yellow line) following foot contact 

and before toe-off when the controller switches modes. 

 

Hysteresis for Passive Spring Emulation 

On average, AG hysteresis magnitudes ranges from 0.5 to 0.8 J (Table 2.2) where an average of 

1.6 ± 0.2 J was stored in the AG cable and 1 ± 0.2 J was returned. The differences between the 

energy returned and stored by the AG seldom exceeded 1 J (5% of strides exceeded 1 J, 1% 

exceeded 1.5 J). For both low and high power AS modes, as the AG stiffness increased, the net 

work (hysteresis error in Joules) increased as well. 
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Table 2.2: Root mean square error (RMSE) for AG tension, and net work produced by the 

AG during Stance Mode for all power and stiffness settings. For each trial combination, the 

average RMSE was observed to be below 10 N. 

 
Tension RMSE (N) Net Work Produced (J) 

Spring 

Stiffness 

Low Power 

Mode 

High Power 

Mode 

Low Power 

Mode 

High Power 

Mode 

Low 6.8 ± 0.3 8.9 ± 1.8 0.7 ± 0.1 0.8 ± 0.2 

Medium 5.9 ± 1.7 7.8 ± 2.4 0.5 ± 0.1 0.5 ± 0.1 

High 5.0 ± 0.4 7.8 ± 2.7 0.5 ± 0.1 0.5 ± 0.1 

 

 

Low Resistance from AG During Swing Mode 

The average tension during the swing phase across all subjects and settings was 9.8 N ± 6.4 N. The 

tension during swing across all subjects and settings rarely exceeded 25 N. When asked, no 

participant reported that they felt the AG was affecting their ability to extend their knee and swing 

their leg forward, which is consistent with previous findings from similar prosthetic emulators 

[40]. 

 

Discussion 

 

We developed an experimental emulator for controlling and evaluating various AG and AS 

behaviors on persons with transtibial limb loss. The emulator maintains low AG tension 

(resistance) during swing, and is capable of controlling AG tension in stance with low RMSE (5.6 

± 0.7% of the average maximum tension for each trial). This performance is comparable to that of 

other AGs previously used for gait studies [27], [44]. The error after foot contact seen in Fig. 2.5, 
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where the measured tension exceeds the initial desired 25 N, is likely due to an overshoot from the 

Stance Mode’s initial proportional controller, which is corrected as the Stance Mode transitions to 

the PID controller for the simulated spring actuation. The nominal net work done by the AG (<1 J 

compared to the >8 J typically supplied by the AS), coupled with the low force tracking error, 

demonstrates that the AG is able to simulate various passive springs across a broad range of 

stiffness values. The low tension observed during Swing Mode operation, alongside the 

participants’ subjective feedback confirming freedom of movement, confirmed that the AG does 

not impede the user’s leg swing. 

One unique aspect of this emulator that is worth calling attention to is the thigh interface (Fig. 2.2). 

For lab testing, this facilitates participant recruitment by providing a practical and comfortable 

way to anchor the AG to the user’s thigh without needing to modify their socket or create a custom 

knee orthosis for each prosthesis user. If an AG is determined to provide sufficient mobility 

benefits to warrant translation beyond the lab, then this type of thigh interface might be a feasible 

option for an everyday use AG. In addition to the interface, powered actuation or quasi-passive 

actuation (e.g. with a clutchable spring as in [45]) would likely be needed to meet the real-world 

mobility needs. But in the short-term, additional lab research is warranted to better understand 

benefits, drawbacks, and trade-offs of adding an AG for transtibial prosthesis users. 

There are limitations of the emulator related to the breadth of tasks that could be tested, the 

potential errors introduced by the compliance of the AG cable’s inner rope, and the control of the 

AG while the AS is in high power mode. First, the current tethered configuration of the emulator 

(where the two large actuators serve as the AG and AS) can only facilitate experiments with tasks 

that require a relatively small physical volume (roughly 20 square feet around the actuators, based 

on the length of the Bowden cable used here), making it appropriate for stationary tasks like 

treadmill walking, but not for larger volume tasks like walking overground for long distances.  

The second limitation is that the compliant Bowden cable dynamics between the load cell and the 

AG encoder can lead to some errors in the closed loop control. In this study we estimated the 

displacement of the AG cable using the displacement of the AG’s motor encoder. However, in 

post-processing we found 10% RMSE between motion capture and encoder displacement values. 

Thus, the compliance of the cable slightly lowered the effective stiffness of the AG below its 
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desired value. Future controllers could improve on this by modeling the compliance of the Bowden 

cable or more directly measuring AG displacement between the thigh interface and prosthetic 

ankle. 

Finally, although the emulator is capable of accurate AG tension tracking during walking (Fig. 2.5, 

Table 2.2), the current control scheme may not be appropriate for all tasks. We observed that the 

average RMSE of the AG slightly increased (from 5.7 to 8.7 N) when the AS was in high power 

mode compared to the RMSE of the AG when the AS was in low power mode. This 3 N change is 

small relative to the average maximum tensions of about 100-200 N, but this may be an indication 

that alternative control designs or PID tunings may be more appropriate as the AS increases its 

power output for different tasks. 

One alternate approach to emulate an AG is to create a robotic knee exoskeleton, as done in [26], 

[27].  However, to act like an AG this would require the knee exoskeleton to be controlled using 

sensor signals from both the knee and ankle, which would have complicated control for our 

purposes (to create a system to independently control AS and AG). The knee exoskeleton also adds 

mechanical bulk and complexity, which we sought to avoid with the low-profile thigh interface 

we developed. 

 

Conclusion 

 

We have shown that this prosthetic emulator exhibits low resistances to the user’s leg swing, low 

hysteresis during passive spring emulation, and accurate force tracking for a range of AG and AS 

behaviors. The emulator presented in this paper is versatile and can facilitate experiments studying 

the effects of various AS and AG dynamics on gait or other movement tasks. A powered AS and 

quasi-passive AG (fixed stiffness during stance, near-zero stiffness during swing) were 

demonstrated in this study to show proof-of-concept. But the emulator allows for any combination 

of powered, quasi-passive, or passive AS and AG behaviors in future testing. Using this system, it 

is possible to address existing knowledge gaps and explore a wide range of AG and AS behaviors 

during gait and potentially other activities of daily living. 
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Chapter 3: Combining an Artificial Gastrocnemius and Powered Ankle Prosthesis: Effects 

on Transtibial Prosthesis User Gait 

 

Background 

 

Walking is more difficult for transtibial prosthesis users, partly due to a lack of calf muscle 

function. Prosthesis users walking on passive feet face significant functional deficits including the 

inability to generate net positive push-off work from their prosthetic ankle-foot complex [6], [7]. 

Positive work is typically generated when the soleus and gastrocnemius muscles plantarflex the 

ankle during push-off [5]. Passive prostheses, however, only store and return energy and cannot 

generate positive work during walking [9]–[11]. Reduced push-off work from the prosthesis-side 

leg is associated with increased external adduction moment and may increase risks of osteoarthritis 

in the intact knee [12]. Further disadvantages associated with the loss of calf muscle function 

include: slower self-selected walking speeds [13], [14], increased metabolic cost of walking [10], 

and greater muscle activity in the knee extensors/flexors [9], [14], [15] and hip flexors [15]. 

Powered ankle prostheses can partially restore calf muscle function, specifically that of the soleus. 

Powered prostheses can normalize ankle push-off work and self-selected walking speeds in 

transtibial participants [10], [16]. Researchers have also shown that powered prostheses can reduce 

peak forces and external adduction moments in the intact knee, which may reduce risks of knee 

osteoarthritis [17], [18]. In this study a powered prosthesis will be referred to as an Artificial Soleus 

because it mono-articularly plantarflexes the ankle joint, much like how the biological soleus acts 

about the ankle joint. Thus, the terms Artificial Soleus and powered ankle prosthesis will be used 

interchangeably. 

Prosthesis-limb hip and knee muscle demands remain elevated when users walk and an Artificial 

Soleus has not restored these muscle demands down to able-bodied levels.  For instance, while 

walking with an Artificial Soleus, prosthesis users still exhibited higher peak hip power generation 

and peak knee power absorption compared to the intact hip and knee [16]. These joint kinetics 

suggest elevated contributions from the iliopsoas (or other hip flexors). Reducing hip and knee 
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demands to levels more consistent with able-bodied controls could make walking less strenuous 

for prosthesis users and promote more community participation. 

There is inconsistent evidence regarding the effect an Artificial Soleus has on the metabolic cost 

of walking. Some studies found that an Artificial Soleus reduced the cost of walking [10], [19], 

[20] while other studies found that the push-off work from an Artificial Soleus did not significantly 

change metabolic cost [21], [22]. Previous labs studied participants walking on an Artificial Soleus 

with push-off work values of biomimetic settings (which mimic the push-off work of a biological 

ankle, for instance, 0.08-0.09 J/kg at 1.1 m/s) and higher-powered settings (which provide more 

push-off work than the biological ankle, e.g., >0.09 J/kg at 1.1 m/s) [23]. The same study observed 

that increasing push-off work from biomimetic to higher-powered levels reduced participants’ 

metabolic cost of walking, but reached a plateau of diminishing returns beyond 0.24 J/kg of push-

off work [23]. It was suggested that this plateau occurred because the higher-powered ankle push-

off created an extension moment at the knee that increased demand on the remaining knee flexor 

muscles. This suggestion was strengthened by another study that associated increased Artificial 

Soleus push-off work with increased knee flexor (biceps femoris) muscle activity [22]. These 

findings indicate that higher-powered push-off from an Artificial Soleus can reduce a prosthesis 

user’s metabolic cost of walking, but may simultaneously alter or increase demands about other 

joints such as the knee or hip. 

One limitation of an Artificial Soleus is that it does not restore the multi-articular function of the 

gastrocnemius muscle. The gastrocnemius creates a flexion moment at the knee and a 

plantarflexion moment at the ankle, as opposed to the mono-articular soleus muscle that only 

creates a plantarflexion moment at the ankle [24]. The gastrocnemius’s multi-articular nature is 

beneficial as it is able to coordinate multiple joint movements and aid in transferring energy along 

the leg [24]. Current Artificial Soleus devices approximate the plantarflexion function of the 

soleus, but do not restore the knee flexion moment produced by the multi-articular gastrocnemius. 

In simulations, this lack of gastrocnemius resulted in increased hip flexor demand (particularly 

from the iliopsoas muscle) during stance; however, a simple, elastic gastrocnemius reduced peak 

iliopsoas force by 50% during walking [25]. The missing multi-articular gastrocnemius function 

may explain the elevated hip and knee muscle demands observed in individuals walking on 
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powered ankles. These elevated demands can make walking more fatiguing and impact the user’s 

mobility. 

Adding an Artificial Gastrocnemius to an Artificial Soleus might further improve gait for 

prosthesis users, for instance, by helping to reduce hip and knee demands. In doing so, muscle 

exertions and metabolic cost of walking might decrease and lead to increased physical activity or 

community engagement. In previous lab studies, Artificial Gastrocnemius devices were comprised 

of a knee brace or tether affixed to the user’s prosthetic socket and prosthetic ankle [26], [27], [37], 

[46]. The different Artificial Gastrocnemius designs were actuated by motors or passive spring 

elements. Studies that combined an Artificial Soleus and an Artificial Gastrocnemius showed that 

hip and knee demands were reduced in trials where the Artificial Gastrocnemius was active 

compared to control trials [26], [27]. Specifically, one study observed that the biological 

contributions to prosthesis-side hip flexion and knee flexion work and moment-impulses were 

reduced while using the Artificial Gastrocnemius [26]. These studies did not, however, test an 

Artificial Gastrocnemius with a higher-powered Artificial Soleus (with push-off work greater than 

biomimetic). What remains unknown is how an Artificial Gastrocnemius affects hip and knee 

demands when prosthesis users walk with a higher-powered Artificial Soleus.  

Therefore, we aimed to answer: for individuals wearing a higher-powered Artificial Soleus, does 

an Artificial Gastrocnemius reduce biological hip or biological knee muscle demands of the 

prosthesis-side limb? We hypothesized that adding an Artificial Gastrocnemius would reduce 

muscle demands at the prosthesis-side hip and knee during stance. From this hypothesis, we 

predicted that these reduced muscle demands would be indicated by reduced hip and knee moment-

impulses. 

 

Methods 

 

We performed two case series studies that examined the effects that a passive Artificial 

Gastrocnemius has on prosthesis-side hip and knee joint moment-impulses when prosthesis users 

walked with a higher-powered Artificial Soleus. We performed Case Series 1 with Artificial 
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Soleus push-off work that was twice the value of biomimetic levels. We performed Case Series 2 

with Artificial Soleus push-off work that was triple the value of biomimetic levels. As a secondary 

analysis, we tested a range of Artificial Gastrocnemius stiffness settings for both Case Series 1 and 

2 to determine the effect on the joint moment-impulses.  

Each participant attended two sessions: one familiarization session, and one data collection session 

at Vanderbilt University’s Center for Rehabilitation Engineering and Assistive Technology. The 

protocol was approved by the Vanderbilt University Institutional Review Board, and all 

participants gave their written informed consent. 
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Figure 3.1: Depiction of the Artificial Soleus and Artificial Gastrocnemius sensing and off-

board actuation hardware. The Humotech Artificial Soleus (green cable) solely plantarflexes 

the prosthetic ankle while the Artificial Gastrocnemius (red cable), which is affixed to the 

thigh, flexes the participant’s knee and plantarflexes the prosthetic ankle. The force plates 

in the treadmill allow for heelstrike and toe-off sensing to determine whether the participant 

is in stance or swing. The actuator encoders measure the position and extension of the 

Artificial Gastrocnemius during stance. This extension measurement then informs the 

controller how much tension to provide given the current stiffness being tested. The load 

cells provide feedback for independent Artificial Soleus and Artificial Gastrocnemius tension 

control. 
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Experimental Hardware for Case Series 1 and 2 

 

For both sessions, participants wore their prescribed socket, a programmable Artificial Soleus 

(Humotech Caplex PRO-001), a flexible, low-profile programmable Artificial Gastrocnemius, and 

an upper body safety harness (attached to the ceiling via a slightly slack cable) as seen in Fig. 3.1. 

