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Abstract

Transverse-Plane Ankle Rotation for Lower-Limb Amputees Using Two Novel Prostheses

Nathan M. Olson

Chair of the Supervisory Committee:
Dr. Glenn Klute

Mechanical Engineering

Lower-limb amputees often suffer from pain and discomfort caused by prosthesis use. Prob-

lems include musculoskeletal issues caused by compensatory gait patterns and skin injuries

caused by shear stress at the interface between the residual limb and the socket. Torsion

adapters have been shown to relieve these skin problems, but are not commonly prescribed

due to a perceived decrease in stability. This study describes the Torsionally Active Pros-

thesis (TAP), a novel prosthesis that aims to provide the same reduction in shear stress

as a torsion adapter without the accompanying decrease in stability. The work consists of

four parts. First, a powered prosthesis capable of general motion in the transverse plane

was developed. Second, exploratory human subject testing was performed to identify a pat-

tern of motion that reduces transverse-plane torque at the socket without reducing torsional

stiffness. The results indicate that this can be achieved by coupling transverse-plane ankle

rotation with sagittal-plane ankle rotation. Third, the powered prosthesis was configured to

perform this axis coupling and human subject testing was performed to determine its effi-

cacy. Three subjects wore the prosthesis and walked at their self-selected speed in straight

lines and clockwise and counterclockwise circles with at least three levels of axis coupling,

including zero coupling. The subjects showed a trend toward decreased socket torque with

increased axis coupling. Finally, the Pivot-Flex Foot (PFF), an unpowered prosthesis that

could provide axis coupling was designed, built, and bench-tested. The PFF demonstrated



a linear coupling between transverse-plane ankle rotation and sagittal-plane ankle rotation

during bench testing.
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Chapter 1

INTRODUCTION

1.1 Importance of Transverse Plane Rotation

In a study of 78 long-term lower-limb prosthesis users with trauma-related amputations, only

43% reported being satisfied with their prostheses [18]. Twenty-four percent reported wounds

or skin irritation caused by the prosthesis. In a survey of 935 amputees, nearly one third

expressed dissatisfaction with prosthesis comfort and 24.3% expressed overall dissatisfaction

with their prostheses [67]. In a survey of 255 lower-limb amputees, 74% reported residual

limb pain, and 33% of those described it as severely bothersome [22]. In a survey of 97

transfemoral amputees, 62% reported sores or skin irritation from the socket, 51% reported

residual limb pain, and 46% reported pain in the intact leg [34]. Amputees ranked the

avoidance of blisters or sores on the residual limb as in issue of importance in uses and

design of prostheses [48]. In a survey of 109 amputees, 57% reported experiencing moderate

to severe pain most of the time while wearing a prosthesis [61].

One source of pain and discomfort is epidermoid cysts which occur where the skin of

the residual limb rubs against the brim of the socket [53]. These cysts often develop over

years of prosthesis use, and can become painful enough to prevent use of the prosthesis [54].

These and other skin problems are attributed to the shear stress and humidity seen by the

skin of the residual limb of lower-limb prosthesis users [20, 59]. Shear stress has been shown

experimentally to cause blisters [60], and is a primary cause of callosities and trophic ulcers

[90]. According to Levy, the most promising approach to dealing with epidermoid cysts

caused by prosthesis use is “improvement in prosthetic fit with reduction of shearing forces”

[54].

A major source of shear stress on the residual limb of amputees is transverse-plane torque
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[94]. Transverse-plane torque is a normal part of walking in non-amputees and increases in

the inside leg of a turn [26]. Turning steps compose a large fraction of the steps of daily living

[76, 29]. In non-amputees, transverse-plane torque is transmitted from the ground to the

trunk through the bones and muscles of the leg. In amputees, the torque is transmitted from

the prosthetic socket to the skin of the residual limb. Amputees experience less transverse-

plane torque during walking than non-amputees [80, 78], due to compensatory gait patterns.

Prosthetic legs for transtibial amputees typically consist of a prosthetic foot which is

connected by a rigid pylon to the socket which interfaces with the residual limb. Because

rotation is not allowed between the foot and the socket, any rotation between the foot and

the knee must occur at the knee or between the residual limb and the socket. Thus am-

putees must either adopt a compensatory gait pattern with reduced tranverse-plane rotation

or accept sliding between the residual limb and the socket. To avoid these unattractive al-

ternatives, the development of prosthetic devices to allow greater transverse-plane rotation

was recommended by the 1947 report on fundamental studies of human locomotion by the

University of California Prosthetic Devices Research Project [95].

1.2 Musculoskeletal Problems Associated with Prosthesis Use

In addition to skin problems at the interface between the residual limb and the socket, pros-

thesis users also suffer from increased rates of musculoskeletal problems such as osteoarthritis

and chronic back pain compared with nonamputees. Melzer et al. found a higher rate of os-

teoarthritis in the intact-limb knee in a group of transtibial and transfemoral amputees than

in the general population [58]. Lemaire and Fisher found higher joint forces and a higher

rate of osteoarthritis in the intact-limb knee in elderly transtibial amputees [51]. In the

prosthetic-side knee, Burke et al. found a lower rate of osteoarthritis in transtibial amputees

than in the general population [9]. Together, these findings suggest that asymmetrical load-

ing on the intact and prosthetic sides puts the intact limb at an increased risk of developing

osteoarthritis. Improving prosthesis comfort during walking could lead to a more symmetric

weight distribution and decreased risk of osteoarthritis.
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Studies have found a higher prevalence of back pain in lower limb amputees (52%-71%

[9, 87, 23]) and transtibial amputees (62% [46]) compared with the general population(10%-

45% [68]). Together with a high prevalence of back pain, Burke et al. found a high prevalence

of scoliosis (64%) in lower limb amputees, which “suggests that mechanical factors consequent

on the amputation may be responsible for the back symptoms” [9]. Amputees compensate

for reduced ankle power by increasing hip power on the amputated side in both straight-line

walking [102, 83, 75] and turning [98].

1.3 The Role of Shank Torque in Human Walking

In straight-line gait in both transtibial amputees and non-amputees, whole-body transverse-

plane angular momentum varies periodically with the gait cycle [84]. Shank torque is near

zero until midstance, at which point it rises rapidly to its maximum value before falling

to zero at the end of stance [78]. During this period the shank torque opposes the body’s

transverse-plane angular momentum, and thus serves as a brake to keep the body from

over-rotating.

During circular walking, the center of mass is shifted toward the inside of the circle [64].

This changes the moment arm of the propulsive forces about the center of mass. Compared

with straight-line walking, torque is lower in the outer shank as propulsive forces opposing

the body’s transverse-plane angular momentum act on a longer moment arm. Conversely,

torque is higher in the inner shank as propulsive forces opposing the body’s transverse-plane

angular momentum act on a shorter moment arm. As in straight line gait, shank torque acts

as a brake on whole-body angular momentum during circular walking.

1.4 Torsion Adapters

Until now, attempts to allow greater transverse-plane rotation in prosthetic legs have used

torsion adapters, which are torsional springs placed in series with the rigid pylon. An early

torsion adapter, the UC-BL shank axial rotation device, was described in 1978 [47]. The

design used ball bearings to support axial load and bending moments and an elastomeric
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torsion spring to allow transverse-plane rotation. Modern commercially available torsion

adapters also use an elastomeric centering spring, although the stiffness curves vary widely

between brands and models [26]. Commercially available torsion adapters typically also

contain adjustable or swappable components that provide different stiffness settings.

Several studies have investigated the effect of torsion adapters on amputee gait kinematics

and kinetics. Lamoureux and Radcliffe found a large reduction in shank torque during

straight walking in two transfemoral amputees wearing a torsion adapter [47]. Van der

Linden found an increase in transverse-plane rotation of the socket relative to the foot in

one of two transfemoral amputees [97]. Segal et al. found a reduction in transverse-plane

torque in unilateral transtibial amputees during straight-line and circular walking [80]. Su

et al. investigated gait kinematics in bilateral transtibial amputees and found increased

transverse-plane ankle rotation with the use of a torsion adapter [92].

Throughout these gait studies, use of a torsion adapter was found to decrease the mag-

nitudes of transverse-plane joint moments, making them less similar to the higher joint

moments exhibited by non-amputees. Conversely, use of a torsion adapter was found to in-

crease the transverse-plane rotation of leg segments, making leg kinematics more similar to

non-amputee kinematics. This increased gait symmetry is one of the primary benefits cited

by users of torsion adapters [71]. Use of torsion adapters has also been reported to relieve

skin abrasions and epidermoid cysts [47], improve socket comfort by reducing irritation and

pain [14], and reduce pain interference with daily activites [77].

Despite the reported advantages of torsion adapters, they are still not commonly pre-

scribed. This may be because torsion adapters reduce gait stability during straight-line

walking [81]. While the trend toward reduced stability found by Segal et al. was not con-

sidered statistically significant (p = 0.09) [81], subjective feelings of instability have been

referenced by clinicians [71] as a contraindication to the prescription of torsion adapters [92].
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1.5 The Human Ankle

In non-amputees, large transverse-plane rotations occur even during straight walking, which

has been the focus of most kinematics studies. In an early biomechanics study, Levens et

al. measured an average of 19 degrees of rotation at the lower leg during straight walking

[52] and concluded that prosthetic legs should provide for transverse rotation. Flick at al.

measured transverse-plane rotation of of the foot relative to the knee during straight walking

and walking on a 1m-radius circle [26]. The range of motion was found to be 20 degrees for

straight walking and 26 degrees on the inside of a turn. This is similar to the sagittal plane

rotation seen during walking, which is also around 20 degrees [35]. Lundberg et al. measured

a voluntary range of rotation of over 20 degrees in the ankle-foot complex during 30 degrees

of lower-limb rotation [57]. This means that most of the transverse-plane rotation is coming

from a joint which lower-limb amputees do not have.

The human ankle is a complex mechanism that does not behave like a a simple hinge

[21, 107]. Instead, rotations in all three axes are allowed and coupled together [4, 38, 13].

In particular, the axis of rotation of the talo-crural joint during ankle dorsiflexion is inclined

downwards and laterally relative to horizontal, and the rotation ranges from 10 to 26 degrees

among individuals [56]. This rotation couples dorsiflexion with internal rotation of the shank

relative to the foot, a feature which is not replicated in prosthetic feet and ankles.