The Artificial Soleus has previously shown the ability to replicate various powered prosthetic and 

biological ankle dynamics during gait [47]. The Artificial Gastrocnemius has previously shown 

the ability to emulate a wide range of dynamics [48]. As shown in Fig. 3.1, a cable runs from the 

Artificial Gastrocnemius’s actuator encoder and spans the user’s knee joint and prosthetic ankle 

joint, mimicking the biological gastrocnemius. This configuration allows the actuator encoder to 

measure the change in the length of the multi-articular cable as a result of both knee and ankle 

angle changes. The Artificial Gastrocnemius is then able to create a spring-like tension during 

stance phase that is directly modulated by both the knee and ankle kinematics. Tension begins 

about 0.1 seconds after heelstrike. During swing phase, the Artificial Gastrocnemius is controlled 

to be lightly tensioned (nominally about 15 N). The prosthetic ankle was fitted with a pylon that 

was cut to match the height of the participant’s prescribed prosthetic foot (as per training by a 

certified prosthetist). 

Experimental Protocol for Case Series 1 

 

During Case Series 1, we observed a group of unilateral, transtibial prosthesis users (N=5; male; 

34 ± 8 years; 1.81 ± 0.05 m; 88.5 ± 11.9 kg) while treadmill walking with the Artificial Soleus and 

Artificial Gastrocnemius. The Artificial Soleus was programmed to provide higher-powered push-

off work of 0.16 J/kg to the prosthetic ankle over the course of each step. This higher-powered 

push-off work is roughly double the typical biological ankle push-off at the tested gait speed [23]. 

The Artificial Gastrocnemius was programmed to emulate springs with stiffnesses of 0, 28, 56 and 

84 N/m/kg, scaled by participant body mass. However, one participant did not illicit a consistent 

response from the Artificial Gastrocnemius system due to their gait pattern. Hence, they never 



35 

 

reached steady-state walking necessary for analysis (see Section 2.4) and were excluded, resulting 

in N=4 for Case Series 1. 

With the exception of one participant who returned 16 days after their first session, other 

participants returned within a week of session one (3 ± 2 days) for the second session where data 

were collected. As supplementary reference data, we observed participants walking with a passive 

(spring-like) Artificial Soleus without an Artificial Gastrocnemius, and walking with biomimetic 

Artificial Soleus providing 0.08 J/kg of net push-off work [10] with each of the Artificial 

Gastrocnemius stiffnesses. A summary of these reference data sets can be found in the Appendix 

(Tables 3.7 and 3.10). For Case Series 1, trials were conducted in randomized order; Table 3.1 

provides a visualization of these tested conditions. 

 

Table 3.1: A visualization of the different combinations of Artificial Soleus and Artificial 

Gastrocnemius behaviors tested during the Experimental Protocol for Case Series 1. Grayed 

cells indicate that the combination of behaviors was not tested in this Case Series. Trials in 

Case Series 1 were conducted in a randomized order. 

    

Artificial Gastrocnemius Stiffness 

(N/m/kg)  

    0  28  56  84  

Prosthesis Push-

Off Work (J/kg)  

0.16  Rand  Rand  Rand  Rand  

0.08  Rand  Rand  Rand  Rand  

0  Rand          
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Experimental Protocol for Case Series 2 

 

The push-off work settings for Case Series 1 were double the biomimetic levels, but only two 

thirds of the work recommended by [23] to maximally reduce the metabolic cost of walking. We 

implemented this push-off magnitude because one pilot participant indicated that any greater push-

off work settings were uncomfortable. Similarly, Artificial Gastrocnemius stiffness settings for 

Case Series 1 were limited to moderate levels because one pilot participant indicated that higher 

stiffness settings were uncomfortable. After completing tests with five participants, we found that 

all other participants were comfortable with greater Artificial Soleus and Artificial Gastrocnemius 

work and stiffnesses. Therefore, we reassessed our testing parameters and increased the Artificial 

Soleus push-off work and the maximum stiffness of the Artificial Gastrocnemius for Case Series 

2, which enabled us to more deeply probe our hypothesis. 

During Case Series 2, we observed a group of unilateral, transtibial prosthesis users (N=4; male; 

38 ± 11 years; 1.78 ± 0.05 m; 79.3 ± 11.6 kg) during treadmill walking with the Artificial Soleus 

and Artificial Gastrocnemius. One participant was a returning prosthesis user from Case Series 1. 

In Case Series 2, the Artificial Soleus was programmed to provide higher-powered push-off work 

of 0.24 J/kg to the prosthetic ankle over the course of each step. This push-off work is triple the 

typical biological ankle push-off and matches the metabolically-optimal push-off observed in [23]. 

The Artificial Gastrocnemius was programmed to simulate virtual springs with stiffnesses of 0, 

56, 84, 112, and 140 N/m/kg. This expands on Case Series 1 by adding two settings of greater 

stiffness (similar to those tested in previous literature [26]) while removing the lowest 28 N/m/kg 

stiffness.   

With the exception of one participant who returned a month after their first session, other 

participants returned within a week of session one (2 ± 2 days) for the second session where data 

were collected. As supplementary reference data, we observed participants walking with a passive 

(spring-like) Artificial Soleus, and walking with biomimetic push-off of 0.09 J/kg of net push-off 

work with each of the Artificial Gastrocnemius stiffnesses. For Case Series 2, trials were 

completed by holding Artificial Soleus push-off work constant and testing every Artificial 

Gastrocnemius stiffness in ascending order from 0 to 140 N/m/kg. This ascending order was 
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followed by retesting the 0 and 140 N/m/kg settings (withdrawal and reintroduction trials) to 

achieve an ABAB protocol, which assists with results interpretation [49]. After completing these 

trials with the Artificial Soleus set to 0.24 J/kg of net push-off work, the procedure was repeated 

for the 0.09 J/kg and 0 J/kg (passive) settings for supplementary reference data. A summary of the 

last two data sets can be found in the Appendix (Tables 3.8-3.9, 3.11-3.12). Table 3.2 provides a 

visualization of these tested conditions. 

 

Table 3.2: A visualization of the different combinations of Artificial Soleus and Artificial 

Gastrocnemius behaviors tested during the Experimental Protocol for Case Series 2. Grayed 

cells indicate that the combination of behaviors was not tested in this Case Series. Trials in 

Case Series 2 were conducted in the numerical order as indicated. 

    Artificial Gastrocnemius Stiffness (N/m/kg)  

    0  28  56  84  112  140  

Repeat  

0 

Repeat 

140  

Prosthesis Push-

Off Work (J/kg)  

0.24  1     2  3  4  5  6  7  

0.09  8     9  10  11  12  13  14  

0  15     16  17  18  19  20  21  

 

 

Data Collection and Processing 

 

For both studies, we performed the Artificial Soleus parameter sweep by manipulating the 

dorsiflexion and plantarflexion torque-angle curves in the Humotech software. The Artificial 

Gastrocnemius stiffness sweep was performed by inputting the desired stiffness into a customized 

portion of the software. All walking trials were conducted on a split-belt instrumented treadmill 

(Bertec, Columbus, USA), with a sampling frequency of 2000 Hz. Retroreflective markers were 
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affixed to the prosthetic foot and the participant’s lower body, and their positions were recorded 

with the Vicon motion capture system (200 Hz; Vicon, Oxford, UK).  

During the first session, participants familiarized themselves with the prosthetic ankle and 

Artificial Gastrocnemius hardware while walking on the treadmill at 1.1 m/s for roughly 90 

minutes (not including breaks). Participants reported that, before familiarization, they had never 

walked with a powered prosthetic ankle while using an Artificial Gastrocnemius device. They 

walked with each of the trial settings (a combination of the different net push-off work values 

provided by the Artificial Soleus and Artificial Gastrocnemius stiffnesses) for three minutes, 

allowing them to become familiar with the different behaviors of the Artificial Soleus and 

Artificial Gastrocnemius emulator. Each trial was 3 minutes long, but only the final 90 seconds of 

data were analyzed to ensure processing of steady-state walking data. 

Ground reaction force and synchronized motion capture data were filtered with a zero-phase, 4th 

order, low-pass Butterworth filter with a cut-off frequency of 15 and 8 Hz, respectively. 

Additionally, the prosthetic ankle angle, Artificial Soleus cable tension, and Artificial 

Gastrocnemius actuator angle and tension were recorded. The Artificial Gastrocnemius tension 

data were filtered with a 1st order, low-pass Butterworth filter with a cut-off frequency of 30 Hz. 

We used joint moment-impulse as a surrogate for the biological hip and biological knee muscle 

demands of the prosthesis-side limb during stance. We explored the moment-impulse for this study 

as it represents the net joint moment and the combined/sustained muscle efforts throughout the 

stance period. We integrated the absolute value of the joint moments with respect to stance time 

for each step to find the moment-impulses. We averaged across steps to find the mean moment-

impulse for each combination of Artificial Gastrocnemius and Artificial Soleus. The Artificial 

Gastrocnemius’s moment arm was measured with retroreflective markers affixed to the device, 

capturing its moment arm at the knee in real time for every subject. The Artificial Gastrocnemius’s 

contribution to the knee flexion moment was calculated using the real time moment arm and 

tension measured by the device’s load cell. To isolate the biological contributions to the knee 

moment we computationally removed the Artificial Gastrocnemius’s contribution to the knee 

flexion moment from the internal net moment calculated in Visual3D (C-motion, Germantown, 
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USA). The knee moment-impulse data presented in Results are calculated from the biological 

contributions to the net joint moment. 

 

Results 

 

Hip Joint Moment-Impulse 

 

Prosthesis-side hip moment-impulse was reduced during stance when walking with an Artificial 

Gastrocnemius for seven of eight participants (Fig. 3.2(a)). The change in hip moment-impulse 

during stance ranged from +5.1% to –27.4% across all participants (Figs. 3.3-3.4 and Tables 3.3-

3.4). The hip moment-impulse reductions between the withdrawal and reintroduction trials were 

within 7% of the initial reductions for all participants in Case Series 2 (Fig. 3.4). 

Moment-impulse changes were most prominent during mid- and late-stance when the hip moment 

was in flexion (Fig. 3.2(b)). Hip flexion moment-impulse was reduced when walking with an 

Artificial Gastrocnemius for six of eight participants; the change in hip flexion moment-impulse 

ranged from +8.3% to -57.5% (Tables 3.3-3.4). 
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Figure 3.2: (a): Hip moment-impulses during stance decreased in trials with the Artificial 

Gastrocnemius (AG) for most participants. Values for “With Artificial Gastrocnemius” 

column were calculated from the stiffest Artificial Gastrocnemius trial for each participant. 

(b): Two representative plots of hip flexion moment (hip flexion shown as positive, hip 

extension shown as negative) over one stride from trials with and without the Artificial 

Gastrocnemius. Hip moment-impulses from (a) were calculated by integrating the absolute 

value of the hip moments (including both extension and flexion moments) during the stance 

phase (highlighted region), when the Artificial Gastrocnemius was active. 
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Figure 3.3: Average hip moment-impulses for Case Series 1 for each stiffness tested 

(magnitudes above, percent change from zero Artificial Gastrocnemius stiffness below). 

Participants 1, 3, and 4 exhibited reductions in moment-impulses as Artificial Gastrocnemius 

stiffness increased, but Participant 2 exhibited a slight increase in magnitudes. 
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Table 3.3: Change in hip moment-impulses during stance between the lowest and highest 

stiffness trials for Case Series 1. Changes in hip flexion moment-impulses are included 

because these were most affected by the intervention (Fig. 3.2(b)). Hip extension moment-

impulses were not included for brevity, but can be calculated by subtracting the flexion from 

the hip moment-impulses. 

                              CASE SERIES 1 HIP MOMENT-IMPULSE CHANGES 

Participant 
0 N/m/kg 

(Nm*s/kg) 

84 N/m/kg 

(Nm*s/kg) 

Raw Change 

(Nm*s/kg) 

Percent Change 

(Nm*s/kg) 

Hip Moment-Impulse (Flexion and Extension) 

P1 0.215 ± 0.026 0.175 ± 0.019 -0.039 -18.2% 

P2 0.197 ± 0.014 0.207 ± 0.013 +0.010 +5.1% 

P3 0.255 ± 0.016 0.217 ± 0.019 -0.037 -14.7% 

P4 0.247 ± 0.017 0.218 ± 0.015 -0.029 -11.9% 

Group 0.228 ± 0.027 0.204 ± 0.020 -0.024 -10.5% 

Hip Flexion Moment-Impulse Only 

P1 0.162 ± 0.026 0.118 ± 0.018 -0.044 -27.0% 

P2 0.117 ± 0.013 0.127 ± 0.011 +0.010 +8.3% 

P3 0.130 ± 0.016 0.093 ± 0.013 -0.037 -28.4% 

P4 0.051 ± 0.011 0.038 ± 0.010 -0.013 -24.6% 

Group 0.115 ± 0.047 0.094 ± 0.040 -0.021 -18.3% 
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Figure 3.4: Average hip moment-impulses from Case Series 2 for each stiffness tested (raw 

magnitudes on top, percent change on bottom). All participants exhibited reductions in hip 

moment-impulses as Artificial Gastrocnemius stiffness increased. For all participants, the 

hip moment-impulses decreased with the Artificial Gastrocnemius, increased when the 

Artificial Gastrocnemius was withdrawn (0 N/m/kg), and decreased again with the 

reintroduction of the Artificial Gastrocnemius (140 N/m/kg). 
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Table 3.4: Change in hip moment-impulses during stance between the lowest and highest 

stiffness trials (and the repeated trials) for Case Series 2. Changes in hip flexion moment-

impulses are included because these were most affected by the intervention (Fig. 3.2(b)). Hip 

extension moment-impulses were not included for brevity, but can be calculated by 

subtracting the flexion from hip moment-impulses. 

                      CASE SERIES 2 HIP MOMENT-IMPULSE CHANGES 

Participant 
0 N/m/kg 

(Nm*s/kg) 

140 N/m/kg 

(Nm*s/kg) 

Raw Change 

(Nm*s/kg) 

Percent Change 

(Nm*s/kg) 

Hip Moment-Impulse (Flexion and Extension) 

P5 0.217 ± 0.022 0.165 ± 0.019 -0.052 -23.9% 

P6 0.243 ± 0.018 0.189 ± 0.022 -0.055 -22.5% 

P7 0.230 ± 0.019 0.207 ± 0.019 -0.022 -9.8% 

P8 0.318 ± 0.011 0.297 ± 0.014 -0.021 -6.6% 

Group 0.252 ± 0.045 0.214 ± 0.058 -0.038 -15.1% 

Hip Flexion Moment-Impulse Only 

P5 0.150 ± 0.019 0.082 ± 0.019 -0.068 -45.7% 

P6 0.150 ± 0.016 0.064 ± 0.010 -0.086 -57.5% 

P7 0.097 ± 0.013 0.070 ± 0.012 -0.027 -27.8% 

P8 0.051 ± 0.008 0.060 ± 0.008 +0.009 +18.1% 

Group 0.112 ± 0.048 0.069 ± 0.009 -0.043 -38.4% 

Repeat Hip Moment-Impulse (Flexion and Extension) 

P5 0.232 ± 0.021 0.168 ± 0.021 -0.064 -27.4% 

P6 0.239 ± 0.016 0.201 ± 0.019 -0.038 -15.9% 

P7 0.243 ± 0.016 0.216 ± 0.020 -0.026 -10.9% 

P8 0.298 ± 0.013 0.295 ± 0.013 -0.003 -1.1% 

Group 0.253 ± 0.031 0.220 ± 0.054 -0.033 -13% 

Repeat Hip Flexion Moment-Impulse Only 

P5 0.147 ± 0.019 0.080 ± 0.019 -0.068 -46.0% 

P6 0.131 ± 0.014 0.069 ± 0.009 -0.061 -47.0% 

P7 0.108 ± 0.015 0.074 ± 0.013 -0.034 -31.5% 

P8 0.082 ± 0.012 0.074 ± 0.006 -0.008 -9.3% 

Group 0.117 ± 0.028 0.074 ± 0.004 -0.043 -36.8% 
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Knee Joint Moment-Impulse 

 

Prosthesis-side knee moment-impulse was reduced when walking with an Artificial 

Gastrocnemius for three of eight participants (Fig. 3.5(a)). The change in knee moment-impulse 

during stance ranged from +23.3% to -33.6% across all participants (Figs. 3.6-3.7 and Tables 3.5-

3.6). The moment-impulse changes between the withdrawal and reintroduction trials were 

inconsistent with the initial changes for three of four participants in Case Series 2 (Fig. 3.7). For 

example, Participant 5 exhibited increased moment-impulse during the first trial with the stiffest 

Artificial Gastrocnemius, but then exhibited a reduction between the withdrawal and 

reintroduction trials (Fig. 3.7). The inverse is true for Participants 6 and 7 where they first exhibited 

reductions, then exhibited increases (Fig. 3.7). 

Moment-impulse changes were most prominent during mid- and late-stance when the knee 

moment was in extension (Fig. 3.5(b)). Knee extension moment-impulse was reduced when 

walking with an Artificial Gastrocnemius for three of eight participants; the change in extension 

moment-impulse ranged from +27.0% to -39.3% (Tables 3.5-3.6). 
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Figure 3.5: (a): Knee moment-impulses exhibited minimal changes with the Artificial 

Gastrocnemius (AG). (b): Two representative plots of biological contributions to knee 

moment (knee extension shown as positive, knee flexion shown as negative) over a stride from 

trials with and without the Artificial Gastrocnemius. Additionally, a third representative 

plot of the total knee moment with the Artificial Gastrocnemius (the sum of the biological 

contributions and the Artificial Gastrocnemius contributions) is shown for reference. Knee 

moment-impulses from (a) were calculated by integrating the absolute value of the knee 

moment during the stance phase (as highlighted), when the Artificial Gastrocnemius was 

active. 
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Figure 3.6: Average knee moment-impulses for Case Series 1 for each stiffness tested (raw 

magnitudes on top, percent change on bottom). All participants exhibited an increase in knee 

moment-impulse magnitudes as Artificial Gastrocnemius stiffness increased. 
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Table 3.5: Change in knee moment-impulses between the lowest and highest stiffness trials 

for Case Series 1. Changes in knee extension moment-impulses are included because these 

were most affected by the intervention (Fig. 3.5(b)). Knee flexion moment-impulses were not 

included for brevity, but can be calculated by subtracting the extension from moment-

impulses. 

  

                          CASE SERIES 1 KNEE MOMENT-IMPULSE CHANGES 

Participant 
0 N/m/kg 

(Nm*s/kg) 

84 N/m/kg 

(Nm*s/kg) 

Raw Change 

(Nm*s/kg) 

Percent Change 

(Nm*s/kg) 

Knee Moment-Impulse (Flexion and Extension) 

P1 0.172 ± 0.019 0.178 ± 0.016 +0.006 +3.3% 

P2 0.308 ± 0.022 0.317 ± 0.019 +0.009 +2.9% 

P3 0.148 ± 0.023 0.161 ± 0.019 +0.013 +8.6% 

P4 0.078 ± 0.014 0.096 ± 0.015 +0.018 +23.3% 

Group 0.176 ± 0.096 0.188 ± 0.093 +0.012 +6.8% 

Knee Extension Moment-Impulse Only 

P1 0.155 ± 0.018 0.168 ± 0.016 +0.013 +8.7% 

P2 0.305 ± 0.022 0.313 ± 0.019 +0.008 +2.6% 

P3 0.139 ± 0.024 0.152 ± 0.020 +0.014 +9.8% 

P4 0.061 ± 0.016 0.078 ± 0.016 +0.017 +27.0% 

Group 0.165 ± 0.102 0.178 ± 0.098 +0.013 +7.9% 
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Figure 3.7: Average knee moment-impulses from Case Series 2 for each stiffness tested (raw 

magnitudes on top, percent change on bottom). Changes in knee moment-impulses varied 

greatly by participant and by stiffness tested. Participant 7 exhibited decreases in knee 

moment-impulse as Artificial Gastrocnemius stiffness increased, but these decreases 

persisted even when the Artificial Gastrocnemius was withdrawn. 
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Table 3.6: Change in knee moment-impulses between the lowest and highest stiffness trials 

(and the repeated trials) for Case Series 2. Changes in knee extension moment-impulses are 

included because these were most affected by the intervention (Fig. 3.5(b)). Knee flexion 

moment-impulses were not included for brevity, but can be calculated by subtracting the 

extension from moment-impulses. 

 

                      CASE SERIES 2 KNEE MOMENT-IMPULSE CHANGES 

Participant 
0 N/m/kg 

(Nm*s/kg) 

140 N/m/kg 

(Nm*s/kg) 

Raw Change 

(Nm*s/kg) 

Percent Change 

(Nm*s/kg) 

Knee Moment-Impulse (Flexion and Extension) 

P5 0.184 ± 0.016 0.193 ± 0.019 +0.008 +4.4% 

P6 0.219 ± 0.014 0.213 ± 0.021 -0.007 -3.0% 

P7 0.270 ± 0.018 0.240 ± 0.017 -0.030 -11.0% 

P8 0.133 ± 0.019 0.123 ± 0.023 -0.010 -7.8% 

Group 0.202 ± 0.058 0.192 ± 0.050 -0.010 -5% 

Knee Extension Moment-Impulse Only 

P5 0.174 ± 0.017 0.181 ± 0.018 +0.007 +4.1% 

P6 0.210 ± 0.015 0.205 ± 0.022 -0.005 -2.4% 

P7 0.266 ± 0.018 0.236 ± 0.018 -0.031 -11.6% 

P8 0.117 ± 0.019 0.110 ± 0.023 -0.007 -6.0% 

Group 0.192 ± 0.063 0.183 ± 0.053 -0.009 -4.7% 

Repeat Knee Moment-Impulse (Flexion and Extension) 

P5 0.176 ± 0.018 0.166 ± 0.019 -0.010 -5.9% 

P6 0.227 ± 0.014 0.229 ± 0.023 +0.002 +0.9% 

P7 0.227 ± 0.014 0.232 ± 0.019 +0.004 +1.8% 

P8 0.148 ± 0.018 0.098 ± 0.013 -0.050 -33.6% 

Group 0.195 ± 0.039 0.181 ± 0.063 -0.014 -7.2% 

Repeat Knee Extension Moment-Impulse Only 

P5 0.158 ± 0.017 0.152 ± 0.019 -0.006 -3.8% 

P6 0.212 ± 0.015 0.225 ± 0.024 +0.013 +6.3% 

P7 0.224 ± 0.015 0.227 ± 0.020 +0.003 +1.4% 

P8 0.139 ± 0.019 0.084 ± 0.014 -0.055 -39.3% 

Group 0.183 ± 0.041 0.172 ± 0.068 -0.011 ± 0.030 -6% 
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Discussion 

 

Hip flexor demands decreased for prosthesis users when walking with the Artificial 

Gastrocnemius. These results support our prediction that the Artificial Gastrocnemius coupled 

with higher-powered push-off work would reduce the user’s prosthesis-side hip flexor demands, 

as evidenced by reductions in hip moment-impulse (Figs. 3.3-3.4). Most participants reported that 

the Artificial Gastrocnemius made walking easier for them. Participant 5, 6, and 7 all exhibited 

substantial hip flexor reductions, of -46%, -57.5%, and -28%, respectively, and these participants 

stated that the Artificial Gastrocnemius: “reduced attention necessary to walk”, made it so their 

prosthesis-side “leg needs to work less hard”, and gave them a “more natural response while 

walking” with the higher-powered ankle prosthesis. Conversely, Participant 8, who exhibited a hip 

flexor increase of 18% with the intervention (Table 3.4), slightly preferred the trials without the 

Artificial Gastrocnemius. Hence, the subject-specific feedback seemed to corroborate the objective 

hip kinetics results. 

The hip flexor demand reductions are qualitatively consistent with previous studies. A similar 

study (N=2) was performed using a biomimetic powered ankle and an Artificial Gastrocnemius 

comprised of a rotational spring at the knee [26] which was roughly equivalent to 130-160 N/m/kg 

of linear stiffness with our Artificial Gastrocnemius. The previous study observed hip flexor 

demand reductions of -26% and -14%, similar to the results we observed for comparable settings 

(i.e., the hip flexor reductions with the biomimetic Artificial Soleus settings displayed in Appendix 

Table 3.8). When coupled with higher push-off work, the same Artificial Gastrocnemius produced 

even greater reductions, up to -56%, in hip flexor demand (Table 3.4). Following this trend, an 

Artificial Gastrocnemius may be increasingly beneficial when higher-powered prostheses are used.  

Reductions to hip flexor demands when using an Artificial Gastrocnemius could potentially 

increase users’ quality of life. A previous study observed transfemoral prosthesis users walking 

with a hip exoskeleton that reduced hip flexor demands to a similar degree to the Artificial 

Gastrocnemius. With the hip exoskeleton, participants (N=6; 4 male, 2 female; 33.8 ± 9.8 years) 

averaged a 15.6% reduction in metabolic cost of walking [50]. Two prior studies also observed the 

clinical effects of a hip exoskeleton on non-prosthesis user populations. The first study found that 
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participants with neurological disorders (stroke, Parkinson’s disease, multiple sclerosis, cervical 

and lumbar stenosis) walked 15% further with less exhaustion while using the device [51]. The 

second study found that older participants (N=8; male; 63.5 ± 5.9 years) exhibited a 4% reduction 

in metabolic cost while walking with the hip exoskeleton. With reduced hip flexor demands from 

an Artificial Gastrocnemius, transtibial prosthesis users might also be able to walk longer distances 

with less exhaustion and less energy consumption. 

Neither knee flexor nor extensor muscle demands decreased consistently for prosthesis users when 

walking with the Artificial Gastrocnemius. Seven of eight participants did not exhibit repeatable 

reductions in knee flexor or extensor demands, as evidenced by inconsistent changes in knee 

moment-impulse (Figs. 3.6 and 3.7). All four participants of Case Series 1 exhibited increases in 

knee extensor demands (Table 3.5). Only one of four participants from Case Series 2 exhibited a 

decrease in knee moment-impulse for both the original and reintroduction trials (Table 3.6). In 

contrast, a previous study (N=2) found knee flexor demands decreased with an Artificial 

Gastrocnemius [26], though it is hard to compare or interpret differences given the small sample 

size. In our study, the hypothesis that the Artificial Gastrocnemius would reduce the user’s 

prosthesis-side knee demands was not supported.   