1.6 The Torsionally Active Prosthesis

While ankle rotation in the transverse plane has the same order of magnitude as rotation in

the sagittal plane, lower-limb prosthesis designers have primarily focused on sagittal-plane

kinematics [99]. Evaluations of ankle kinematics for biomimetic ankle design have often

ignored other planes of motion entirely [72, 35, 36, 86]. While some work has been done

on evaluating the behavior of the human ankle in the transverse plane with an eye toward

prosthesis design [30], the best design for a prosthetic ankle may not be the closest match

to an intact human ankle because of the addition of the socket-residual limb interface.
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In particular, powered prosthetic ankles have primarily provided motion in the sagittal

plane only [1, 93, 39, 7, 11, 105]. Recently, powered prosthetic compenents have been designed

which modulate motion in the coronal [65, 31] and transverse [66] planes. The transverse

plane device was only capable of adjusting its torsional stiffness about a fixed equilibrium

point, however. A new design is required to provide more general motion in the transverse

plane.

A series elastic actuator (SEA) is an actuator with a motor and gearbox whose output is

connected to the driven load with a flexible elastic element [69]. SEAs have found widespread

use in prostheses [2, 33, 105], orthoses [8, 70], and robots [73, 16, 41]. SEAs have several

benefits over traditional stiff actuators. The elastic element filters shock loads applied to the

gearbox by the load, which decreases the strength requirement of the gearbox and improves

safety during interactions with humans. Series elasticity simplifies force control by turning it

into a position control problem. The elastic element also introduces the possibility of energy

storage, which can reduce the power requirement of the motor and improve energy efficiency

[33]. Figure 1.1 shows the schematic of an SEA.

Figure 1.1: Schematic of a series elastic actuator.

A series elastic actuator is an appropriate choice for a prosthesis used to explore transverse

plane motion because of its generality. The SEA is capable of providing variable stiffness as

well as varying the equilibrium position. Although rotation and torque cannot be set inde-

pendently, the SEA can provide any desired relationship between rotation and torque within

a certain bandwidth. This includes nonlinear stiffness profiles and time-varying equilibrium
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positions. In particular, the SEA allows its quasi-stiffness to be distinct from its stiffness, a

property that is lacking in passive and semi-active devices [74].

In a lower-limb prosthesis, quasi-stiffness relates torque and rotation throughout the gait

cycle, while stiffness describes the position-related component that stores and releases energy.

Socket torque can be reduced by reducing the quasi-stiffness of the prosthetic leg. Torsion

adapters do this by reducing the stiffness of the prosthetic leg. The stiffness reduction is

often accompanied by feeling of instability by the user of the prosthesis [92]. This study

investigates whether a prosthesis that reduces the torsional quasi-stiffness without reducing

the stiffness can provide the benefits of a torsion adapter and mitigate its disadvantages.

A series elastic actuator with rotation in the transverse plane has been designed to enable

this investigation. The device is called the Torsionally Active Prosthesis (TAP). Preliminary

human subject tests used an iterative controller to reduce the peak transverse-plane torque

during gait. The results suggest that torque reduction can be achieved by a linear cou-

pling between ankle sagittal-plane rotation and transverse-plane rotation. This relationship

would be obtainable using a purely passive design, which would increase the chances of its

widespread use.

While this study investigates coupling between ankle sagittal-plane rotation and transverse-

plane rotation, the TAP could be used for other transverse-plane investigations. For example,

it could be configured to act as a torsion adapter with variable stiffness and/or damping. It

could also be used to explore different behavior in different conditions, such as standing vs.

walking. Or, as one subject suggested, its 360◦rotation capability could be used to enable

some wicked dance moves.

This dissertation describes the work completed to date on the TAP and its passive suc-

cessor, the Pivot-Flex Foot (PFF), as well as an outline for future work in this area. It begins

with the mechanical design of the TAP, followed by software and control system develop-

ment. Bench testing results are shown to confirm model predictions and simulate human

subject testing. Next, preliminary human subject test results are presented. The results

of preliminary human subject testing were used to develop an control strategy that cou-
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ples transverse-plane rotation with sagittal-plane ankle rotation. Results are presented from

three human subjects who tested the axis-coupling scheme. The design, manufacture, and

testing of a passive device designed to have mechanical axis coupling is presented, followed

by conclusions and suggestions for future work in this area.
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Chapter 2

TAP MECHANICAL DESIGN

This chapter describes the mechanical design of the TAP. The design requirements are

presented along with their rationale. A description of the overall system design and compo-

nent selection is given. The design of the torque transducer is described in detail because of

the transducer’s pivotal roles. Finally, a simple dynamic model of the system is presented,

which is used for control system development.

2.1 Requirements

The TAP was designed for laboratory testing on transtibial amputee subjects. While the

TAP should be robust enough to be worn by amputee subjects in the lab, it was not designed

to handle real-world use and abuse. The power system was designed for tests on the order

of an hour, rather than all day as would be preferred for real-world application.

2.1.1 Axial Loads

In order to allow a wide range of amputee subjects to test the TAP, it was designed to

support a 75th percentile male adult (98.9 kg, 218 lb) [27]. The corresponding design axial

load was 1200 N.

2.1.2 Torsional Loads and Motion

The transverse-plane kinematics and kinetics of amputee gait were studied by Segal et al.

[80, 78]. The maximum average peak ankle torque on the prosthetic limb was 0.23 N-m/kg

during circular walking. For a 75th percentile male adult, the average peak torque would be
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22.7 N-m. The TAP was designed to generate and measure torque up to 28.5 N-m to allow

for significant inter-subject variability.

2.1.3 Bandwidth

The TAP should be able to track nonamputee kinematic trajectories. The power spectrum

of the nonamputee ankle during walking is unknown. However, the ankle power spectrum

in the sagittal plane has been analyzed during walking, where 99.7% of the power occurs at

frequencies under 6 Hz [101]. The TAP should have a bandwidth of at least 10 Hz to allow

ankle trajectories similar to those of nonamputees.

2.1.4 Prosthesis Mass

Several research studies have examined the metabolic cost of increasing the mass of the

prosthetic limb in transtibial amputees [82]. Gailey et al. found no significant difference in

oxygen consumption or heart rate when 907 g was added to the prosthesis [28]. Lin-Chan

et al. looked at the effect of adding up to 2.31 kg to the prosthesis on walking at a range of

speeds and found that increased mass did not have a significant effect on oxygen consumption

or gait efficiency [55]. Lehman et al. found that adding up to 1.5 kg to the prosthesis did

not change the metabolic efficiency of walking at self-selected speed or at 2 m/s, nor did it

change the self-selected walking speed [49]. However, the placement of the added mass did

effect metabolic efficiency, with more proximal mass distribution leading to more efficient

gait. The pylon that the TAP replaces typically weighs about 150g. To keep the added mass

below 1.5 kg, the TAP should weigh less than 1.65 kg. The completed TAP weighs 1.00 kg

without the battery, and places the added mass as proximal as possible by design.

2.1.5 Usability

Prosthesis height directly limits the population of amputees that can use it by setting an

upper limit on the length of the residual limb. In order to serve a large fraction of transtibial
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amputees, the TAP was kept as short as possible. It can use standard pyramid adapters to

interface with prosthetic feet and sockets. With a low profile Vari-Flex (Ossur Americas,

Aliso Viejo, CA.) foot, the minimum build height of the prosthesis is 26.0 cm measured from

the heel of the cosmesis to the top of the pylon female pyramid adapter. A custom adapter

was built to further reduce the minimum build height so that more amputees could use the

TAP. The custom adapter replaces the male pyramid adapter of the prosthetic foot. The

custom adapter allows adjustment of height and rotation using spacers of different heights.

The minimum build height of the TAP using the custom adapter is 22.2 cm. Figure 2.1

shows the custom adapter attaching the TAP to a prosthetic foot.

Figure 2.1: The custom adapter used to reduce minimum TAP build height.

To facilitate laboratory testing of overground and treadmill walking, the TAP was de-

signed to be self-contained in terms of sensing, processing, and control. This eliminates the

need for an accessory backpack or tether. The TAP was designed with an SD card with up

to 4 GB of data storage for data collection during laboratory testing. The SD card was used

for data logging and TAP configuration for bench testing and the first human subject trial.

After the first human subject test, the SD card was replaced with a Wi-Fi module and data

logging was done offboard on a laptop computer.
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2.2 System Design

The heart of the TAP is the series elastic actuator, composed of a brushed 60W DC motor

(RE30, Maxon Precision Motors, San Mateo, CA), an inline strain wave gearbox(CSF14-

2XH-F, Harmonic Drive, Hauppauge, NY), and an aluminum torsion spring that doubles as

a torque transducer. The TAP also uses a microprocessor and sensor board(UDB5, SparkFun

Electronics, Boulder, CO), a Wi-Fi module(RN-XV, Microchip Technology Inc., Los Gatos,

CA), and a motor controller(28v15, Pololu Robotics and Electronics, Las Vegas, NV). A

magnetic encoder (Maxon Precision Motors, San Mateo, CA) with 1024 counts per turn is

used for monitoring the position of the motor. A string potentiometer is used to measure

the distance from the top of the TAP to the toe of the user’s shoe in order to provide an

estimate of sagittal-plane ankle rotation. The TAP is shown in Figure 2.2.

Figure 2.2: The Torsionally Active Prosthesis.
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The PIC UAV Development Board (UDB5) was chosen to control the TAP. The UDB5 has

a 16-bit dsPIC33F digital signal processing microcontroller operating at 40 million instruc-

tions per second and an onboard 3-axis accelerometer and 3-axis gyroscope. The dsPIC33F

operates at 3.3V, but has several 5V-tolerant pins, allowing it to interface directly with the

5V motor position encoder and the 5V motor controller.

Two sets of batteries were selected for the TAP. An 11.1V, 4A-hr lithium polymer battery

was used for initial human subject tests. The 300g battery was carried on a beltpack and

connected to the TAP by a cable that was run down the subject’s leg. Only about 30% of

the battery’s capacity was used during a three-hour human subject test. To reduce battery

weight, a set of 11.1V, 1.2A-hr batteries that can be mounted directly on the TAP were

selected. This lower-capacity battery weighs 90g. It was estimated that this battery would

need to swapped at most once during a three-hour human subject test, but in practice it

typically needed to be swapped two or three times per test.

2.3 Torque Transducer Design

There exist commercially available torque transducers in the required torque range. For

example, the College Park iPecs system is specifically designed for use with lower-limb pros-

theses and provides six-axis load measurement. However, any commercially available load

cell would have to be placed in series between the prosthesis and socket, significantly in-

creasing the build height. To keep the height and weight of the TAP as low as possible, a

custom torque transducer was designed. The torque transducer serves the alternate func-

tions of housing the motor, connecting the gearbox to the socket, and providing rotational

compliance. Because the torque transducer is built around the motor, it does not add height

to the device overall.

The design of the torque transducer is a modified hollow cruciform shaft. A full Wheat-

stone bridge with two strain gauges on each of two opposing beams is used for measuring

torque. The sensing beams are connected to a double-beam support structure that serves

to increase the stiffness of the sensing beams with respect to axial torque while decreasing
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their stiffness with respect to bending moments and axial force. Six non-sensing beams are

used instead of the traditional two to increase axial and bending stiffness. The transducer

is shown in Figure 2.3.

Figure 2.3: FEA model of torque transducer. Color indicates the von Mises stress. Strain
gauges are symmetrically placed on the sensing beams as indicated.

The torque transducer must operate in the harsh electromagnetic interference (EMI)

environment imposed by the motor and motor controller. To reduce the effect of motor-

induced noise, the Wheatstone bridge is driven by a 3.3V square-wave alternating current

that is synchronized with the motor pulse-width modulation (PWM). The AC signal is

generated by the microcontroller and amplified by a line driver. The Wheatstone bridge

voltage is amplified by an instrumentation amplifier. The amplified output is sampled by the

microcontroller eight times per half-period of the excitation wave. The torque measurement

is obtained by averaging the 16 measurements taken during one period of the excitation

wave. A trim potentiometer in the Wheatstone bridge allows the torque sensor output to be

zeroed at the sensor. Figure 2.4 shows the torque sensor schematic.

Figure 2.5 shows the physical realization of the excitation and amplification circuit. The

entire circuit is housed at the top of the torque transducer in the small space between the

top of the motor/encoder assembly and the bottom of the upper pyramid adapter. This
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Figure 2.4: Torque sensor excitation, control, and sensing schematic.

location minimizes the length of the strain gauge wires, which helps mitigate EMI from the

motor. The strain gauges and the amplifier are also shielded with copper tape.
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Figure 2.5: Torque sensor excitation and amplification circuit.

2.4 System Dynamics Model

Figure 2.6 shows the simplified system model used for control system development. The

rotational inertia of the motor rotor, gearbox, and motor housing are lumped into a single

inertia, J . The rotational inertia of the components that rotate with the motor, although

small, dominate the effective inertia because their effect is multiplied by 10,000, the square

of the gearbox gear ratio [19]. The elastic element is treated as a spring with stiffness k.

d

dt


θm

˙θm

θs

 =


0 1 0

−k/J 0 k/J

0 0 0



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˙θm
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 +


0 0

0 1/J

1 0


 θ̇s

Tm

 (2.1)

In the actual system, the motor current is directly controlled instead of the torque. In a

ideal motor, the current and torque are directly proportional. However, the gearbox provides

a large amount of damping, so a better model for the relationship between current and torque

is



17

Figure 2.6: a) Diagram of simple system model. b) Model with the output shaft fixed, as in
the mechanical test machine or in stance phase of walking.

Tm = I/KQ − cg ˙θm (2.2)

where I is the motor current, KQ is the torque constant of the motor/gearbox combo,

and cg is the damping in the motor and gearbox. Using equation 2.2, equation 2.1 becomes

d

dt
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˙θm
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 =


0 1 0

−k/J −cg/J k/J
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 +


0 0

0 1/(JKQ)

1 0


 θ̇s

I

 (2.3)
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Chapter 3

TAP SOFTWARE AND CONTROL SYSTEM DESIGN

This chapter begins with a description of the software management scheme used to track

changes to TAP-related software. The functions and important implementation details of

the TAP software are then described. The control system design and analysis are presented,

along with the identification of dynamic model parameters. Finally, the iterative controller

used for initial human subject testing is presented.

3.1 Software Tracking

The TAP relies on complex software to function. To manage the software throughout its

evolution, the version control system Subversion (Apache Software Foundation, Los Angeles,

CA) is being used. Using Subversion, changes to the software are periodically “committed”

to a repository with comments. This creates a version of the software that can always be

recalled or compared to later versions. Subversion has been used to track code for the TAP

from a time even before the code compiled or the microprocessor was received (v159), all the

way through the most recent human subject test (v715). To date, over 200 code versions

related to the TAP have been saved. Subversion is also being used to track changes to the

dynamics model, the data processing and analysis routines, and this document.

3.2 Software Components

3.2.1 LegPilot

LegPilot is a dsPIC33F program written in C and compiled using the Microchip XC16 com-

piler that controls the behavior of the TAP. With the exception of the attitude estimation

routine, it is written entirely in fixed-point. The 16-bit dsPIC33F operates at 40 million
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instructions per second and has hardware support for division but not for floating point op-

erations. This makes floating-point arithmetic computationally expensive. The application

code consists of 17 files with about 1800 lines of code. The application has undergone about

172 revisions since its creation. Table 3.1 shows the operating frequency of different tasks

on the dsPIC33F.

Task Frequency [Hz]

Instruction clock 40,000,000

Torque sensor sampling 333,333

Wi-Fi UART 115,200

Sagittal-plane ankle rotation sensor sampling 104,167

Battery voltage sensor sampling 104,167

Motor PWM 20,833

Torque sensor excitation 10,417

Torque meausurement 10,417

Torque control 10,417

IMU sensor read 200

Sensor averaging 200

Gait event detection 200

Data downlink 200

Encoder interrupt driven

Settings uplink interrupt driven

Table 3.1: Operating frequencies of system tasks

Most of the tasks that are performed by the dsPIC33F occur during interrupts. The

highest priority interrupt responds to the edge of a motor encoder pulse. The encoder

interrupt is given highest priority because it is very important not to miss any encoder
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pulses and because accurate time-stamping is important for motor speed estimation. At

each encoder pulse, the position counter is either incremented or decremented, and the motor

speed is calculated as the inverse of the time between pulses. If no encoder pulse occurs for

6.6 ms, the motor speed is set to zero. The speed of the output shaft of the gearbox must

be less than 0.5◦/s for this condition to occur.

The motor is controlled in drive/coast fashion by a direction pin and a pulse-width

modulation (PWM) pin. The pulse width modulation is performed at 21 kHz. This frequency

was chosen because it is above the human audible range. The torque sensor bridge is driven

by a square-wave input that is synchronized to the motor PWM and half its frequency. Thus

current flows through the bridge one direction during one PWM pulse and the opposite

direction during the next pulse. Since both motor pulses are the same, and electromagnetic

interference(EMI) induced in the sensor bridge by the motor should have equal and opposite

effects durings two successive pulses. In each direction, the torque sensor is sampled 16 times.

This sampling occurs without any CPU intervention. The first 8 samples are discarded to

reduced switching transients, and the last 8 samples of each direction are averaged with the

appropriate sign. The torque computed by this averaging is then used by the inner-loop

controller to calculate the PWM for the next pair of PWM pulses. Figure 3.1 shows the

PWM and torque sensor timing. There is approximately 0.17 ms delay in the inner-loop

torque control.

The string potentiometer that measures sagittal-plane ankle rotation and the battery

voltage divider are also sampled synchronously with the motor PWM. However, they are

both excited by direct current and therefore more sensitive to EMI. To mitigate this, both

values are low-pass filtered in hardware, and only the sample farthest from the start of a

motor pulse is used to measure sagittal-plane ankle rotation and battery voltage.

The MPU6000 IMU is configured to output data at 200 Hz. When data is available,

it interrupts the dsPIC33F, which reads the data over SPI, calibrates the sensors, updates

the gait cycle estimator, and initiates a data packet downlink. Sensor calibration uses a

fixed scale factor and a temperature-dependent offset determined using a lookup table. The
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Figure 3.1: Timing diagram for motor control and torque sensing

iterative controller also runs in this interrupt on the transition from stance to swing. Profiling

was performed to ensure that this computationally-intensive algorithm was able to complete

inside a single cycle of the 200 Hz interrupt.

Data is sent to the WiFly module for downlink at 200 Hz. Each data packet consists of 16

2-byte entries: header, packet length, packet number, rotation, torque, PWM, 3 gyros, IMU

temperature, 3 accelerometers, sagittal-plane ankle rotation angle, equilibrium position, and

battery voltage. One bit of the battery voltage field is used to report whether the TAP is in

stance or swing phase. Computed values such as Euler angles are not downlinked.

In addition to its operational mode, LegPilot also has two simulation modes that can

be selected at compile time. In RGS TEST mode, torque and sagittal-plane ankle rotation

sensing and motor control operate normally. Instead of reading data from the IMU, a prere-

corded set of data are acted upon. Data playback is initiated by an external synchronization

pulse. This mode is useful for testing with the Robotic Gait Simulator (RGS) [3] or the

mechanical testing machine. The RGS uses an actuated force plate that moves relative to a

rigidly mounted foot to simulate gait kinematics and kinetics. Because the prosthetic leg is

fixed, the inertial sensor values need to be spoofed to make them consistent with the leg mo-

tion being simulated. In GAIT SPOOF mode, IMU sensor values come from a prerecorded
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data file as well as torque and sagittal-plane ankle rotation sensor values. Motor control

is disabled. This mode was particularly useful for developing the LegGUI graphical user

interface.

3.2.2 DataParser

DataParser is a PC application written in C++ that converts binary data files into human-

readable comma-separated value (.csv) files. The application code consists of a single file

with about 250 lines. The application has undergone about 20 revisions since its creation.

3.2.3 LegGUI

LegGUI is a PC application written in C# that provides a realtime interface with the TAP

over Wi-Fi. The application code consists of about 1000 lines of manually-written code and

500 lines of auto-generated Designer code. The application has undergone about 30 revisions

since its creation. A screenshot of LegGUI is shown in Figure 3.2.

LegGUI runs on a Windows 8.1 laptop computer and uses a Windows Wireless Hosted

Network to provide a WPA2-encrypted Wi-Fi access point. When the TAP powers up, it

connects to the access point and initiates a TCP connection with LegGUI. TCP is a reliable

connection that detects and repairs damaged or missing packets. Once the connection is

made, the TAP begins streaming data to the PC. Whenever LegGUI is running, it automat-

ically records all data received from the TAP. This helps avoid the loss of valuable data due

to human error. Additionally, LegGUI provides the option to start and stop a secondary log

file with a user-defined filename. This capability can be used to help organize the data for

synchronization with motion-capture data. The LegGUI also provides a realtime graphical

display of a subset of the data received from the TAP.

In addition to data logging, LegGUI also provides configuration of the TAP over Wi-

Fi. The force-deflection curve of the actuator can be set, as well as the operating mode,

control-system gains, torque and rotation offsets, and gait event detection parameters. All

configuration changes are automatically logged so that the entire configuration is known at
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Figure 3.2: Screenshot of LegGUI user interface

all points of time. Sets of configuration parameters can be saved and recalled. There is also

a “Set Defaults” command that restores the TAP to its default configuration.