The Artificial Gastrocnemius’s failure to reduce knee flexor demands is counter to the previous 

literature. We expected the biological knee flexor demands to increase with the higher-powered 

push-off work [22], [23]. The Artificial Gastrocnemius’s flexion was intended to offload demands 

from the knee flexors. But the biological knee flexor demand did not increase with the higher-

powered push-off work; instead, the knee exhibited an extension moment. Comparing trials from 

the passive prosthesis setting (Appendix Table 3.12), the biomimetic setting (Appendix Table 

3.11), and the higher-powered setting (Table 3.6), we see that knee extensor demand increased 

with ankle push-off work, as indicated by the increased extension moment-impulses. The 

biological knee moments remained in extension when walking with the Artificial Gastrocnemius 

(Fig. 3.5(b)). Thus, the Artificial Gastrocnemius did not reduce knee muscle demands as expected; 

in fact, it exerted a flexion moment counter to the dominant extension moment from the user’s 

muscles. 
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The Artificial Gastrocnemius’s failure to reduce knee flexor demands may have been caused by 

the kinematic change adopted by users when walking with the higher push-off power. To generate 

the increased push-off work, the higher-powered prosthesis dorsiflexes earlier in stance relative to 

passive and biomimetic prostheses. We observed increased knee flexion for each participant when 

the higher-powered prosthesis performed this dorsiflexion. As a result, the user’s leg was in a more 

crouched configuration relative to the straighter, slightly bent configuration we observed in the 

lower-powered push-off trials. Next, the higher-powered prosthesis provides a sustained 

plantarflexion moment (to provide a burst of push-off) at the end of stance. Since the knee is more 

flexed, the muscles likely produce a greater knee extension moment to stabilize the user’s knee 

and keep it from buckling under the increased push-off. This knee stabilization may also be 

allowing for the burst of push-off power to accelerate the user’s center of mass. Further research 

might illuminate the biomechanical effects of higher-powered prostheses and their effect on power 

transfer and knee joint dynamics. 

Key limitations of the current study include a short acclimation period and an indirect outcome 

metric. Firstly, a single day of familiarization before testing would only reflect a portion of the 

potential long-term benefits of using an Artificial Gastrocnemius. There is potential for greater 

benefits to be gained if users were able to incorporate the Artificial Gastrocnemius into their daily 

walking habits. Continued familiarization with the Artificial Soleus would also likely affect these 

long-term benefits as the user becomes more accustomed to walking with a powered prosthesis. 

Reflecting on the varied effects on the knee kinetics, future work could explore how sensitive the 

knee moment-impulses are to different Artificial Soleus behaviors. Secondly, the joint moment-

impulse is not a direct measurement of the muscle demand as it does not capture antagonistic 

muscle demands due to co-contraction. We chose to use joint moment-impulse because it captures 

the net moment resulting from the hip and knee flexor/extensor muscle groups. Alternative 

measures like electromyography (EMG) were challenging as key musculature was covered by the 

powered prosthesis and Artificial Gastrocnemius hardware, making it difficult to place a surface 

EMG on the skin or collect reliable signals without artifacts. Furthermore, EMG has its own 

limitations as it is a measure of activation and not muscle force or power. The joint moment-

impulse, however, is calculable from motion capture and GRF data, two reliable methods that were 

not made challenging by the experiment hardware. Finally, due to the small sample size and the 

case series nature of the study, we did not perform any statistical analysis on the data. 
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Conclusion 

 

The addition of an Artificial Gastrocnemius to a higher-powered ankle prosthesis decreased the 

hip flexor muscle demands for most users, as evidenced by reductions in hip moment-impulses 

while walking. Most participants also indicated that, with the intervention, walking felt easier and 

more natural. But, the addition of an Artificial Gastrocnemius did not decrease the knee flexor or 

extensor muscle demands for most users, as evidenced by inconsistent changes in knee moment-

impulse. The Artificial Gastrocnemius should be further explored to determine if reduced hip 

demands improve mobility or the user’s quality of life, for instance, by increasing the distance they 

can walk, decreasing the energy spent while walking, or leading to increased physical activity or 

community engagement.  

 

Appendix 

 

The following tables (Tables 3.7-3.12) are reference data for the hip and knee joint moment-

impulses of participants walking with the ankle in a passive mode (0 J/kg of ankle push-off work) 

or in a biomimetic mode (0.08 J/kg for Case Series 1 and 0.09 J/kg for Case Series 2). These data 

show how the hip and knee moment-impulses changed as ankle push-off work increased and as 

the Artificial Gastrocnemius was introduced. 
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Table 3.7: Change in hip moment-impulses between the lowest and highest stiffness trials 

with 0.08 J/kg of ankle push-off work from Case Series 1. Changes in hip flexion moment-

impulses are included because these were most affected by the intervention (Fig. 3.2(b)). Hip 

extension moment-impulses were not included for brevity, but can be calculated by 

subtracting the flexion from moment-impulses. 

       CASE SERIES 1 HIP MOMENT-IMPULSE CHANGES (0.08 J/KG PUSH-OFF) 

Participant 
0 N/m/kg 

(Nm*s/kg) 

84 N/m/kg 

(Nm*s/kg) 

Raw Change 

(Nm*s/kg) 

Percent Change 

(Nm*s/kg) 

Hip Moment-Impulse (Flexion and Extension) 

P1 0.199 ± 0.019 0.177 ± 0.017 -0.023 -11.3% 

P2 0.212 ± 0.015 0.188 ± 0.018 -0.024 -11.5% 

P3 0.250 ± 0.018 0.213 ± 0.015 -0.036 -14.6% 

P4 0.243 ± 0.015 0.225 ± 0.016 -0.018 -7.3% 

Group 0.226 ± 0.024 0.201 ± 0.022 -0.025 -11.1% 

Hip Flexion Moment-Impulse Only 

P1 0.146 ± 0.019 0.119 ± 0.019 -0.027 -18.4% 

P2 0.130 ± 0.015 0.102 ± 0.014 -0.028 -21.7% 

P3 0.115 ± 0.013 0.079 ± 0.011 -0.036 -31.0% 

P4 0.068 ± 0.010 0.036 ± 0.009 -0.032 -46.6% 

Group 0.115 ± 0.034 0.084 ± 0.036 -0.031 -27.0% 
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Table 3.8:  Change in hip moment-impulses between the lowest and highest stiffness trials 

(and the repeated trials) with 0.09 J/kg of ankle push-off work from Case Series 2. Changes 

in hip flexion moment-impulses are included because these were most affected by the 

intervention (Fig. 3.2(b)). Hip extension moment-impulses were not included for brevity, but 

can be calculated by subtracting the flexion from moment-impulses. Participant 8 exhibited 

a normal flexion moment-impulse relative to others for their repeat “140 N/m/kg” trial. 

Their flexion moment-impulse for the repeat “0 N/m/kg” trial was uncharacteristically low 

and resulted in a +311.1% change. 

       CASE SERIES 2 HIP MOMENT-IMPULSE CHANGES (0.09 J/KG PUSH-OFF) 

Participant 
0 N/m/kg 

(Nm*s/kg) 

140 N/m/kg 

(Nm*s/kg) 

Raw Change 

(Nm*s/kg) 

Percent Change 

(Nm*s/kg) 

Hip Moment-Impulse (Flexion and Extension) 

P5 0.225 ± 0.024 0.191 ± 0.015 -0.034 -15.0% 

P6 0.236 ± 0.015 0.222 ± 0.016 -0.014 -6.0% 

P7 0.248 ± 0.017 0.209 ± 0.016 -0.038 -15.5% 

P8 0.301 ± 0.012 0.282 ± 0.010 -0.019 -6.2% 

Group 0.252 ± 0.033 0.226 ± 0.039 -0.026 -10.3% 

Hip Flexion Moment-Impulse Only 

P5 0.138 ± 0.017 0.087 ± 0.013 -0.051 -36.8% 

P6 0.134 ± 0.015 0.141 ± 0.015 +0.007 +5.2% 

P7 0.108 ± 0.014 0.097 ± 0.011 -0.012 -10.7% 

P8 0.095 ± 0.009 0.095 ± 0.007 +0.000 +0.2% 

Group 0.119 ± 0.021 0.105 ± 0.024 -0.014 -11.8% 

Repeat Hip Moment-Impulse (Flexion and Extension) 

P5 0.225 ± 0.020 0.195 ± 0.018 -0.030 -13.3% 

P6 0.297 ± 0.015 0.213 ± 0.014 -0.084 -28.4% 

P7 0.247 ± 0.019 0.239 ± 0.017 -0.008 -3.4% 

P8 0.405 ± 0.016 0.310 ± 0.016 -0.095 -23.4% 

Group 0.294 ± 0.080 0.239 ± 0.051 -0.055 -18.7% 

Repeat Hip Flexion Moment-Impulse Only 

P5 0.118 ± 0.017 0.086 ± 0.015 -0.032 -27.4% 

P6 0.221 ± 0.013 0.130 ± 0.014 -0.091 -41.0% 

P7 0.126 ± 0.011 0.107 ± 0.012 -0.019 -15.4% 

P8 0.028 ± 0.004 0.116 ± 0.009 +0.088 +311.1% 

Group 0.123 ± 0.079 0.110 ± 0.019 -0.013 -10.6% 
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Table 3.9: Change in hip moment-impulses between the lowest and highest stiffness trials 

(and the repeated trials) with the passive prosthesis settings from Case Series 2. Changes in 

hip flexion moment-impulses are included because these were most affected by the 

intervention (Fig. 3.2(b)). Hip extension moment-impulses were not included for brevity, but 

can be calculated by subtracting the flexion from moment-impulses. 

         CASE SERIES 2 HIP MOMENT-IMPULSE CHANGES (0 J/KG PUSH-OFF) 

Participant 
0 N/m/kg 

(Nm*s/kg) 

140 N/m/kg 

(Nm*s/kg) 

Raw Change 

(Nm*s/kg) 

Percent Change 

(Nm*s/kg) 

Hip Moment-Impulse (Flexion and Extension) 

P5 0.203 ± 0.019 0.187 ± 0.014 -0.016 -8.1% 

P6 0.291 ± 0.014 0.216 ± 0.019 -0.075 -25.8% 

P7 0.259 ± 0.018 0.255 ± 0.020 -0.005 -1.8% 

P8 0.298 ± 0.019 0.259 ± 0.011 -0.039 -13.1% 

Group 0.263 ± 0.043 0.229 ± 0.034 -0.034 -12.9% 

Hip Flexion Moment-Impulse Only 

P5 0.099 ± 0.017 0.077 ± 0.011 -0.022 -22.6% 

P6 0.202 ± 0.012 0.131 ± 0.017 -0.071 -35.2% 

P7 0.129 ± 0.010 0.110 ± 0.013 -0.019 -15.0% 

P8 0.121 ± 0.012 0.092 ± 0.011 -0.029 -24.0% 

Group 0.138 ± 0.044 0.102 ± 0.023 -0.036 -26.1% 

Repeat Hip Moment-Impulse (Flexion and Extension) 

P5 0.227 ± 0.015 0.191 ± 0.014 -0.037 -16.1% 

P6 0.277 ± 0.019 0.214 ± 0.016 -0.063 -22.8% 

P7 0.266 ± 0.015 0.252 ± 0.019 -0.013 -5.0% 

P8 0.303 ± 0.012 0.270 ± 0.010 -0.033 -10.9% 

Group 0.268 ± 0.031 0.232 ± 0.036 -0.036 -13.4% 

Repeat Hip Flexion Moment-Impulse Only 

P5 0.119 ± 0.013 0.075 ± 0.010 -0.044 -37.2% 

P6 0.198 ± 0.016 0.130 ± 0.014 -0.067 -34.0% 

P7 0.128 ± 0.012 0.109 ± 0.013 -0.019 -14.8% 

P8 0.136 ± 0.009 0.104 ± 0.008 -0.032 -23.6% 

Group 0.145 ± 0.036 0.105 ± 0.023 -0.040 -27.6% 
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Table 3.10: Change in knee moment-impulses between the lowest and highest stiffness trials 

with 0.08 J/kg of ankle push-off work from Case Series 1. Changes in knee extension 

moment-impulses are included because these were most affected by the intervention (Fig. 

3.5(b)). Knee flexion moment-impulses were not included for brevity, but can be calculated 

by subtracting the extension from moment-impulses.  

     CASE SERIES 1 KNEE MOMENT-IMPULSE CHANGES (0.08 J/KG PUSH-OFF) 

Participant 
0 N/m/kg 

(Nm*s/kg) 

84 N/m/kg 

(Nm*s/kg) 

Raw Change 

(Nm*s/kg) 

Percent Change 

(Nm*s/kg) 

Knee Moment-Impulse (Flexion and Extension) 

P1 0.167 ± 0.013 0.180 ± 0.015 +0.013 +7.5% 

P2 0.290 ± 0.016 0.297 ± 0.021 +0.008 +2.7% 

P3 0.162 ± 0.013 0.181 ± 0.016 +0.020 +12.2% 

P4 0.101 ± 0.015 0.093 ± 0.017 -0.008 -7.8% 

Group 0.180 ± 0.079 0.188 ± 0.084 +0.008 +4.4% 

Knee Extension Moment-Impulse Only 

P1 0.148 ± 0.013 0.162 ± 0.016 +0.015 +9.9% 

P2 0.286 ± 0.016 0.294 ± 0.022 +0.008 +2.7% 

P3 0.150 ± 0.014 0.172 ± 0.016 +0.022 +14.8% 

P4 0.004 ± 0.004 0.077 ± 0.019 +0.073 +1838% 

Group 0.147 ± 0.115 0.176 ± 0.089 +0.029 +19.7% 
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Table 3.11: Change in knee moment-impulses between the lowest and highest stiffness trials 

(and the repeated trials) with 0.09 J/kg of ankle push-off work from Case Series 2. Changes 

in knee extension moment-impulses are included because these were most affected by the 

intervention (Fig. 3.5(b)). Knee flexion moment-impulses were not included for brevity, but 

can be calculated by subtracting the extension from moment-impulses. 