LegGUI also provides voice enunciation of important events during TAP testing. The

notification events are:

• TCP connection made

• TCP connection lost

• Low battery

• Torque sensor saturation

Audible notifications are reserved for important events that have implications for test op-

eration. Data logging does not occur until the TCP connection is made. Loss of the TCP

connection indicates loss of power or another problem with the TAP. The battery must be

changed on a low battery condition. Torque sensor saturation may indicate failure of the

torque sensor.
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3.3 Inner-Loop Control

3.3.1 Control System Design

We desire a control system that will simulate a passive spring according to the equation

Ts = −K∗(θs − θd) (3.1)

Because we can directly measure θm but not θs, we would like to satisfy equation 3.1

without referencing θs. Since the elastic element already behaves as a passive spring obeying

the equation Ts = −k(θs − θm), the desired relationship can be rewritten as

Ts = −K(θm − θd) (3.2)

where K∗ = kK
k+K

. Here K represents the stiffness of the spring that results in the desired

overall actuator stiffness when placed in series with the elastic element. The motor should

simulate this spring. The stiffness of the elastic element provides an upper bound for the

stiffness of the overall actuator, if K is to be non-negative. We propose a control law of the

form

I = KQ{−KffK(θm−θd)+Kp[−K(θm−θd)−Ts]+Ki

∫
[−K(θm−θd)−Ts]dt−Kv,m

˙θm+Kv,sθ̇s}

(3.3)

where Ts is the torque measured by the strain gauges, Ts = k(θm − θs). The factor of

KQ in the front allows the control gains Kff , Kp, Ki, Kv,m, and Kv,s to have the convenient

units of N-m/N-m, N-m/N-m, N-m/N-m-s, N-m/(deg/s), and N-m/(deg/s), respectively. If

the feedforward gain Kff is equal to 1, then the socket torque is perfect at DC without

feedback.

If the integral gain is set to zero and the feedforward gain is set to 1, then the system

matrix becomes
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A =
1

J


0 J 0

−(1 +Kp)(k +K) −(Kv,m + cg) (1 +Kp)k

0 0 0

 (3.4)

This system matrix has the same poles as a spring-mass-damper system with natural fre-

quency ωn =
√

(1 +Kp)(k +K)/J and damping ratio ζ = (cg+Kv,m)/2
√
J(1 +Kp)(k +K).

The transfer function from θs to Ts has a pair of zeros with natural frequency ωn =√
(1 +Kp)K/J and damping ratio ζ = (cg + Kv,m − Kv,s)/2

√
J(1 +Kp)K. These zeros

are always at a lower frequency than the poles. Thus the torque response to socket rotation

always has a lower bandwidth than the torque response to a change in equilibrium position,

which does not have a zero in its transfer function.

3.3.2 Parameter Identification

The unknown parameters in the system dynamics model are the spring stiffness k, the

gearbox damping cg, and the lumped rotational inertia J . The stiffness k was determined

to be 16.3 N-m/deg by measuring the slope of the torque-rotation curve obtained using a

mechanical test machine(MTS Systems, Eden Prairie, MN). In order to estimate the gearbox

damping cg, the test machine performed rotational sine waves to determine the damping

moment as a function of rotation speed. The damping moment is shown in Figure 3.3.

The gearbox damping is nonlinear, with a significant Coulomb-friction effect on direction

changes. In order to identify a good value for cg to be used in control system design, the

response of the closed-loop system to a step change in θs was analyzed. For this test, both

Kv,m andKv,s were set to zero. In this case, the step response exhibits significant oscillation in

Ts, the period and decay rate of which can be used to determine the value of the parameters

J and cg. Table 3.2 shows the identified model parameters and Figure 3.4 compares the

measured step response with the simulated step response using the identified parameters.

The initial response matches well, but small oscillations die out much faster in the physical

system than in simulation due to high effective damping near zero speed. The open-loop
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Figure 3.3: Measured gearbox damping. The solid line shows linear damping at 0.1 N-
m/(deg/s).

system has a natural frequency ωn =
√
k/m =17.9 Hz.
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Parameter Value

k 16.3 N-m/deg

cg 0.1 N-m/(deg/s)

J 0.074 kg-m2

Table 3.2: Identified model parameters

Figure 3.4: Comparison of simulated and experimental closed-loop response to a step change
in θs with K = 4.89, Kp = 2.28 N-m/N-m, Kv,m = 0, Kv,s = 0, Ki = 100 N-m/N-m-s.

3.3.3 Control System Tuning

In the simple model, any desired bandwidth can be obtained by appropriate selection of Kp,

Kv,m and Kv,s. However, the model ignores the destabilizing effects of the integral gain,

velocity estimation lag, and inner-loop delay. To account for these effects, we need to add

six states to the system:
∫
θm,

∫
θs,

∫
θd, the motor current I, the motor speed estimate ˆ̇θm,

and the socket speed estimate ˆ̇θs. The motor current will by related to the current command

given by equation 3.3 by a simple lag:
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d

dt
I = (Ic − I)/τI (3.5)

where the time constant τI is chosen to be 0.17 ms to model the 0.17 ms delay in the

inner-loop controller. The delay in the speed estimate varies with motor speed because it is

updated on each encoder pulse edge. The actual average motor speed estimation delay is

τm =

 3.3 ms : | ˙θm| ≤ 0.5364◦/s

0.001758◦

| ˙θm|
: | ˙θm| > 0.5364◦/s

(3.6)

A constant time constant τm = 1 ms is used to simulate the motor speed estimation delay

according to the equation

d

dt
ˆ̇θm = ( ˙θm − ˆ̇θm)/τm (3.7)

The socket speed estimation is modeled the same way. In the control system implemen-

tation, the quantity −Kv,m
˙θm +Kv,sθ̇s is calculated as

−Kv,m
˙θm +Kv,sθ̇s = (Kv,s −Kv,m) ˆ̇θm +Kv,s(

ˆ̇θs − ˆ̇θm) = (Kv,s −Kv,m) ˆ̇θm −
Kv,s

k
ˆ̇Ts (3.8)

The torque rate estimate ˆ̇Ts is calculated using finite differences and filtered with a fourth

order filter.

The selection of Kp, Kv,m and Kv,s must be a compromise between high bandwidth and

alleviation of the high frequency resonance. Figure 3.5 shows the effect on the system poles

and zeros of changing Kp, Kv,m and Kv,s from nominal values of 8 N-m/N-m, 0.6 Nm/(deg/s),

and 0.3 Nm/(deg/s).

Figure 3.6 shows the frequency response of the system. The feedback controller increases

the system bandwidth from 13 Hz to 41 Hz. This bandwidth is sufficient for use with human

walking, where most of the ankle power occurs at less than 6 Hz [101]. Fiqure 3.7 shows

the stability boundary of the control system. Control system stability is insensitive to the
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Figure 3.5: Response of system poles and zeros to changes in Kp, Kv,s and Kv,s at K∗ = 4
N-m/deg. Black: open-loop. Blue: Kp varying with Kv,m = 0.6 N-m/(deg/s), Kv,s = 0.3
N-m/(deg/s). Red: Kv,m varying with Kp = 8 N-m/N-m, Kv,s = 0.3 N-m/(deg/s). Green:
Kv,s varying with Kp = 8 N-m/N-m, Kv,m = 0.6 N-m/(deg/s). Magenta: Kp = 8 N-m/N-m,
Kv,m = 0.6 N-m/(deg/s), Kv,s = 0.3 N-m/(deg/s).

integral gain and has good margins in both Kv,m and Kp. Fiqure 3.8 shows how the stability

boundary moves as a time delay td is added to the inner-loop delay τm. The delay margin of

the control system is 2 ms, which is an order of magnitude higher than the existing inner-loop

delay. Kv,s does not affect system stability.
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Figure 3.6: System frequency response at K∗ = 4 N-m/deg. Black: open-loop. Blue: closed-
loop with Kp = 8 N-m/N-m, Kv,m = 0.6 N-m/(deg/s), Kv,s = 0.3 N-m/(deg/s), Ki = 100
N-m/N-m-s.
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Figure 3.7: Control system stability boundaries at K∗ = 4 N-m/deg with Ki = 100 N-m/N-
m-s (black) and Ki = 1000 N-m/N-m-s (blue). The red x shows the selected gains.
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Figure 3.8: Control system stability boundaries at K∗ = 4 N-m/deg with Ki = 100 N-m/N-
m-s at various values of td. The red x shows the selected gains.
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3.3.4 Control System Behavior during Swing

The system dynamics change discretely on the transition from stance to swing. Figure 3.9

shows the system model during swing. Instead of being fixed to the ground, the foot is

modeled as a freely rotating mass with rotational inertia Jf attached to the output shaft.

Figure 3.9: a) Diagram of simple system model during swing. b) Model with the output
shaft connected to a freely rotating mass, as in swing phase of walking.

If the equations of motion are rewritten relative to the foot, equation 2.1 is valid if the

rotational inertia J is replaced by
JJf
J+Jf

. The system natural frequencies and damping ratios

are increased by a factor of
√

(J + Jf )/Jf relative to stance phase. For a foot inertia of

0.012 kg-m2, this factor is approximately 2.6. This reduction in effective inertia means that

system stability is improved in swing phase relative to stance phase.

3.3.5 Control System for a Flexible Configuration

When emulating very flexible springs, the control system design is more challenging. If

the effective stiffness is reduced by an order of magnitude to 0.4 N-m/deg, the open-loop

bandwidth is only 1.6 Hz. This stiffness corresponds to the most flexible torsion adapter
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tested by Flick et al. [26]. Figures 3.10, 3.11, and 3.12 show a control system design that

increases the bandwidth to 18 Hz. The delay margin of the system is 0.5 ms.

Figure 3.10: Response of system poles and zeros to changes in Kp, Kv,s and Kv,s at K∗ =
0.4 N-m/deg. Black: open-loop. Blue: Kp varying with Kv,m = 1.0 N-m/(deg/s), Kv,s =
0.9 N-m/(deg/s). Red: Kv,m varying with Kp = 32 N-m/N-m, Kv,s = 0.9 N-m/(deg/s).
Green: Kv,s varying with Kp = 32 N-m/N-m, Kv,m = 1.0 N-m/(deg/s). Magenta: Kp = 32
N-m/N-m, Kv,m = 1.0 N-m/(deg/s), Kv,s = 0.9 N-m/(deg/s).
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Figure 3.11: System frequency response at K∗ = 0.4 N-m/deg. Black: open-loop. Blue:
closed-loop with Kp = 32 N-m/N-m, Kv,m = 1.0 N-m/(deg/s), Kv,s = 0.9 N-m/(deg/s), Ki

= 100 N-m/N-m-s.
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Figure 3.12: Control system stability boundaries at K∗ = 4 N-m/deg with Ki = 100 N-m/N-
m-s at various values of td. The red x shows the selected gains.
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3.4 Iterative Controller

An iterative controller was developed to find a rotational equilibrium position as a function

of sagittal-plane ankle rotation. The inputs to the iterative controller are the socket torque

Ts(t) and the sagittal-plane ankle rotation β(t) during stance phase. The output is the

equilibrium position function θd(β). The equilibrium position function is updated at the end

of each step on the transition from stance to swing. To update θd(β), the time average of the

socket torque during stance, Ts is calculated. This is the target socket torque throughout

stance phase. A torque “error” is then calculated as

eT (t) = Ts − Ts(t) (3.9)

The first and last timepoints of eT are set to zero to produce a smooth transition from

swing to stance. The torque error is then filtered with forward and reverse first order filters

at 6 Hz to produce eT,f (t). The next step is to curve-fit the torque error to the sagittal-plane

ankle rotation to give ẽT,f (β). The implementation in LegPilot uses a lookup table with

linear interpolation sagittal-plane ankle rotation points separated by about 1◦to represent

ẽT,f (β). The equilibrium function is then updated according to

θd(β)i+1 = θd(β)i + LẽT,f (β), (3.10)

where L is the iterative controller gain.

The iterative controller was designed for use in preliminary human testing to help find

an equilibrium position function that could flatten the socket torque profile. The end goal

was not to use an iterative controller at all, but to use a fixed equilibrium position function

that could eventually be realized using passive components.
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Chapter 4

TAP BENCH TESTING

Bench test were performed with a mechanical testing machine to determine model param-

eters, evaluate controller performance, and prepare for human subject testing. Quasi-static

torque-rotation curves are presented, followed by the response of the TAP to a step input.

Finally, results of iterative controller operation during simulated gait are presented.

4.1 Quasi-static Stiffness Profiles

In order to test the ability of the TAP to emulate a variety of stiffnesses, quasi-static testing

was performed with the TAP emulating five different stiffnesses obeying the equation

Ts = −K1θm − (K3θm)3 (4.1)

The values of K1 and K3 for each of the five stiffness profiles is given in Table 4.1. These

stiffness profiles were chosen to give two stiff linear profiles as well as linear, stiffening, and

softening profiles at an average value of 1 N-m/deg, which is typical of commercially available

torsion adapters [26].

The TAP was mounted in a mechanical testing machine(MTS Systems, Eden Prairie,

MN) in series with a tele-torsion adapter(Total Shock 4410; Century XXII Innovations,

Jackson, Michigan). The actuator head of the testing machine performed slow ramps of

axial rotation. The axial torque was measured by both the testing machine and the TAP.

The RMS difference between the torque measured by the testing machine and by the TAP

was 0.11 N-m over the range of -20 to 20 N-m. The RMS differences between the commanded

torque and the torque measured by the TAP were 0.029, 0.046, 0.031, 0.027, and 0.048 N-m

for the five different stiffness profiles. Figure 4.1 shows Ts vs. θm for each of the five stiffness
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Profile K1 [N-m/deg] K3 [(N-m)1/3/deg]

1 0.348 0.117

2 1 0

3 1.859 -0.109

4 5 0

5 20 0

Table 4.1: Stiffness values for qausistatic testing

profiles. For profiles 4 and 5, the TAP was taken to its design torque of 28.5 N-m.
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Figure 4.1: Quasi-static stiffness curves.

4.2 Step Response

In order to validate the system dynamics model and controller tuning, step responses were

obtained using the mechanical testing machine. The TAP was placed in the machine and

the actuator head was commanded to perform step changes in rotation. The response as

measured by the TAP is shown in Figure 4.2. The actuator has a bandwidth of about 7

Hz, while the TAP in this configuration is modeled to have a bandwidth of 41 Hz. This

means that the rise time of the response is almost entirely determined by the rise time of

the input. The simulated motor rotation matches the measured motor rotation quite well.

The measured socket torque in one direction has an early peak at about 15 ms that is not
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captured by the simulation. This suggests that the model may have slightly more damping

than the actual system at high rotation rates.

Figure 4.2: Simulated and experimental response to a 5◦step change in θs in either direction.

4.3 Gait Simulation

In order to evaluate the iterative controller in a setting similar to human walking, a test

was devised using the mechanical testing machine. The TAP was mounted in series with a

tele-torsion adapter(Total Shock 4410; Century XXII Innovations, Jackson, Michigan) that

included axial and torsion springs. The string potentiometer was connected to the test

machine actuator head through an eye-bolt at the base of the test machine so that the string

traveled twice the distance of the actuator head. Thus axial motion of the actuator head was

interpreted as sagittal-plane ankle rotation by the TAP. The test setup is shown in figure

4.3.

The TAP was placed in the RGS TEST mode described in section 3.2.1. In this mode,

the IMU sensor data used to detect gait cycle events was obtained from a pre-recorded

file. The playback of the sensor data file was triggered by a pulse from the mechanical test
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Figure 4.3: Simulated gait test setup on the mechanical testing machine.

machine. During simulated stance phase, the test machine performed a position ramp from

0 to 1 cm compression in the axial direction and a rotation haversine in the transverse plane.

The amplitude of the haversines was a repeating pattern of 2◦, 4◦, and 6◦. This simulated

“low torque steps” (outside of a turn), “nominal torque steps” (straight walking), and “high

torque steps” (inside of a turn). The test machine test profiles are shown in Figure 4.4.

The iterative controller described in section 3.4 was enabled during this test. The equi-

librium position function θd(β) was updated on each stance-to-swing transition. Figure 4.5

shows the stance torque aver the course of operation of the iterative controller. As expected,

the iterative controller flattens the torque profile during the nominal step. The torque peaks

in the high torque and low torque steps are also reduced.

This test demonstrated the ability of the iterative controller to reduce peak socket torque

when the socket followed a fixed trajectory. In human subject testing, the socket does

not follow a fixed trajectory. Instead, subjects adapt their gait as the equilibrium position

function changes. The iterative controller should adapt slower than the subject so that

subjects do not have to make conscious changes to their gait. Bench testing does not give
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Figure 4.4: Actuator head motion profiles for simulated gait test. Grey background: simu-
lated stance, white background: simulated swing.

insight into how high the iterative controller gain can be during human subject testing.
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Figure 4.5: Stance torque during iterative controller operation during simulated gait. Black:
iterative controller off, blue: iterative controller on, first 120 steps, red: iterative controller
on, next 120 steps.
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Chapter 5

HUMAN SUBJECT PROTOCOL DEVELOPMENT

Preliminary human subject testing was performed on two subjects. The goals of the

preliminary tests were to evaluate the device performance and test procedures, to develop

the test protocol, and to develop a strategy for controlling the transverse-plane equilibrium

angle. Because the test protocol for the two subjects was different, the test method is

presented separately for Subject 1 and Subject 2.

5.1 Methods

5.1.1 Subject 1

The primary objective of the first human subject test was to determine whether the TAP

would be able to handle the rigors of human subject testing. The TAP performed well,

inspiring enough confidence in the subject that he wore it on an unscheduled trip outside

the gait lab. One problem observed with the TAP is that it rotated a small amount (about

2◦) each time it was powered up. This led to a software change allowing adjustment of the

neutral position before the second test.

The secondary objective of the test was to develop test procedures. For this test, TAP

configuration changes were performed using an SD card. Changing mode or settings required

removing the SD card from its slot on the TAP, inserting it into a laptop, opening, editing,

and saving the settings file, ejecting the card, powering down the TAP, installing the SD

card in the TAP, and repowering the TAP. Data was also logged to the SD card. While the

SD card interface was successfully used in this test, it was cumbersome and time consuming.

This led to the addition of Wi-Fi communication and a graphical user interface (LegGUI)

before the second test.
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The tertiary objectives of the test were to develop the test protocol and evaluate the

strategy of using sagittal-plane ankle rotation to drive the transverse-plane equilibrium an-

gle. For this test, the iterative controller described in 3.4 was used. Initially, the iterative

controller was disabled and the TAP was configured to provide a rotational stiffness of 4

N-m/deg. After the subject was fitted with the TAP by a prosthetist, the subject was given

five minutes of walking on the treadmill at his self-selected speed to become accustomed

to the TAP and the treadmill. The iterative controller was then enabled and the subject

walked on the treadmill for an additional five minutes. The equilibrium position function

was saved at the end of the five minutes. After this, reflective markers were placed on the

subject’s body for use with the motion capture system. The subject then walked over force

plates embedded in the floor. The subject performed 5 trials each of straight-line walking

and clockwise and counterclockwise walking on a circle with a radius of 1 m. These tasks

were repeated with the saved equilibrium position function and with a constant equilibrium

position, as well as with the subject’s prescribed prosthesis.

5.1.2 Subject 2

The primary objectives of the second human subject test were to explore the effects of dif-

ferent walking conditions and iterative controller gains on the equilibrium position function.

The subject was fitted with the TAP by a prosthetist. The subject was then given five

minutes of walking on the treadmill at his self-selected speed to become accustomed to the

TAP and the treadmill. The subject then walked on the treadmill with the iterative con-

troller enabled with three different gains. The subject then walked on a 1-m radius circle

and a 1.6-m radius circle with the prosthetic limb on the inside with the iterative controller

enabled.

The secondary objective of the test was to evaluate the new Wi-Fi interface and LegGUI.

The wireless interface worked well, recorded all data, and made configuration changes much

more convenient than the SD card interface. Future testing will use LegGUI and Wi-Fi.
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5.2 Results

5.2.1 Torque Reduction by Iterative Control during Straight-Line Walking

Both subjects experienced a decrease in the transverse-plane socket torque measured by the

TAP during straight-line walking with the iterative controller operating. Figure 5.1 shows

the socket torque over the stance phase of gait during treadmill walking. Both subjects

experienced a peak torque reduction greater than 30% from the initial steps to the final

steps.

Figure 5.1: Ten-step average stance-phase TAP torque during operation of the iterative
controller in treadmill walking at self-selected speed. Time progresses from the dark blue
curve to the dark red curve.

This torque reduction was accompanied by increase transverse-plane rotation in both

subjects. Figure 5.2 shows the rotation over the stance phase of gait during treadmill walking.