     CASE SERIES 2 KNEE MOMENT-IMPULSE CHANGES (0.09 J/KG PUSH-OFF) 

Participant 
0 N/m/kg 

(Nm*s/kg) 

140 N/m/kg 

(Nm*s/kg) 

Raw Change 

(Nm*s/kg) 

Percent Change 

(Nm*s/kg) 

Knee Moment-Impulse (Flexion and Extension) 

P5 0.151 ± 0.017 0.128 ± 0.013 -0.023 -15.1% 

P6 0.205 ± 0.013 0.197 ± 0.017 -0.008 -3.8% 

P7 0.194 ± 0.014 0.192 ± 0.015 -0.001 -0.8% 

P8 0.102 ± 0.016 0.182 ± 0.015 +0.080 +78.5% 

Group 0.163 ± 0.047 0.175 ± 0.032 +0.012 +7.4% 

Knee Extension Moment-Impulse Only 

P5 0.092 ± 0.021 0.074 ± 0.012 -0.018 -19.5% 

P6 0.180 ± 0.012 0.189 ± 0.019 +0.009 +5.0% 

P7 0.188 ± 0.014 0.188 ± 0.015 +0.000 +0.0% 

P8 0.090 ± 0.019 0.175 ± 0.015 +0.086 +95.7% 

Group 0.137 ± 0.054 0.157 ± 0.055 +0.020 +14.6% 

Repeat Knee Moment-Impulse (Flexion and Extension) 

P5 0.142 ± 0.017 0.132 ± 0.016 -0.010 -7.1% 

P6 0.196 ± 0.012 0.199 ± 0.014 +0.003 +1.4% 

P7 0.185 ± 0.013 0.190 ± 0.014 +0.005 +2.8% 

P8 0.100 ± 0.012 0.160 ± 0.017 +0.060 +60.4% 

Group 0.156± 0.044 0.170 ± 0.030 +0.014 +9.0% 

Repeat Knee Extension Moment-Impulse Only 

P5 0.070 ± 0.010 0.076 ± 0.012 +0.005 +7.7% 

P6 0.167 ± 0.010 0.189 ± 0.016 +0.022 +13.1% 

P7 0.180 ± 0.014 0.185 ± 0.014 +0.005 +2.8% 

P8 0.084 ± 0.013 0.150 ± 0.018 +0.066 +78.8% 

Group 0.125 ± 0.056 0.150 ± 0.053 +0.025 +20.0% 
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Table 3.12: Change in knee moment-impulses between the lowest and highest stiffness trials 

(and the repeated trials) with the passive prosthesis settings from Case Series 2. Changes in 

knee extension moment-impulses are included because these were most affected by the 

intervention (Fig. 3.5(b)). Knee flexion moment-impulses were not included for brevity, but 

can be calculated by subtracting the extension from moment-impulses. 

       CASE SERIES 2 KNEE MOMENT-IMPULSE CHANGES (0 J/KG PUSH-OFF) 

Participant 
0 N/m/kg 

(Nm*s/kg) 

140 N/m/kg 

(Nm*s/kg) 

Raw Change 

(Nm*s/kg) 

Percent Change 

(Nm*s/kg) 

Knee Moment-Impulse (Flexion and Extension) 

P5 0.164 ± 0.019 0.149 ± 0.017 -0.015 -8.9% 

P6 0.206 ± 0.015 0.189 ± 0.014 -0.017 -8.4% 

P7 0.162 ± 0.011 0.153 ± 0.013 -0.009 -5.8% 

P8 0.084 ± 0.015 0.081 ± 0.014 -0.003 -3.4% 

Group 0.154 ± 0.051 0.143 ± 0.045 -0.011 -7.1% 

Knee Extension Moment-Impulse Only 

P5 0.070 ± 0.011 0.075 ± 0.012 +0.005 +6.6% 

P6 0.146 ± 0.011 0.161 ± 0.010 +0.015 +10.4% 

P7 0.157 ± 0.012 0.146 ± 0.014 -0.011 -6.8% 

P8 0.076 ± 0.015 0.071 ± 0.015 -0.005 -6.9% 

Group 0.112 ± 0.045 0.113 ± 0.047 +0.001 +0.9% 

Repeat Knee Moment-Impulse (Flexion and Extension) 

P5 0.169 ± 0.015 0.147 ± 0.017 -0.022 -13.0% 

P6 0.209 ± 0.014 0.193 ± 0.014 -0.017 -8.1% 

P7 0.152 ± 0.011 0.147 ± 0.014 -0.005 -3.3% 

P8 0.073 ± 0.009 0.072 ± 0.010 -0.001 -1.5% 

Group 0.151 ± 0.057 0.140 ± 0.050 -0.011 -7.3% 

Repeat Knee Extension Moment-Impulse Only 

P5 0.075 ± 0.009 0.074 ± 0.011 -0.001 -1.6% 

P6 0.154 ± 0.009 0.170 ± 0.012 +0.015 +10.0% 

P7 0.145 ± 0.011 0.140 ± 0.014 -0.005 -3.2% 

P8 0.053 ± 0.010 0.061 ± 0.011 +0.008 +15.8% 

Group 0.107 ± 0.050 0.111 ± 0.052 +0.004 +3.7% 
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Chapter 4: Development and Preliminary Evaluation of a Bimodal Foot Prosthesis for 

Walking and Running 

 

Introduction 

 

People often alternate between bouts of walking and running, for instance, when adults participate 

in recreational activities or children play [52]. However, these walk-to-run and run-to-walk activity 

transitions can be challenging for individuals with lower limb prostheses because existing 

prosthetic feet are not well-suited for both activities [32], [53]. Individuals with lower limb 

prostheses may forego taking part in play or recreational activities to avoid using a foot not well-

suited for the activity [53]. Thus, limitations of prosthetic feet can deter participation in physical 

activity, which may negatively impact social or physical health [33]–[35], [53]. 

Some prosthesis users wear a daily-use prosthesis (DUP) for walking and standing, but then wear 

a separate, specialized running-specific prosthesis (RSP) for running. Switching between the two 

prostheses is often impractical or inconvenient, especially when switching activities frequently or 

unexpectedly [53]. Switching prostheses can be time consuming and can require specialized tools 

(e.g., hex keys). Switching prostheses also requires users to have their other prosthesis available, 

which means they either need to anticipate each activity they will perform each day or carry their 

second prosthesis (sometimes with an associated socket) throughout the day. Situations inevitably 

arise when an individual wearing a DUP wants or needs to run (e.g., an unplanned game of frisbee). 

Similarly, an individual wearing an RSP may need to stand or walk unexpectedly (e.g., when they 

are out for a run but stop to talk to an acquaintance). Using a DUP for running or using an RSP for 

walking (or standing) results in dissatisfied users and decreased performance in the activity [32], 

[53].  

Decreases in prosthesis user satisfaction and physical performance capabilities are due to the 

differences in the designs of the DUP vs. RSP. RSPs are generally made of long, curved carbon 

fiber keels that are stiffer than the DUPs and are designed for the higher forces associated with 

running (more than twice the forces produced during walking [54]). The RSP’s specialized design 
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comes at the cost of task versatility. RSPs typically omit a heel component so users can 

comfortably contact the ground with the mid-foot of the prosthesis during running. However, the 

lack of heel makes daily activities like walking and standing less stable and less comfortable [31], 

[53]. Similarly, the DUP designs are not well-suited for running as they are generally less stiff and 

yield lower energy return [30]. Also, the heel of DUP can interfere with a user’s mid-foot ground 

contact during running. 

We posit that prosthesis users might benefit from having one foot that can easily and quickly switch 

between running and walking modes. The aim of this work was to create and evaluate a bimodal 

prosthetic foot prototype for walking and running. We employed a user-centric design approach 

to understand user needs, collect user feedback, and iteratively develop a prototype of the bimodal 

prosthesis. We assessed the prototype via benchtop testing, gait analysis on three prosthesis users, 

and user surveys. We evaluated the bimodal prosthesis prototype based on four primary criteria: 

(i) its ability to switch between walking and running modes faster than switching between DUP 

and RSP feet, (ii) its ability to provide a heel component in walking mode but remove it in running 

mode, (iii) its ability to generate higher axial stiffness in running mode, and (iv) user satisfaction 

with the bimodal prosthesis compared to standing and walking in their RSP, and compared to 

running in their DUP. Additional design requirements and constraints are detailed in the Methods. 

Secondarily, we explored how the different prostheses affected gait biomechanics, specifically 

center of mass and prosthesis power, when walking and running with the bimodal prosthesis, a 

DUP, and an RSP. We also characterized the stiffnesses of participants’ DUPs and RSPs to build 

upon the limited data available in the literature.  
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Bimodal Prosthesis Design 

 

We compiled user needs and engineering design requirements, as summarized below. 

 

User Needs 

 

We established user needs based on a review of the academic literature, our previous interactions 

with dozens of prosthesis users and their caregivers [32], and targeted interviews we conducted 

with one prosthetist and with five prosthesis users who own both DUPs and RSPs (2 unilateral 

transtibial, 2 bilateral transtibial, 1 bilateral transtibial and transfemoral).  

Users desired a broad footprint to improve stability while doing daily tasks like standing and 

walking [55], [56]. Users noted that standing and walking in the RSPs throughout the day leads to 

discomfort and hip height misalignment [53] since RSPs are typically 2.8-4.5% taller than DUPs 

[57]. Therefore, having a prosthesis that was the same height as a DUP would help avoid 

introducing hip height misalignment that may increase risk of degenerative hip joint changes [58]. 

Users preferred DUPs that were less stiff than their RSPs and attributed the lower stiffness to lower 

effort during walking. 

Users preferred RSPs that were stiffer and felt “springier” than their DUPs. They attributed the 

higher stiffness to improved ground push-off during running. Prosthesis users preferred RSPs that 

could provide high energy return for running [59]–[61]. Finally, users preferred RSPs without a 

heel component because it allows for greater heel clearance, leading to easier mid-foot striking 

and a more natural rollover for running [31], [60].  

Some prosthesis users have comorbidities that lower their strength and dexterity [33]. Switching 

between the device modes, therefore, needs to be simple and to require minimal gestures to make 

the device usable by people of varying abilities. Switching modes also needs to be fast and require 
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no tools. Users generally preferred not to have extra components that needed to be carried 

separately.  

 

Engineering Design Requirements for Device Evaluation 

 

We derived engineering requirements from the user needs described above and created target 

values based on the scientific literature.  

During standing, we required that the device have a broad footprint that mimics the width of an 

RSP (about 8.5 cm) and the length of a DUP (about 24 cm) for a minimum footprint of 204 cm2. 

The widths of DUPs are smaller than the user’s actual footprint, which typically includes the 

additional width of a cosmetic foot shell and shoe. Instead of the width of the DUP, the width of 

an RSP is a more appropriate target since, like the bimodal prosthesis, RSPs are commonly worn 

without a shell or shoe, representing a sufficient width for the user’s footprint. A broad footprint 

gives users a base of support comparable to a shod DUP and offers enhanced stability during 

standing and walking [56].  

We required the device to have the same build height as a DUP during walking mode to avoid limb 

length discrepancies and their associated musculoskeletal health risks [58].  

We required the device to be less stiff when in walking mode than in running mode to provide 

users with loading and push-off dynamics closer to that of a typical DUP. 

We required the device to be stiffer in running mode than in walking mode so that the user 

experiences similar loading and push-off dynamics compared to a typical RSP. Previous research 

suggests 20 kN/m and 26 kN/m are exemplary DUP and RSP stiffnesses, respectively, for an 80 

kg prosthesis user [29], [62].  

We required the device to have more heel clearance in running mode compared to walking mode 

to enable the user to make ground contact with their fore-/mid-foot. We estimated that a 5 cm 
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increase in heel height would mimic the rollover shape of the Obsidian (Fillauer, Chattanooga, 

TN) RSP and allow users to make ground contact with their fore-/mid-foot in running. 

We required that the device mode switching would not need extra tools and that it could be 

performed quickly (less than a minute).  

Device mass is important to consider as excessive mass would increase the device’s inertial effects 

and the effort associated with walking or running. Commercial DUPs typically have a mass of 

approximately 1 kg and some commercial RSPs may be even lighter. We selected a target of 2 kg 

for the device as a compromise between functionality and mass for an early-stage prototype, with 

the expectation that if this concept is promising, the device could be optimized for minimal mass 

in future work. 

 

Mechanical Design 

 

We designed and fabricated a bimodal prosthesis with two main capabilities: (i) the ability to 

switch between different walking and running stiffnesses and (ii) the ability to have a heel 

component for walking and standing, but not for running. We fabricated a prototype to satisfy the 

user needs and technical requirements above by modifying a commercial DUP (direct mount 

AllPro, Fillauer, Chattanooga, TN). 

We fabricated a parallel spring strut and locking joint (Fig. 4.1) that allows the user to switch 

between higher stiffness for running and lower stiffness for walking. While unlocked (Fig. 4.1), 

the joint flexes under the user’s weight without compressing the parallel spring strut. Therefore, 

the device’s overall stiffness during walking is just the intrinsic stiffness of the original DUP keel. 

While locked (Fig. 4.2), the joint does not flex under the user’s weight, compressing the parallel 

spring strut and increasing the overall stiffness of the device in running mode. Users may change 

springs inside the parallel spring strut to achieve their desired stiffness for running. 
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Figure 4.1: The bimodal prosthesis in walking mode with the parallel spring strut unlocked 

and the collapsible heel deployed. The locking joint freely rotates under the user’s weight in 

this configuration, so it does not compress the parallel spring strut and does not change the 

device’s overall stiffness. The collapsible heel is deployed (parallel to the ground) and 

increases the device’s footprint. 