Figure 5.3 shows the torque plotted against the rotation. The slope of this curve is the quasi-

stiffness of the joint. Both subjects show a large decrease in the quasi-stiffness of the joint

over the operation of the iterative controller. This decrease in quasi-stiffness comes without

any change to the stiffness of the joint. Interestingly, while Subject 1’s torque-rotation
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curves show little hysteresis, Subject 2’s curves enclose significant area, which increases as

the quasi-stiffness decreases. This means that energy is being dissipated in the joint during

walking.

Figure 5.2: Ten-step average stance-phase TAP rotation during operation of the iterative
controller in treadmill walking at self-selected speed. Time progresses from the dark blue
curve to the dark red curve.
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Figure 5.3: Ten-step average stance-phase TAP torque vs. rotation during operation of the
iterative controller in treadmill walking at self-selected speed. Time progresses from the dark
blue curve to the dark red curve.

5.2.2 Torque Reduction during Circular Walking

Subject 1 performed circular walking with the equilibrium function obtained from training

during treadmill walking. No substantial difference in socket torque was seen between the tri-

als using this equilibrium position function and those using a constant equilibrium position.

Subject 2 performed circular walking with the iterative controller active and the prosthetic

limb on the inside of the turn, and showed a decrease in socket torque as training progressed.

However, Subject 2 did not perform circular walking with any steady-state equilibrium po-

sition function. Overall, the results for circular walking are inconclusive, but suggest that

iterative controller training should occur during circular rather than straight-line walking if

the equilibrium position function is to reduce socket torque during circular walking.
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5.2.3 Effect of Iterative Controller Gain

During the second human subject test, identical walking tasks were repeated with different

iterative control gains. Figure 5.4 shows the equilibrium position functions obtained during

treadmill walking with three different iterative controller gains spanning an order of magni-

tude. The equilibrium position functions are nearly the same, demonstrating insensitivity to

iterative controller gain in this range.

Figure 5.4: Comparison of equilibrium position functions obtained with different values of
iterative controller gain L during treadmill walking

5.2.4 Iterative Controller Convergence

The target of the iterative controller was a uniform torque distribution over stance phase.

If this target were achieved, the equilibrium position function would stop changing and

convergence would be obtained. Figure 5.5 shows that this did not occur for any of the
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training conditions. Instead, the ankle rotation kept increasing to very high values (over

16◦) approaching the amount of ankle rotation in the sagittal plane. This caused the subject

to comment that it “wasn’t how he walked” and felt like there was a banana peel under his

foot. The failure to converge can also be seen in Figure 5.1, which shows that the torque

distribution does not become uniform over the course of training.

Figure 5.5: Overall magnitude of ankle rotation over the course of training for Subject 2.
None of the conditions achieved convergence.

5.2.5 Equilibrium Position Functions

The output of each training session with the iterative controller was the rotational equilibrium

position as a function of sagittal-plane ankle rotation. Figure 5.6 shows the shape of the

equilibrium position function for both subjects. Because convergence was never obtained, the

equilibrium position functions have been normalized by their total range. Iterative controller

training was not performed during circular walking for Subject 1. However, Subject 1 did

perform circular walking with a constant equilibrium position. The data from this trial were
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used to produce the “simulated” curve shown in Figure 5.6.

Figure 5.6: Normalized equilibrium position functions at the end of training for two human
subjects. With one exception, the curve shapes are similar across subjects and training
conditions.

5.3 Discussion

Preliminary testing demonstrated the feasibility of conducting human subject testing with

the TAP and reducing socket torque during walking using a rotational equilibrium position

that varies as a function of sagittal-plane ankle rotation. It also provided an opportunity to

adjust testing procedures and improve the configuration and data communication interface.

The iterative controller used in the first two human subject tests attempted to produce an

uniform torque distribution during stance in conjunction with the mechanics of the subject.

The failure of the iterative controller to converge suggests that the uniform torque distri-

bution target is not achievable. As Figure 5.1 shows, the iterative controller successfully

reduced and flattened the torque peak that occurred in late stance for both subjects, but
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had little effect on the torque during early stance. This may be because in early stance, there

is little weight on the foot, and what weight there is is concentrated at the heel. Because of

this, TAP rotation may result in rotation of the foot relative to the floor rather than rotation

of the socket relative to the foot. In order for the TAP to modify the torque curve, the foot

must remain fixed to the floor to provide a reaction torque.

Convergence could possibly be achieved by adding a term to penalize excessive rotation,

but such a term would not have a physical basis and would require ad hoc tuning. Perhaps a

better approach to achieving convergence would be to have the iterative controller attempt

to flatten the torque curve in only the last 60 or 70 percent of stance phase. This might

present an achievable target for the iterative controller.

Despite the lack of convergence, torque reduction was achieved using the iterative con-

troller. In addition, the equilibrium position functions obtained during training had similar

shapes across two subjects and three training conditions, as shown in Figure 5.6. The one

equilibrium position function that does not match the others is Subject 1’s straight-line

walking function. Subject 1 showed an unusual negative torque peak in early stance and an

overall low torque magnitude. Even so, the overall trend of transverse-plane rotation angle

increasing with ankle dorsiflexion was still present.

The similarity and simplicity of the equilibrium position function curves in Figure 5.6

suggest that a single equilibrium function could work for multiple subjects. The shape of

the curves suggest that a simple linear relationship between transverse-plane equilibrium

position and sagittal-plane rotation could be used so that θd = CR × β, where CR is the

“coupling ratio”. Conventional prosthetic feet already exhibit this behavior with CR = 0

and a high transverse-plane stiffness K∗. In the limit of infinite transverse-plane stiffness,

the transverse-plane rotation becomes equal to the equilibrium position and θs = CR × β.

In this case, ankle rotation occurs about an axis that has components normal to both the

sagittal plane and the transverse plane and transverse-plane rotation is said to be “coupled”

with sagittal-plane rotation. In the case of finite transverse-plane stiffness, it is actually

the transverse-plane equilibrium position that is coupled with sagittal-plane rotation. This
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axis coupling could be implemented relatively easily in a passive device, and can easily be

emulated by the TAP. This technique was evaluated in subsequent human subject tests.
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Chapter 6

HUMAN SUBJECT TESTING OF AXIS COUPLING

The results of preliminary human subject testing were used to develop the test protocol

for further testing. This chapter includes presentation and discussion of the test methods

and results.

6.1 Methods

6.1.1 Participants

The 3 transtibial amputees (0 females) who gave informed consent to participate in this

Investigational Review Board-approved study had a mean age of 54 years (range: 47-66)

with a mean body mass of 91.6 kg (range: 85.5-98.4) and mean height of 185 cm (range:

182-188). None of the subjects wore a torsion adapter with their usual prosthesis. All

subjects met the following criteria:

• wore a prosthesis for at least 2 years before the study and 8 hours each day

• considered themselves moderately active community ambulators

• did not use upper-limb aids

• were free from neurological deficits that might have affected gait characteristics by

self-report

All subjects wore their own socket, liner and socks. The TAP was attached to the

subject’s socket and to a low-profile Vari-Flex foot whose size and stiffness category were

selected by a research prosthetist. Table 6.1 shows the details of each subject’s amputation

type and prosthetic components.
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Subject Amputation

Cause

Socket Liner Suspension Foot Socks

1 Infection from

a traumatic

MVA

TSB carbon

fiber Socket

Ohio Willow

Wood Alpha

gel liner

Pin-lock LP Vari-Flex Cat

6, size 27

1/2 1 ply sock

2 Traumatic Carbon fiber Ossur Iceross

Sport

Pin-lock LP Vari-Flex Cat

5, size 28 w/ red

shim

2-ply + 3-ply

3 Traumatic Test socket Ohio Willow

Wood silicone

gel liner

Pin-lock LP Vari-Flex Cat

6, size 27 w/ blue

shim

6-ply

Table 6.1: Transtibial amputee parameters and prosthetic components used. MVA = motor
vehicle accident, TSB = total surface bearing, LP = Low-profile, Cat = Category.

6.1.2 Prosthesis Fitting

The TAP was configured to act as a torsion spring with a 4 N-m/deg stiffness for prosthesis

fitting. A research prosthetist installed and adjusted the TAP. Subjects were asked to walk

back and forth while the prosthetist evaluated their gait. The prosthetist adjusted the

height and orientation of the TAP and the prosthetic foot based on his observations and

the subject’s comments until both the prosthetist and the subject were satisfied with the

alignment.

6.1.3 Experimental Procedures

Sixty-three 14 mm reflective markers were placed on each subject in locations consistent with

a modified version of Vicon’s Plug-In-Gait Model (Vicon, Centennial, CO). The Plug-In-Gait

Model was modified by adding reflective markers at the medial malleolus, medial elbow, and

first and fifth metatarsal heads of the feet. The thigh and upper arm segments were tracked

with marker clusters as in [10] instead of wands. The shank segments were tracked with

markers placed on the fibular head and tibial tuberosity instead of tibial wands. Height,
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mass, and anatomical measurements were made according the Vicon requirements for static

and dynamic modeling. Hip joint centers were calculated using regression equations using

the inter-ASIS distance of the pelvis [5, 6]. Three additional 14 mm markers were used to

track the portion of the TAP that rotates with the foot, and four additional markers were

used to track the portion of the TAP that rotates with the shank. Gait kinematics were

collected using a 12-camera Vicon system operating at 120 Hz. Ground reaction forces were

collected using 8 force plates (AMTI, Watertown, MA) recorded at 1200 Hz.

Participants walked across force plates embedded in the laboratory floor in a straight

line and both directions around a circle with a 1-m radius. Figure 6.1 shows the force plate

configuration for straight-line and circular walking. The 1-m radius circle was marked with

a dashed line on the floor. Participants were told that it did not matter whether they

stepped on the line. Participants performed at least five trials each of straight, clockwise,

and counterclockwise walking with each configuration of the TAP. Before beginning data

collection trials with each configuration of the TAP, participants practiced each of the three

walking tasks five times. Trials which did not contain at least one good force plate strike

with each foot were repeated. Good force plate strikes were defined as steps during which a

foot was placed entirely on a force plate that was not struck at all by the other foot.

Five configurations were used for the TAP. In each configuration the overall stiffness was

set to 4 N-m/deg. Rotation of the transverse-plane equilibrium position was coupled to

sagittal-plane ankle rotation with ratios of 0, 1:3, and 1:2. Two subjects also performed the

walking tasks with a coupling ratio of 1:6, and one of these also tested a coupling ratio of

1:4. The order of the configurations was randomized for each subject. All data for a single

TAP configuration was collected before changing to the next configuration.
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Figure 6.1: Force plate configuration. The red rectangles represent the force plates as seen
from above. The dashed lines represent the paths for the straight-line and circular walking
tasks.