 

We replaced the commercial DUP footplate with a custom-built, rounded aluminum toeplate that 

mimicked the profile of an RSP (Obsidian Running Blade, Fillauer, Chattanooga, TN). We 

attached a collapsible heel via a hinge joint to the toeplate. A heel spring strut then slides along 

the collapsible heel via channels (Fig. 4.1). The other end of the heel spring strut is hinged to the 

back of the prosthesis keel. A bolt latch locks the heel spring strut in place on either the anterior 

or posterior end of the collapsible heel. In walking mode, the collapsible heel is parallel to the 

ground and the heel spring strut is locked to the posterior end of the heel, increasing the device’s 
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footprint and assisting in weight acceptance following initial ground contact (Fig. 4.1). In running 

mode, the collapsible heel folds up against the back of the prosthesis keel and the heel spring strut 

is locked in the anterior end of the heel, increasing heel clearance during running (Fig. 4.2). We 

also lined the bottom of the aluminum toeplate and the collapsible heel with a layer of dense foam 

(shoe sole material) to increase traction against the ground. 

This design allows the user to switch between a walking mode and a running mode. The user can 

manually unlock the joint above the parallel spring strut and extend the collapsible heel for walking 

mode (Fig. 4.1). The user can then lock the joint above the parallel spring strut and collapse the 

heel for running mode (Fig. 4.2).  
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Figure 4.2: The bimodal prosthesis in running mode with the parallel spring strut locked and 

the collapsible heel collapsed. The locking joint compresses the parallel spring under the 

user’s weight in this configuration and increases the overall device stiffness for running. The 

collapsible heel is collapsed against the back of the keel to increase heel clearance for 

running. 

 

Methods 

 

We completed benchtop tests to assess if the prototype satisfied a subset of the user needs and 

engineering requirements. We then conducted a case series study (N=3) where lower limb 

prosthesis users walked and ran in their DUPs and RSPs and the bimodal prosthesis prototype to 

assess the remaining requirements, particularly related to functionality and user satisfaction.  
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We evaluated the bimodal prosthesis prototype based on the four primary criteria outlined in the 

Introduction. 

 

Benchtop Testing 

 

Benchtop tests included measuring the prototype’s mass, and dimensions (build height, footprint, 

heel clearance). The device’s mass was measured using a scale. The length of the footprint was 

measured as the distance between the posterior end of the heel in walking mode and the most 

anterior point of the toe plate that was in contact with the ground (not including the curved portion). 

The width of the footprint was measured as the distance between the medial and lateral edges of 

the prosthesis. We calculated the area of the footprint by multiplying the measured length by the 

width and compared it to the target footprint from the design requirements (8.5 cm x 24 cm). We 

measured the heel clearance as the height of the posterior end of the prosthesis heel in running 

mode. We compared the prototype heel clearance to the target heel clearance from the design 

requirements (5 cm). 

 

Lower Limb Prosthesis User Testing 

 

We completed testing on 3 participants with unilateral transtibial limb loss. Each participant 

attended two sessions: one familiarization session, and one data collection session at Vanderbilt 

University’s Center for Rehabilitation Engineering and Assistive Technology. The protocol was 

approved by the Vanderbilt University Institutional Review Board (#150271) and all participants 

gave their written informed consent.  

Participants wore their prescribed socket and completed each task in all three prostheses (DUP. 

RSP, bimodal) while wearing an upper body safety harness (attached to the ceiling via a slightly 

slack cable). Participant demographics for the resulting group are provided in Table 4.1. 
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Table 4.1: Participant demographic table with sex, age, height, body mass, leg length 

(trochanter to ground), and make and model for Daily-Use Prosthesis (DUP) and Running-

Specific Prosthesis (RSP). 

Participant #ID P1 P2 P3 Mean ± SD 

Gender Male Male Female N/A 

Age (yr) 54 28 45 42 ± 13 

Height (m) 1.84 1.74 1.67 1.75 ± 0.09 

Body mass (kg) 97.6 85.1 74.4 85.7 ± 11.6 

Leg length (m) 0.98 0.92 0.98 0.96 ± 0.03 

DUP Fillauer AllPro Fillauer AllPro Fillauer AllPro N/A 

RSP Fillauer Obsidian Fillauer Obsidian Fillauer Obsidian N/A 

 

 

Participants familiarized themselves with the bimodal prosthesis while walking and running on the 

treadmill at 1.1, 2.0, and 2.5 m/s for roughly 60 minutes during the first session (about 15-20 

minutes of walking, 5-10 minutes of running, plus breaks and alignment adjustments per the 

participant’s discretion). Participants also familiarized themselves with performing the switch 

between the bimodal prosthesis walking and running modes (about three times with each mode 

switch).  

For both familiarization and data collection, we affixed ankle weights to the participants’ 

prescribed DUP and RSP so that they were equal to the mass of the bimodal prosthesis (within ± 

50 g). We set the walking speed to 1.1 m/s and the running speeds to 2.0 and 2.5 m/s, similar to 

speeds tested in previous DUP and RSP walking and running studies [49], [63], [64]. 



71 

 

We conducted all data collection trials on a split-belt force-instrumented treadmill (Bertec, 

Columbus, USA), with a sampling frequency of 1000 Hz. We affixed retroreflective markers to 

the prostheses and the participant’s lower body and their positions were recorded with a Vicon 

motion capture system (200 Hz; Vicon, Oxford, UK). We filtered ground reaction force (GRF) 

and synchronized motion capture data with zero-phase, 4th order, low-pass Butterworth filters with 

cut-off frequencies of 15 and 8 Hz, respectively.  

Participants stood for 15 s in a static position (arms crossed, feet shoulder width apart), walked for 

90 s, and ran 45 s at both running speeds (except for P3 who could not run at 2.5 m/s) with each 

of the prostheses. We analyzed only the final 60 seconds of walking data and the final 30 seconds 

of running data to ensure processing of constant speed locomotion data. 

We asked participants to run with three different compression springs (stiffness: 6.1, 19.3, and 

29.8 kN/m) for the bimodal parallel spring during the first session. We then allowed them to choose 

their preferred stiffness for running during the data collection session. P1 chose a 29.8 kN/m 

spring, and P2 and P3 chose a 6.1 kN/m spring. 

Stiffness 

We characterized the forefoot stiffness of each prosthesis between the proximal end of the 

prosthesis and the toe region during each task. We measured the prosthesis displacement by 

recording the distance between two markers: one affixed below the direct mount pyramid adapter 

and one located a few centimeters posterior to the distal end of the keel (Fig. 4.3). We defined the 

displacement axis as the line along the markers in the sagittal plane. 

We calculated the prosthesis resting length 10 frames before ground contact for each step while 

the foot was unloaded. We calculated stiffness at the instant where the center of pressure on the 

treadmill belt was closest to the displacement axis. We calculated the force along the displacement 

axis as the dot product of the GRF and displacement axis unit vector. We divided the force along 

the displacement axis by the difference between the resting length and the distance between the 

markers at that instant to calculate the device’s forefoot stiffness. We compared the walking mode 

stiffness to the running mode stiffness to assess the prototype’s ability to generate higher axial 

stiffness in running mode. 
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We averaged each user’s bimodal prosthesis running mode stiffnesses across the 2.0 and 2.5 m/s 

running tasks to compare against the walking mode stiffness from their 1.1 m/s walking trials. We 

averaged each user’s DUP stiffness across all three tasks (1.1, 2.0, and 2.5 m/s). We also averaged 

each user’s RSP stiffnesses across all three tasks for comparison. We characterized the stiffnesses 

of participants’ DUPs and RSPs to build upon the limited existing data in the literature. 

 

 

Figure 4.3: Forefoot stiffness calculation method. The displacement axis is the line along 

the two markers shown. We calculated the dot product of the Ground Reaction Force 

(GRF) and the displacement axis vectors at the instant the center of pressure was closest to 

the displacement axis. The result is the GRF along the displacement vector, which we 

divided by the displacement of the prosthesis to find the forefoot stiffness.  

 

User Surveys 

We asked participants to complete a survey after each task. Survey questions utilized a 7-point 

Likert scale. A rating of 1 on the Likert scale indicated that the user perceived the device being 

assessed as “very bad” in that attribute, a 4 indicated the device was “neutral”, and a 7 indicated 

the device was “very good”. Users rated each foot in terms of comfort, energy return, stability, hip 
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height, and overall satisfaction. We did not ask users to rate the energy return of the feet for 

standing. 

We also asked participants to rate the ease of switching between their DUP and RSP, and the ease 

of switching between the bimodal prosthesis modes. We timed users while switching modes and 

compared these times to assess the prototype’s ability to switch between running and walking 

modes faster than switching between DUP and RSP feet. 

We subtracted the RSP survey ratings from the bimodal prosthesis walking mode ratings during 

standing and walking tasks. We subtracted the DUP ratings from the bimodal prosthesis running 

mode ratings during running tasks. Hence, a positive value indicates that the user thought the 

bimodal prosthesis was better for that attribute than a prosthesis that was not designed for that task. 

We computed these differences to assess user satisfaction with the bimodal prosthesis compared 

to standing and walking in their RSP, and compared to running in their DUP as shown in the 

Results.  

For completeness, we also subtracted DUP survey ratings from the bimodal prosthesis walking 

mode ratings during standing and walking tasks. Finally, we subtracted RSP survey ratings from 

the bimodal prosthesis running mode ratings during running tasks. All ratings and differences can 

be found in Appendix A. 

Center of Mass and Prosthesis Power 

We computed the center of mass power [49] and prosthesis power [65], [66] for each trial. We 

selected the center of mass power to use as a representative metric for gait mechanics as it indicates 

the whole-body effects of each prosthesis and serves as a single signal to compare across devices. 

We computed prosthesis power as a secondary metric to characterize the mechanical response of 

each prosthesis during the locomotion tasks. We cropped the center of mass power to a stride, time 

normalized to percent stride, and averaged across strides. A stride was defined as starting with 

prosthesis ground contact and ending just before the subsequent prosthesis ground contact.  
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Results 

 

Device vs. Mode Switching 

 

Participant preferences varied between switching bimodal modes or switching devices (Fig. 4.4). 

In terms of perceived ease of switching, one participant rated the bimodal prosthesis modes easier 

to switch than switching their DUP and RSP, one gave the two methods the same rating, and one 

rated the bimodal prosthesis modes harder than switching their DUP and RSP.  
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Figure 4.4: Ease of device switching (between DUP and RSP) vs. mode switching (between 

bimodal walk and run modes) ratings for each participant on a 7-point Likert scale (where 

1 is very bad, 4 is neutral, and 7 is very good).  

 

Participants switched between bimodal prosthesis modes faster than they switched between their 

DUP and RSP (i.e., doffing one and donning the other). On average, users switched 29.5 s (59%) 

faster: 21.3 ± 12.0 s (10-40 s) to switch between bimodal prosthesis modes vs. 50.8 ± 34.4 s (20-

78 s) to switch between their DUP and RSP. The two prosthesis users who took the longest to 

switch between DUP and RSP (52 to 78 s) had to use a hex key tool to detach and reattach their 

prostheses. However, one participant was able to switch his DUP and RSP in 20 to 28 s because 
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he carried an extra foot with its own socket and therefore could doff one socket and then don the 

other without tools (though at the cost of carrying an extra prosthetic socket). 

 

Footprint, Heel Clearance, and Benchtop Measurements 

 

The bimodal prosthesis footprint in walking mode was 234.4 cm2 and exceeded the target footprint 

of 204.4 cm2 (14.9% greater). The heel clearance of the bimodal prosthesis in running mode was 

6.7 cm and exceeded the 5 cm target.  

We found that the bimodal prosthesis height in walking mode was the same as the DUP height 

while in a shoe and therefore did not introduce limb length discrepancies. Switching modes could 

be accomplished using only one finger or thumb and took only five gestures (twist and slide the 

lock sheath; unlock, slide, and lock the heel spring strut). The bimodal prosthesis has a total build 

mass of 1.8 kg which was less than our target range of 2 kg for the initial prototype. 

 

Bimodal Prosthesis Stiffness 

 

The bimodal prosthesis was stiffer in running mode than in walking mode. The stiffness increase 

ranged from 10.2-37.0 kN/m (24-86%; Fig. 4.5) across the three participants. The magnitude of 

increase was dependent on which parallel spring stiffness each participant selected based on their 

preference (e.g., P1 selected a much stiffer spring than P2 and P3, see Methods for details). The 

stiffness values measured at each running speed were similar (within ±5% at 2.0 vs. 2.5 m/s, Fig. 

4.5). 
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Figure 4.5: Forefoot stiffnesses of the bimodal prosthesis in walking mode and running mode 

for each participant. Running mode was 24-86% stiffer than walking mode. Average running 

mode stiffnesses for the 2.0 and 2.5 m/s running trials are shown as bars and individual trial 

stiffness is shown with markers (+ and x). P3 was not able to complete running trials at 2.5 

m/s.  
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User Surveys 

 

Standing 

During standing, participants preferred the bimodal prosthesis in walking mode over their RSP. In 

terms of overall user satisfaction, all participants rated the bimodal prosthesis walking mode to be 

higher than the RSP, by 2.3 points on average when standing (6.3 vs. 4.0, i.e., moderately to very 

good vs. neutral satisfaction). We observed similar trends for all other survey attributes (comfort, 

stability, hip height), excluding energy return which is not applicable to standing. On average, 

users rated the bimodal prosthesis walking mode to be 2.3-3.7 points higher in each attribute 

relative to the RSP during standing (Fig. 4.6). In contrast, the users rated the bimodal prosthesis 

walking mode to be similar to their DUP during standing (e.g., 6.3 vs. 6.7 in terms of overall 

satisfaction). Complete participant-specific survey results for bimodal prosthesis vs. RSP are 

reported in Table 4.A1 and for bimodal vs. DUP are reported in Table 4.A5.  

Walking 

During walking, participants preferred the bimodal prosthesis in walking mode over their RSP. In 

terms of overall user satisfaction, all participants rated the bimodal prosthesis walking mode to be 

higher than the RSP, by 2.3 points on average when walking (5.6 vs. 3.3, i.e., slightly to moderately 

good vs. slightly bad to neutral). We observed similar trends for all other survey attributes 

(comfort, stability, energy return, hip height). On average, users rated the bimodal prosthesis 

walking mode to be 1.7-2.3 points higher in each attribute relative to the RSP during walking (Fig. 

4.6). The users rated the bimodal prosthesis walking mode to be more similar to but slightly lower 

than their DUP during walking (e.g., 5.7 vs. 6.7 in terms of overall satisfaction). Complete 

participant-specific survey results for bimodal prosthesis vs. RSP are reported in Table 4.A2 and 

for and for bimodal vs. DUP are reported in Table 4.A6. 

Running 

During running, participants preferred the bimodal prosthesis in running mode over their DUP. In 

terms of overall user satisfaction when running at 2.0 m/s, all participants rated the bimodal 
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prosthesis in running mode to be higher than the DUP. When running at 2.5 m/s, one participant 

rated the bimodal prosthesis running mode to be higher than the DUP, and the second participant 

gave these devices the same rating. The third participant was unable to run at 2.5 m/s. On average, 

participants rated overall satisfaction with the bimodal prosthesis in running mode to be 1.7 points 

higher than the DUP at 2.0 m/s (6.0 vs. 4.3, i.e., moderately good vs. neutral to slightly good), and 

0.5 points higher at 2.5 m/s (5.5 vs. 5.0, i.e., slightly to moderately good vs slightly good; Fig. 4.6). 

We observed similar trends for all other survey attributes (comfort, stability, energy return, hip 

height). On average, users rated the bimodal prosthesis running mode to be 0.3-1.7 points higher 

in each attribute relative to the DUP during 2.0 m/s running and to be 0.5-1.5 points higher during 

2.5 m/s running. Users rated the bimodal prosthesis running mode to be similar to their RSP at 2.0 

m/s (e.g., 6.0 vs. 6.3 in terms of overall satisfaction, N=3), but slightly lower than their RSP at 2.5 

m/s (e.g., 5.5 vs. 7 in terms of overall satisfaction, N=2). Participant-specific survey results for 

bimodal vs. DUP are reported in Tables 4.A3-A4 and for bimodal vs. RSP are reported in Tables 

4.A7-A8. 
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Figure 4.6: Average improvement in survey ratings when using the bimodal prosthesis for 

each attribute and each task. On average, users rated the bimodal prosthesis higher than the 

RSP in walking and standing tasks, and higher than the DUP for running tasks for every 

attribute. Differences were taken from ratings on a 7-point Likert scale, so a 6 is the greatest 

difference between ratings possible. Participants were not asked about energy return for 

standing tasks. Participant-specific survey results are in Appendix A. 
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Biomechanical Power 

 

Biomechanical power and energy results were participant-specific. This is evident in Figure 4.7, 

which shows inter-subject variability in the center of mass power between the three participants 

(P1-P3) while running at 2.0 m/s. For example, for P1 the peak negative power magnitude when 

running on the bimodal prosthesis appears to better match the RSP condition, but for P3 the 

bimodal prosthesis appears to better match the DUP condition during this same phase of gait. For 

all walking and running conditions we observed variable trends in power magnitudes and timing 

(of positive and negative power phases and peak power). There were no simple or consistent 

summary metrics to report. Instead, the participant-specific results for center of mass power and 

prosthesis power are provided in Appendices B and C. 
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Figure 4.7: Center of mass power for all participants (P1-P3) running (2.0 m/s) with each 

prosthesis.  

 

DUP vs. RSPs Stiffness 

 

RSP stiffness differed from DUP stiffness for each participant. The RSP was stiffer than the DUP 

for two of the three participants, and less stiff than the DUP for the remaining participant. The 

changes in stiffness from DUPs to RSPs ranged from -2.9 kN/m to +20.3 kN/m (-12% to +60%; 

Fig. 4.8) across P1, P2, and P3. 
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Figure 4.8: Forefoot stiffnesses of the daily-use and running-specific prostheses (DUPs and 

RSPs) for each participant. Average DUP and RSP stiffnesses for the three tested speeds (1.1, 

2.0, and 2.5 m/s) are shown as bars and individual trial stiffnesses are shown with markers 

(o, +, and x). The DUP and RSP stiffnesses were different for each participant, ranging from 

-2.9 kN/m to +20.3 kN/m (-12% to +60%) compared to their DUP. The differences between 

a device’s average stiffness and its individual stiffnesses never exceeded 4.1 kN/m (12%). P3 

was not able to complete running trials at 2.5 m/s. 
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Discussion 

 

We successfully built and demonstrated a bimodal foot prosthesis for walking and running. Users 

could quickly switch the prosthesis prototype between walking and running modes (generally in 

less than 30 s). In walking mode (which was also used for standing), a heel component extended 

from the posterior end of the foot and the prosthesis had a nominal axial stiffness based on the 

carbon fiber foot properties. In running mode, the heel component collapsed out of the way and 

the user engaged a parallel spring strut that increased the axial stiffness of the prosthesis (by 24-

86% relative to walking mode). During walking and standing, users were more satisfied with the 

bimodal prosthesis than their RSP and rated their satisfaction with the bimodal prosthesis to be 

similar to or slightly less than their DUP. Likewise, during running, users were more satisfied with 

the bimodal prosthesis than their DUP and rated their satisfaction with bimodal prosthesis to be 

similar to or slightly less than their RSP. These encouraging findings suggest that this bimodal 

prosthesis concept should be further developed and tested to better understand functional impacts, 

usability, and user acceptance over longer time durations and for more activities of daily living. 

This bimodal prosthesis prototype is the first unpowered prosthesis with self-contained, modifiable 

foot shape configurations and stiffnesses to support walking and running. There is previous 

academic research on modifiable stiffness prostheses, but the focus has mostly been on walking 

with passive [67], quasi-passive [68] or semi-powered prostheses [69]. One previous study 

investigated a prosthesis for walking and running, but it was powered and required an external 

power source [31]. Prosthetics manufacturers have sometimes advertised certain prostheses as “all-

rounder” feet with a single stiffness that is “good” for both walking and running; however, our 

interviews with prosthesis users (prior to this study) and study results (Figs. 4.6 and 4.8) indicate 

that users prefer substantially different stiffness for these different activities. Prosthetics 

manufacturers have also developed prostheses with either swappable heels or with variable 

stiffnesses, but not both. Thus, these prostheses still present logistical challenges or do not fully 

meet user needs for walking and running. For instance, the discontinued Ottobock Catapult 

(Duderstadt, Germany) is an RSP with an insertable/removable parallel spring that allows users to 

adjust the forefoot stiffness. But this prosthesis lacks a heel to support walking or standing balance. 

Furthermore, when the spring was removed, the user needed to carry around this extra component 
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in case they wanted to change the stiffness back later. Alternatively, the Challenger (Ottobock, 

Duderstadt, Germany) is a DUP with an insertable/removable heel block, but it does not have 

adjustable forefoot stiffness and users still must carry the heel blocks throughout the day to adjust 

foot properties to accommodate different activities.  

We characterized the center of mass and prosthesis power for participants walking and running on 

each type of prosthesis, but the results are difficult to interpret or generalize. There is no single or 

distinct feature in the center of mass power curve that determines how well a prosthesis performed 

or how much it benefited the user during locomotion. Nevertheless, these power results are 

presented in the Appendix provide preliminary benchmark data to help inform future experimental 

methods and biomechanical outcomes. For the purposes of this study, we relied on user surveys 

and prosthesis stiffness measurements to more directly interpret prosthesis performance relative to 

user needs and engineering requirements. 

Each participant’s DUP differed in stiffness relative to their RSP, but not always in the direction 

we expected. For two participants, their RSP was up to +20.3 kN/m (+60%) stiffer than their DUPs. 

However, for the third participant, their RSP was -2.9 kN/m (-12%) less stiff than their DUP, which 

was counter to what we expected from prior literature [29], [62]. We learned from conversations 

with prosthetists that there are situations when a user desires a less stiff RSP. Although the bimodal 

prosthesis prototype presented here was not developed with this in mind, fortunately, it could still 

be applied to these situations since the heel component and parallel spring strut can be adjusted 

independently. In other words, a user could collapse the heel and unlock the parallel spring strut if 

it were desirable to have a running mode with no heel and a lower stiffness than the walking mode. 

Key limitations of this study include a short acclimation period to the bimodal prosthesis, a limited 

selection of parallel spring stiffnesses, and a prototype mass greater than a typical DUP or RSP. 

Firstly, an hour of familiarization before testing may not have been sufficient for some participants 

to fully acclimate to walking and running with the device, or to learn how to efficiently switch 

between walking and running mode. Previous research shows that significant changes in walking 

balance occur within three weeks of receiving a new prosthesis [70]. A separate study found that 

individuals still make significant improvements with novel motor tasks (like switching between 

modes) two to five days after first learning the task [71]. In fact, P1 and P2 noted that, with a week 
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more of practice, they believed they would rate the ease of switching between modes to be 2 and 

1 points higher than the recorded ratings, respectively. Thus, the initial user survey ratings and 

biomechanical data may change over time and might not reflect the long-term results for the 

bimodal prosthesis. Secondly, the bimodal prosthesis prototype was only able to fit a small 

selection of springs in the parallel strut assembly because of the size constraints with the current 

prototype iteration and use of off-the-shelf springs. A future prototype could be designed to be 

compatible with a larger array of springs. A larger array of parallel springs could allow 

experimenters to tune the stiffness of the bimodal prosthesis to closely match a user’s RSP. Finally, 

the mass of the bimodal prosthesis (1.8 kg) was greater than that of the DUPs and RSPs (about 1.2 

and 0.7 kg, respectively). We added ankle weights to the users’ DUPs and RSPs so that their 

masses were equal to that of the bimodal prosthesis, but the increased mass may have affected 

their gait biomechanics [72]. 

 

Conclusion 

 

We developed and tested a bimodal prosthesis prototype that can quickly switch between 

configurations and stiffnesses to accommodate standing, walking, and running. Preliminary results 

were encouraging in terms of user satisfaction, stiffness magnitude changes between modes, and 

the ease and speed of mode-switching.  Future work should further develop this bimodal concept 

and explore user satisfaction associated with longer-term usage, a lighter prototype, and a wider 

range of activities. 
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Appendix A: Participant-Specific Survey Results 

 

Table 4.A1: Bimodal and RSP ratings, and their differences, during standing for all 

participants.  

Standing Overall 

Participant # P1 P2 P3 Mean ± SD 

Bimodal 6 6 7 6.3 ± 0.6 

RSP 5 5 2 4.0 ± 1.7 

Bimodal – RSP  +1 +1 +5 +2.3 ± 2.3 

Standing Comfort 

Bimodal 6 5 7 6.0 ± 1.0 

RSP 4 5 2 3.7 ± 1.5 

Bimodal – RSP  +2 +0 +5 +2.3 ± 2.5 

Standing Stability 

Bimodal 5 7 7 6.3 ± 1.2 

RSP 5 5 2 4.0 ± 1.7 

Bimodal – RSP  +0 +2 +5 +2.3 ± 2.5 

Standing Hip Height 

Bimodal 7 7 7 7.0 ± 0 

RSP 4 4 2 3.3 ± 1.2 

Bimodal – RSP  +3 +3 +5 +3.7 ± 1.2 
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Table 4.A2: Bimodal and RSP ratings, and their differences, during walking (1.1 m/s) for all 

participants.  

Walking (1.1 m/s) Overall 

Participant # P1 P2 P3 Mean ± SD 

Bimodal 6 6 5  5.7 ± 0.6 

RSP 5 4 1  3.3 ± 2.1 

Bimodal – RSP  +1 +2 +4 +2.3 ± 1.5 

Walking (1.1 m/s) Comfort 

Bimodal 5 5 5 5.0 ± 0.0 

RSP 5 4 1 3.3 ± 2.1 

Bimodal – RSP  +0 +1 +4 +1.7 ± 2.1 

Walking (1.1 m/s) Stability 

Bimodal 5 7 5 5.7 ± 1.2 

RSP 5 5 1 3.7 ± 2.3 

Bimodal – RSP  +0 +2 +4 +2.0 ± 2.0 

Walking (1.1 m/s) Energy Return 

Bimodal 6 6 6 6.0 ± 0.0 

RSP 5 7 1 4.3 ± 3.1 

Bimodal – RSP  +1 -1 +5 +1.7 ± 3.1 

Walking (1.1 m/s) Hip Height 

Bimodal 7 7 3 5.7 ± 2.3 

RSP 5 4 1 3.3 ± 2.1 

Bimodal – RSP  +2 +3 +2 +2.3 ± 0.6 
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Table 4.A3: Bimodal and DUP ratings, and their differences, during running (2.0 m/s) for all 

participants. 

Running (2.0 m/s) Overall 

Participant # P1 P2 P3 Mean ± SD 

Bimodal 6 6 6  6.0 ± 0.0 

DUP 5 5 3  4.3 ± 1.2 

Bimodal – DUP  +1 +1 +3 +1.7 ± 1.2 

Running (2.0 m/s) Comfort 

Bimodal 5 6 5 5.3 ± 0.6 

DUP 4 5 4 4.3 ± 0.6 

Bimodal – DUP  +1 +1 +1 +1 ± 0.0 

Running (2.0 m/s) Stability 

Bimodal 5 5 7 5.7 ± 1.2 

DUP 5 6 5 5.3 ± 0.6 

Bimodal – DUP  +0 -1 +2 +0.3 ± 1.5 

Running (2.0 m/s) Energy Return 

Bimodal 6 6 6 6.0 ± 0.0 

DUP 5 5 3 4.3 ± 1.2 

Bimodal – DUP  +1 +1 +3 +1.7 ± 1.2 

Running (2.0 m/s) Hip Height 

Bimodal 7 5 7 6.3 ± 1.2 

DUP 7 5 4 5.3 ± 1.5 

Bimodal – DUP  +0 +0 +3 +1.0 ± 1.7 
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Table 4.A4: Bimodal and DUP ratings, and their differences, during running (2.5 m/s) for all 

participants. Averages exclude P3 who was not able to complete running trials at 2.5 m/s). 