6.1.4 Data Analysis

Gait kinematics, kinetics, and gait event timings were calculated using Visual3D software

(C-Motion, Inc., Germantown, MD). Marker positions were filtered with a bidirectional But-

terworth filter with a 6 Hz cutoff frequency. Ground reaction forces were filtered with a

bidirectional Butterworth filter with a 25 Hz cutoff frequency. Data were exported to MAT-

LAB (MathWorks, Natick, MA) for further processing, such as coordinate transformation,

time normalization, and peak extraction. Shank torque in the prosthetic leg was measured

using the TAP torque transducer. This measurement was available on all prosthetic leg

steps, including those that did not have a good force plate strike. Other joint moments were

only available during good force plate strikes.

Instantaneous walking speed was calculated by finite differences of the horizontal position

of the center of mass. For straight walking trials, the average walking speed was calculated

over a 6 m distance in the center of the walking path. For circular walking, the average

walking speed was calculated over a 180 degree angle in the center of the walking path. Data

from sensors on the TAP were analyzed independently from motion-capture data, except
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that the average walking speed calculated from motion-capture data was applied to all TAP

data obtained from the same trial.

6.1.5 Inertial Modeling

Body segment inertial parameters (BSIPs) are needed to propagate ground reaction forces up

the kinematic chain to determine joint moments. A sixteen-segment human body model was

used with segments chosen to match the body segments used by Zatsiorsky and Seluyanov

[103]. The prosthetic-side shank was modeled as a rigid segment, so that TAP rotation was

resolved at the ankle joint. BSIPs for intact body segments were estimated using de Leva’s

adjustments [15] to Zatsiorsky and Seluyanov’s anthropometric data [103, 104] of college-age

Caucasians. de Leva modifed the BSIPs to reference them to joint centers as opposed to

bony landmarks and to make the mass of the segments proportional to total body mass.

de Leva’s BSIPs are referenced to total body mass with both legs intact. Since the

measured mass of amputee subjects includes the mass of the prosthetic leg instead of an

intact leg, body segment masses were calculated using an adjusted mass, A, which is the

estimated mass of the subject with both legs intact. The adjusted mass is calculated by

subtracting the weight of shoes and the prosthetic-side shank and foot from the measured

body mass and adding the estimated mass of the intact shank and foot. Figure 6.2 shows

the concept behind the calculation of the adjusted mass. The prosthetic-side shank mass

was estimated as 0.65 times the mass of the intact-side shank [88] plus the additional mass

of the TAP. Shoe mass was estimated as 300g each, based on a typical running shoe. Thus

A = M − 2Mshoe −Mpros foot −Mpros shank + ffootA+ fshankA (6.1)

where M is measured body mass, M with a subscript is component mass, and f is the

fraction of body mass in the subscripted body segment, obtained from anthropometric data.

The mass of the prosthetic shank is estimated as
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Figure 6.2: Conceptual diagram of the calculation of adjusted mass A.

Mpros shank = 0.65fshankA+ ∆MTAP (6.2)

where ∆MTAP is the additional weight of the TAP compared to a conventional prosthetic

shank. Combining equations 6.1 and 6.2 gives

A =
M − 2Mshoe −Mpros foot −∆MTAP

1− ffoot − 0.35fshank
(6.3)

Subject 3 had an above-elbow arm amputation and did not wear an arm prosthesis. A

similar procedure was used to include the effect of the missing arm in the calculation of A.

The mass of the residual arm was estimated to be 30% of the mass of the intact upper arm

segment. A custom fourteen-segment model was created for this subject, for whom
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A =
M − 2Mshoe −Mpros foot −∆MTAP

1− ffoot − 0.35fshank − fhand − fforearm − 0.7fupper arm
(6.4)

6.1.6 Statistical Analysis

Data were analyzed using linear mixed effect models. Analyses were performed using MAT-

LAB R2015b with the Statistics and Machine Learning Toolbox version 10.1. Analysis of

the straight(ST), prosthesis inside(PI), and prosthesis outside(PO) trials were performed in-

dependently, and no analyses were performed across trial types. To assess whether coupling

ratio affected gait parameters, the alpha level of statistical significance was set at p ≤ 0.05.

The effect of coupling ratio on walking speed was analyzed using a linear model with

walking speed as the dependent variable, a fixed effect for coupling ratio, and a random

effect for coupling ratio grouped by subject. Because of the strong influence of walking

speed on other gait parameters [45, 50, 63], all other gait parameters were analyzed using a

linear model with fixed effects for walking speed and coupling ratio, and a random effect for

coupling ratio grouped by subject. Kinetic measures were normalized by body mass prior to

statistical analysis.

6.2 Results

6.2.1 Walking Speed

All walking trials were performed at the subject’s self-selected speed. It was hypothesized

that higher values of coupling ratio would cause an increase in self-selected walking speed in

the PI and ST trials due to a more comfortable gait pattern for the amputee. However, all

subjects showed a trend toward lower walking speed with increased coupling ratio in the PI

condition. Figure 6.3 shows the effect of coupling ratio on walking speed. Subject data are

shown as a box and whiskers, with data each subject plotted with a subject-unique color.

The box and whiskers represent the four quartiles of the data, and outliers are shown as

individual circles. The thick black line represents the model estimate of the fixed effect of
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coupling ratio on walking speed, and the grey region around it represents the 95% confidence

interval. The p-values given in the title bar are in reference to the null hypothesis that the

slope of the line is zero. The decrease in walking speed with increasing coupling speed is

strongest in the PI trial type.

Figure 6.3: Effect of coupling ratio on walking speed. The boxes and whiskers show quartiles
of per-trial data, with each subject shown with a unique color. The black line shows the
estimated fixed effect and the grey region shows the 95% confidence interval for the estimate.
PI = prosthesis inside, ST = straight, PO = prosthesis outside. The p-values are for nonzero
slope of walking speed vs. coupling ratio.

6.2.2 Transverse- and Sagittal-Plane Ankle Rotation

The coupling ratio strongly influences the amount of ankle rotation about an axis aligned

with the shank. Figure 6.4 shows the ankle rotation of the prosthetic and intact limb during

the three walking trial types. Only trials using the minimum (0) and maximum (1:2) coupling

ratios are shown for clarity. Positive rotation is defined as external rotation of the shank

relative to the foot. The shape of the rotation curve is similar across trial types. For the

intact ankle, neutral rotation is defined as the rotation at heel strike. The intact ankle

exhibits little rotation until a large external rotation occurs at pushoff. The prosthetic ankle

exhibits internal rotation immediately after pushoff, followed by a gradual external rotation
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during midstance and a return to neutral rotation during pushoff. Figure 6.5 shows the effect

of coupling ratio on ankle rotation. The magnitude of prosthetic ankle rotation increases

dramatically with increasing coupling ratio. The rotation of the intact ankle is unaffected

by coupling ratio.

Figure 6.4: Transverse-plane ankle rotation during stance. Each color shows the mean for
a particular subject. Black is the mean across all subjects. Thin lines show the mean at
coupling ratio zero, thick lines show the mean at coupling ratio 1:2. Other coupling ratios
are not shown for clarity. P = prosthetic side, I = intact side, PI = prosthesis inside, ST =
straight, PO = prosthesis outside.

The ankle rotation and ankle moment are both typically substantially higher in the

sagittal plane than in the transverse plane. For this reason, the TAP uses sagittal-plane ankle

rotation to effectively drive axial rotation. However, coupling sagittal-plane ankle rotation
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to axial rotation may also affect sagittal-plane rotation. Figure 6.6 shows the sagittal-plane

ankle rotation during stance for the prosthetic and intact limbs. Neutral sagittal-plane ankle

rotation is defined as the sagittal-plane ankle rotation at heel strike for both prosthetic and

intact ankles. Both prosthetic and intact ankles show initial plantarflexion just after heel

strike. In the prosthetic ankle, dorsiflexion rises at a nearly constant rate until late stance

when the foot returns to the neutral position. In the intact ankle, dorsiflexion generally rises

during midstance, but has a local maximum at about 35% of stance. At the end of stance,

there is a fast motion from dorsiflexion to plantarflexion during pushoff. Figure 6.7 shows

the effect of coupling ratio on sagittal-plane ankle rotation. The range of sagittal-plane ankle

rotation is more variable in the intact ankle than the prosthetic ankle, both across subjects

and across trials for a given subject. Coupling ratio does not show a statistically significant

effect on sagittal-plane ankle rotation in either ankle.
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Figure 6.5: Effect of coupling ratio on total range of ankle transverse-plane rotation during
stance. The boxes and whiskers show quartiles of per-trial data, with each subject shown
with a unique color. The black line shows the estimated fixed effect and the grey region
shows the 95% confidence interval for the estimate. P = prosthetic side, I = intact side, PI
= prosthesis inside, ST = straight, PO = prosthesis outside. The p-values are for nonzero
slope of transverse-plane ankle rotation range vs. coupling ratio.
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Figure 6.6: Sagittal-plane ankle rotation during stance. Each color shows the mean for a
particular subject. Black is the mean across all subjects. Thin lines show the mean at
coupling ratio zero, thick lines show the mean at coupling ratio 1:2. Other coupling ratios
are not shown for clarity. P = prosthetic side, I = intact side, PI = prosthesis inside, ST =
straight, PO = prosthesis outside.
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Figure 6.7: Effect of coupling ratio on total range of sagittal-plane ankle rotation during
stance. The boxes and whiskers show quartiles of per-trial data, with each subject shown
with a unique color. The black line shows the estimated fixed effect and the grey region
shows the 95% confidence interval for the estimate. P = prosthetic side, I = intact side, PI
= prosthesis inside, ST = straight, PO = prosthesis outside. The p-values are for nonzero
slope of sagittal-plane ankle rotation range vs. coupling ratio.
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6.2.3 Shank Torque

The iterative controller from which the axis-coupling scheme originated was designed to

reduce peak shank torque, particularly during PI trials. Figure 6.8 shows the axial shank

torque int the prosthetic ankle. Positive shank torque is defined as an internal rotation

moment applied on the shank by the foot. In all three types of walking trials, the effect of

coupling ratio on shank torque is minor during the first 30% or stance. In the final 70%

of stance, the shank torque is reduced with increasing coupling ratio. Figure 6.9 shows the

effect of coupling ratio on the minimum and maximum shank torque during stance. The

first p-value given in the title bar is in reference to the null hypothesis that the slope of the

trend line for the minimum shank torque is zero. The second p-value given in the title bar

is in reference to the null hypothesis that the slope of the trend line for the maximum shank

torque is zero. The reduction in maximum shank torque with increasing coupling ratio is

statistically significant for the ST and PI trial types.