Running (2.5 m/s) Overall 

Participant # P1 P2 P3 Mean ± SD 

Bimodal 5 6 N/A  5.5 ± 0.7 

DUP 5 5 N/A  5.0 ± 0.0 

Bimodal – DUP  +0 +1 N/A +0.5 ± 0.7 

Running (2.5 m/s) Comfort 

Bimodal 5 6 N/A  5.5 ± 0.7 

DUP 5 5 N/A  5.0 ± 0.0 

Bimodal – DUP  +0 +1 N/A +0.5 ± 0.7 

Running (2.5 m/s) Stability 

Bimodal 5 6 N/A  5.5 ± 0.7 

DUP 5 5 N/A  5.0 ± 0.0 

Bimodal – DUP  +0 +1 N/A +0.5 ± 0.7 

Running (2.5 m/s) Energy Return 

Bimodal 6 7 N/A  6.5 ± 0.7 

DUP 5 5 N/A  5.0 ± 0.0 

Bimodal – DUP  +1 +2 N/A +1.5 ± 0.7 

Running (2.5 m/s) Hip Height 

Bimodal 7 6 N/A  6.5 ± 0.7 

DUP 7 4 N/A  5.5 ± 2.1 

Bimodal – DUP  +0 +2 N/A +1.0 ± 1.4 
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Table 4.A5: Bimodal and DUP ratings, and their differences, during standing for all 

participants.  

Standing Overall 

Participant # P1 P2 P3 Mean ± SD 

Bimodal 6 6 7 6.3 ± 0.6 

DUP 7 6 7 6.7 ± 0.6 

Bimodal – DUP  -1 +0 +0 -0.3 ± 0.6 

Standing Comfort 

Bimodal 6 5 7 6.0 ± 1.0 

DUP 7 6 7 6.7 ± 0.6 

Bimodal – DUP  -1 -1 +0 -0.7 ± 0.6 

Standing Stability 

Bimodal 5 7 7 6.3 ± 1.2 

DUP 7 5 7 6.3 ± 1.2 

Bimodal – DUP  -2 +2 +0 +0.0 ± 2.0 

Standing Hip Height 

Bimodal 7 7 7 7.0 ± 0.0 

DUP 7 6 6 6.3 ± 0.6 

Bimodal – DUP  +0 +1 +1 +0.7 ± 0.6 
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Table 4.A6: Bimodal and DUP ratings, and their differences, during walking (1.1 m/s) for all 

participants. 

Walking (1.1 m/s) Overall 

Participant # P1 P2 P3 Mean ± SD 

Bimodal 6 6 5  5.7 ± 0.6 

DUP 7 6 7  6.7 ± 0.6 

Bimodal – DUP  -1 +0 -2 -1.0 ± 1.0 

Walking (1.1 m/s) Comfort 

Bimodal 5 5 5 5.0 ± 0.0 

DUP 7 6 6 6.3 ± 0.6 

Bimodal – DUP  -2 -1 -1 -1.3 ± 0.6 

Walking (1.1 m/s) Stability 

Bimodal 5 7 5 5.7 ± 1.2 

DUP 7 6 7 6.6 ± 0.6 

Bimodal – DUP  -2 +1 -2 -1.0 ± 1.7 

Walking (1.1 m/s) Energy Return 

Bimodal 6 6 6 6.0 ± 0.0 

DUP 7 7 6 6.6 ± 0.6 

Bimodal – DUP  -1 -1 +0 -0.7 ± 0.6 

Walking (1.1 m/s) Hip Height 

Bimodal 7 7 3 5.7 ± 2.3 

DUP 7 7 6 6.7 ± 0.6 

Bimodal – DUP  +0 +0 -3 -1.0 ± 1.7 
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Table 4.A7: Bimodal and RSP ratings, and their differences, during running (2.0 m/s) for all 

participants. 

Running (2.0 m/s) Overall 

Participant # P1 P2 P3 Mean ± SD 

Bimodal 6 6 6  6.0 ± 0.0 

RSP 7 6 6  6.3 ± 0.6 

Bimodal – RSP  -1 +0 +0 -0.3 ± 0.6 

Running (2.0 m/s) Comfort 

Bimodal 5 6 5 5.3 ± 0.6 

RSP 7 6 6 6.3 ± 0.6 

Bimodal – RSP  -2 +0 -1 -1 ± 1.0 

Running (2.0 m/s) Stability 

Bimodal 5 5 7 5.7 ± 1.2 

RSP 7 5 6 6.0 ± 1.0 

Bimodal – RSP  -2 +0 +1 -0.3 ± 1.5 

Running (2.0 m/s) Energy Return 

Bimodal 6 6 6 6.0 ± 0.0 

RSP 7 7 6 6.7 ± 0.6 

Bimodal – RSP  -1 -1 +0 -0.7 ± 0.6 

Running (2.0 m/s) Hip Height 

Bimodal 7 5 7 6.3 ± 1.2 

RSP 7 4 5 5.3 ± 1.5 

Bimodal – RSP  +0 +1 +2 +1.0 ± 1.0 
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Table 4.A8: Bimodal and RSP ratings, and their differences, during running (2.5 m/s) for all 

participants. Averages exclude P4 who was not able to complete running trials at 2.5 m/s. 

Running (2.5 m/s) Overall 

Participant # P1 P2 P3 Mean ± SD 

Bimodal 5 6 N/A  5.5 ± 0.7 

RSP 7 7 N/A  7.0 ± 0.0 

Bimodal – RSP  -2 -1 N/A -1.5 ± 0.7 

Running (2.5 m/s) Comfort 

Bimodal 5 6 N/A  5.5 ± 0.7 

RSP 7 7 N/A  7.0 ± 0.0 

Bimodal – RSP  -2 -1 N/A -1.5 ± 0.7 

Running (2.5 m/s) Stability 

Bimodal 5 6 N/A  5.5 ± 0.7 

RSP 7 6 N/A  6.5 ± 0.7 

Bimodal – RSP  -2 +0 N/A -1.0 ± 1.4 

Running (2.5 m/s) Energy Return 

Bimodal 6 7 N/A  6.5 ± 0.7 

RSP 7 7 N/A  7.0 ± 0.0 

Bimodal – RSP  -1 +0 N/A -0.5 ± 0.7 

Running (2.5 m/s) Hip Height 

Bimodal 7 6 N/A  6.5 ± 0.7 

RSP 7 4 N/A  5.5 ± 2.1 

Bimodal – RSP  +0 +2 N/A +1.0 ± 1.4 
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Appendix B: Center of Mass Power 

 

Figure 4.B1: Participant 1 (P1) center of mass power for walking (A, 1.1 m/s) and running 

(B, 2.0 m/s and C, 2.5 m/s) with each prosthesis. All three center of mass power curves were 

similar in direction during walking, though peak collision power magnitude and timing 

varied for the RSP and bimodal prosthesis (walking mode). All three center of mass power 

curves were similar in direction during running at both speeds. 
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Figure 4.B2: Participant 2 (P2) center of mass power for walking (A, 1.1 m/s) and running 

(B, 2.0 m/s and C, 2.5 m/s) with each prosthesis. All three center of mass power curves were 

similar in direction during walking, though peak power magnitudes and timing varied. All 

three center of mass power curves were similar in direction during running. 
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Figure 4.B3: Participant 3 (P3) center of mass power for walking (A, 1.1 m/s) and running 

(B, 2.0 m/s and C, 2.5 m/s) with each prosthesis. P3 was not able to complete running trials 

at 2.5 m/s. Daily-use prosthesis and running-specific prosthesis center of mass power curves 

were similar in direction and timing during walking, but the bimodal prosthesis (walking 

mode) did not exhibit much negative power during collision (about 0-20% of stride). After 

collision, all curves are similar in direction but vary in push-off peak magnitude and timings. 

All three center of mass power curves were similar during running at both speeds. 
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Appendix C: Prosthesis Power  

 

Figure 4.C1: Participant 1 (P1) prosthesis power results for walking (A, 1.1 m/s) and 

running (B, 2.0 m/s and C, 2.5 m/s) with each prosthesis. 
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Figure 4.C2: Participant 2 (P2) prosthesis power results for walking (A, 1.1 m/s) and 

running (B, 2.0 m/s and C, 2.5 m/s) with each prosthesis. 
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Figure 4.C3: Participant 3 (P3) prosthesis power results for walking (A, 1.1 m/s) and 

running (B, 2.0 m/s) with each prosthesis. P3 was not able to complete running trials at 2.5 

m/s. 
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Chapter 5: Conclusion and Future Work 

 

Conclusion 

 

This work has explored the design and evaluation of two novel devices: an Artificial 

Gastrocnemius combined with a powered prosthesis emulator system, and a bimodal prosthesis 

for walking and running. The Artificial Gastrocnemius’s controllable multiarticular stiffness and 

controllable powered ankle dynamics were validated through human participant testing in 

prosthesis users. The Artificial Gastrocnemius was shown to exhibit low resistances to the user’s 

leg swing, low hysteresis during passive spring emulation, and accurate force tracking for a range 

of Artificial Gastrocnemius and Artificial Soleus behaviors. The emulator is versatile and can 

facilitate experiments studying the effects of various Artificial Soleus and Artificial Gastrocnemius 

dynamics on gait or other movement tasks. The emulator allows for any combination of powered, 

quasi-passive, or passive Artificial Soleus and Artificial Gastrocnemius behaviors in future testing. 

Using this system, it is possible to address existing knowledge gaps and explore a wide range of 

Artificial Gastrocnemius and Artificial Soleus behaviors during gait and potentially other activities 

of daily living. 

A study of the biomechanical effects of the Artificial Gastrocnemius and Artificial Soleus emulator 

was then performed to evaluate if the validated system could reduce user muscle demands during 

walking. The addition of an Artificial Gastrocnemius to a higher-powered ankle prosthesis 

decreased the hip flexor muscle demands for most users, as evidenced by reductions in hip 

moment-impulses while walking. Most participants also indicated that, with the intervention, 

walking felt easier and more natural. But, the addition of an Artificial Gastrocnemius did not 

decrease the knee flexor or extensor muscle demands for most users, as evidenced by inconsistent 

changes in knee moment-impulse.  

Additionally, this work included the design and evaluation of a bimodal prosthesis that would 

accomplish the tasks of both daily-use prostheses and running-specific prostheses. The three main 

metrics used to evaluate the functionality of the bimodal prosthesis as a walking and running 

device were: stiffness in each mode, user satisfaction compared to that of the user’s walking and 



102 

 

running devices, and its effects on gait biomechanics via center of mass power. The bimodal 

prosthesis’s walking and running mode stiffnesses are measurably different from each other, which 

validates its functionality as a singular device that can provide multiple mechanical responses for 

walking and running tasks. User satisfaction ratings for the bimodal prosthesis were positive for 

each participant in a majority of attributes. On average, participants rated the bimodal prosthesis 

higher than walking (or standing) with an RSP and higher than running with a DUP for each 

attribute surveyed, indicating that the device is functional from an end-user perspective. The center 

of mass power for the bimodal prosthesis, daily-use prostheses, and running-specific prostheses 

were similar in shape, with some differences in peak power timing and magnitude. The similarity 

in center of mass power combined with positive user satisfaction ratings suggested that the device 

was overall functional both biomechanically and subjectively. Supplementary analysis also 

characterized the differences in users’ daily-use prosthesis and running-specific prosthesis 

stiffnesses during treadmill walking and running. 

Overall, this work demonstrates how the designs of both powered and passive ankle prostheses 

can be further improved upon to the benefit of prosthesis users. The addition of an Artificial 

Gastrocnemius or the bimodal prosthesis’s parallel spring strut can expand on the capabilities of 

the commercially available prostheses by either offloading user’s muscle demands during walking, 

or expanding the range of activities that a device can satisfactorily perform.  

 

Future Work 

 

This work provides an initial analysis of two prosthetic systems with the potential to aid lower 

limb prosthesis users in locomotion tasks and increased quality of life. Further research is required 

to understand the benefits and limitations of these devices for prosthesis users. The two devices, 

and their biomechanical effects, could be better characterized with studies of greater sample size, 

and longer time spent with the devices. In conducting larger, longitudinal studies, the effect of the 

devices could be made more generalizable, and learning effects can be mitigated to find the long-

term benefits of each system. 
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The Artificial Gastrocnemius should be further explored to determine if reduced hip demands 

improve mobility or the user’s quality of life, for instance, by increasing the distance they can 

walk, decreasing the energy spent while walking, or leading to increased physical activity or 

community engagement. The current Artificial Gastrocnemius system relies on large motors that 

are not conducive to use outside of the lab, though. This restriction could be addressed by removing 

the motor and placing a clutchable passive elastic element (of the desired stiffness) between the 

user’s daily-use prosthesis and the Artificial Gastrocnemius thigh interface, making the device 

ready to be translated out of the lab. By providing users with an Artificial Gastrocnemius that they 

can take home, the system could be tested in different environments to evaluate its mobility and 

effects on users’ quality of life in daily living.   

The bimodal prosthesis should also be further explored in a longitudinal study to determine if these 

initial satisfaction ratings are consistent with long-term usage and if the gait effects change with 

more device familiarity. The bimodal prosthesis design is already fit for translation out of the lab 

and into everyday life, though it could be further improved by replacing the heavier components 

(made of aluminum) with lighter alternatives like carbon fiber. Moreover, procuring a larger 

selection of springs would let users have greater resolution when picking their desired stiffness for 

a wider array of tasks. By testing this device outside of the lab, the bimodal prosthesis user 

satisfaction could be evaluated for a greater range of tasks. For example, users could evaluate the 

device for tasks like hiking, which could benefit from having both a running mode for ascending 

inclines and a walking mode for standing during rest periods.  
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