Figure 6.8: Axial shank torque in the prosthesis during stance. Each color shows the mean
for a particular subject. Black is the mean across all subjects. Thin lines show the mean at
coupling ratio zero, thick lines show the mean at coupling ratio 1:2. Other coupling ratios
are not shown for clarity. P = prosthetic side, PI = prosthesis inside, ST = straight, PO =
prosthesis outside.
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Figure 6.9: Effect of coupling ratio on minimum and maximum prosthetic-side shank torque.
The boxes and whiskers show quartiles of per-trial data, with each subject shown with a
unique color. The black line shows the estimated fixed effect and the grey region shows the
95% confidence interval for the estimate. P = prosthetic side, PI = prosthesis inside, ST
= straight, PO = prosthesis outside. The first p-value is for nonzero slope of the minimum
shank torque vs. coupling ratio; the second p-value is for nonzero slope of the maximum
shank torque vs. coupling ratio.

Figure 6.10 shows the shank torque plotted against the axial ankle rotation. The slope of

this curve is the quasi-stiffness of the ankle in the transverse plane. When the coupling ratio

is zero, the quasi-stiffness of the ankle is equal to the stiffness, which was K∗ = 4 N-m/deg.

At higher values of coupling ratio, the quasi-stiffness becomes lower than the stiffness, even

becoming negative for two subjects in the PO trial type. The quasi-stiffness changes between

trial types, decreasing going from PI→ST→PO as the peak shank torque also decreases. This

behavior is in contrast to the behavior of a torsion adapter, whose quasi-stiffness is always

equal to its stiffness and cannot change between walking tasks.
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Figure 6.10: Torque-rotation behavior of the TAP. Each color shows the mean for a particular
subject. Black is the mean across all subjects. Thin lines show the mean at coupling ratio
zero, thick lines show the mean at coupling ratio 1:2. Other coupling ratios are not shown for
clarity. P = prosthetic side, PI = prosthesis inside, ST = straight, PO = prosthesis outside.

6.2.4 Hip Power

Figure 6.11 shows the mean hip power for each subject during the three types of walking

trials. While the subjects’ hip strategies vary in early and midstance, all subjects show a

large positive hip power near the end of stance. This positive hip power is exhibited on both

prosthetic and intact legs, and is smallest in the inside leg of a turn. The maximum value

of hip power that occurs near toe-off shows some decrease with increasing coupling ratio.

Figure 6.12 shows the effect of coupling ratio on the positive and negative hip work during

the gait cycle. The decrease in positive hip work is statistically significant for the prosthetic

limb in the ST and PO trial types.
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Figure 6.11: Hip power during the gait cycle. Each color shows the mean for a particular
subject. Black is the mean across all subjects. Thin lines show the mean at coupling ratio
zero, thick lines show the mean at coupling ratio 1:2. Other coupling ratios are not shown
for clarity. P = prosthetic side, I = intact side, PI = prosthesis inside, ST = straight, PO =
prosthesis outside.
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Figure 6.12: Effect of coupling ratio on positive and negative hip work during a gait cycle.
The boxes and whiskers show quartiles of per-trial data, with each subject shown with a
unique color. The black line shows the estimated fixed effect and the grey region shows
the 95% confidence interval for the estimate. P = prosthetic side, I = intact side, PI =
prosthesis inside, ST = straight, PO = prosthesis outside. The first p-value is for nonzero
slope of negative hip work vs. coupling ratio; the second p-value is for nonzero slope of
positive hip work vs. coupling ratio.
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6.3 Discussion

6.3.1 Generalizability of Results

The statistical conclusions that can be drawn from this study are limited by the size and

makeup of the study sample. The small number of subjects inherently limits the power of

the statistics so that a large effect size is required for statistical significance. This limitation

can be removed by increasing the sample size. However, it is unlikely that the sample size

can be large enough in practice to discover all of the small effects that may be present.

Additionally, the study sample included only male subjects. Females have a lower rate of

lower limb amputation [25, 96], and are also underrepresented in the veteran population from

which study participants were taken. While several studies have found gender differences in

walking gait [44, 89, 12, 40], the differences are primarily in hip and knee kinematics. Ankle

kinetics and kinematics are very similar between men and women, and gait differences are

unlikely to affect the behavior or utility of the axis-coupling scheme.

Perhaps more importantly, the study sample included only subjects whose amputation

etiology was traumatic. In the United States, amputations due to vascular disease are much

more frequent than amputations due to trauma [96, 17, 106]. People with amputations caused

by trauma tend to be healthier in general than people with amputations caused by vascular

disease. There are also gait differences between these two groups of amputees [37, 91]. In

particular, people with amputations caused by trauma tend to walk faster than people with

amputations caused by vascular disease. However, kinematic patterns are generally similar

between these two groups [91]. People with amputations caused by vascular disease are also

likely to benefit from a reduction in shank torque during walking, and are likely to experience

similar effects of axis coupling in their prosthetic ankle.

Although the TAP was only tested on transtibial amputees, the axis-coupling behavior

of the TAP may also be of benefit to transfemoral amputees, whose gait differs more from

nonamputee gait than does transtibial amputee gait [62]. Transfemoral amputees were the

targeted users for early torsion adapters [47]. Further research is needed to discover whether



74

an axis-coupling prosthetic ankle can benefit transfemoral amputees.

6.3.2 Self-Selected Walking Speed

Self-selected walking speed showed a decreasing trend with increasing coupling ratio for all

three walking tasks, and the trend appears to be strongest for the PI walking task. This is

surprising because the axis coupling scheme was targeted at the PI walking task in particular.

If axis coupling improved walking comfort during the PI task, an increase in walking speed

with increasing coupling ratio would be expected. Indeed, one subject commented that at a

coupling ratio of 1:3, the PI walking task felt “almost too easy”.

It may be that the lower walking speeds observed at higher coupling ratios were due to

the short acclimation period subjects had at each coupling ratio. The zero coupling ratio

condition was most similar to the subjects’ usual prostheses, which may have made this

condition require less acclimation than the more novel, higher coupling ratio conditions.

Previous research suggests that at least a week of acclimation to new prosthetic components

is required to achieve a consistent gait, and three weeks of acclimation is sufficient [24].

This acclimation period is not possible with the TAP, which is not designed to withstand

the rigors of everyday use outside of the laboratory. However, future studies could achieve

a three-week acclimation period by using a passive prosthesis that provides axis coupling.

A prototype for such a device is described in chapter 7. Additionally, the alignment of the

prosthesis was set with zero coupling ratio. Using a passive device would allow the alignment

to be optimized independently for each coupling ratio.

6.3.3 Ankle Kinematics

While the human ankle exhibits coupled motion between the sagittal and transverse planes

[56], its behavior is quite different from the axis-coupling behavior of the TAP in this study.

In fact, the sign of the coupling ratio is reversed in the human ankle compared to the TAP.

This is not surprising given the the axis-coupling behavior of the TAP was designed to

reduce shank torque, while amputees already experience reduced shank torque compared
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with nonamputees [80, 78]. In the human ankle, the shank rotates externally relative to

the foot during plantarflexion. Most of the motion occurs during pushoff, when the ankle is

in plantarflexion and generating positive power. In the TAP, the shank rotates externally

relative to the foot during dorsifexion, which occurs at a roughly constant rate through

midstance. The passive prosthetic foot does not generate net power, and so pushoff is much

weaker and only returns the ankle to the neutral position.

The mechanical behavior of the prosthetic foot is very consistent between subjects and

between trials for a given subject. All subjects used the same make and model of prosthetic

foot, with the appropriate size and stiffness category. The intact ankle shows more variation

between subjects and between trials. This is partially because the intact ankle is still rotating

at toe-off, while the prosthetic ankle has returned to the neutral position at toe-off.

6.3.4 Shank Torque

At a moderate value of coupling ratio(1:4), the TAP provides a reduction in peak internal

shank torque similar to the torque reduction provided by a torsion adapter [80]. However,

the mechanical behavior of the TAP is quite different from the behavior of a torsion adapter.

Figure 6.13 compares the torque-rotation behavior for the intact ankle, the axis-coupling

TAP, a torsion adapter, and a rigid pylon. While both the TAP and the torsion adapter

increase ankle rotation and decrease the peak internal torque, the quasi-stiffness of the TAP

changes with the type of walking task. Like the intact ankle, the torque-rotation curve for

the TAP encloses a nonzero area, meaning that work is done by the rotating ankle. This is

possible even with a passive axis-coupling device, because energy can be transferred between

the sagittal and transverse planes.

Unlike a torsion adapter, the TAP achieves its reduced quasi-stiffness compared to a rigid

pylon at a high stiffness. This may help reduce feelings of instability compared to torsion

adapters [71] by providing a large resistance to rotational disturbances. This possibility could

be examined with future studies looking at the local dynamic stability of leg joint kinematics

during straight-line and circular walking. Similar studies have found reduced local dynamic
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Figure 6.13: Torque-rotation behavior during stance of the TAP, the intact ankle, a torsion
adapter, and a rigid adapter.

stability during circular walking compared to straight-line walking [79] and a trend(p = 0.09)

toward reduced local dynamic stability during straight-line walking with a torsion adapter

compared to without a torsion adapter [81].

6.3.5 Hip Power

Nonamputees typically generate positive net ankle power during walking at their self-selected

speed and faster [100, 35]. Passive prosthetic ankles are only able to return a fraction of

energy stores prior to pushoff, making positive power generation at the ankle impossible.

Amputees compensate for this reduction in ankle power by increasing positive hip work

in both limbs, particularly the prosthetic limb [85]. While the TAP in its axis-coupling

configuration does not provide any power generation capability, it is possible that it could

reduce the compensatory hip work by improving gait efficiency in other ways. Both hips show

a trend toward decreasing positive hip work, and this trend is significant on the prosthetic

side for the PO and ST walking tasks. This suggests that an axis-coupling ankle could allow

amputees to achieve a more natural gait than a conventional prosthetic ankle.
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Chapter 7

PASSIVE IMPLEMENTATION OF AXIS COUPLING

This chapter describes preliminary work on developing a passive prosthesis that couples

ankle sagittal-plane rotation with transverse plane rotation. The theory of operation of

the device is presented, followed by a description of the prototype device and results from

preliminary bench testing.

7.1 Theory of Operation

Modern prosthetic feet are typically composed of a carbon-fiber composite leaf spring (called

the keel) enclosed in a cosmetic silicone foot shell. The cosmetic foot shell is very flexible

and the mechanical behavior of the foot is determined by the shape of the composite leaf

spring. The typical keel has a nonuniform rectangular cross-section with a large width-to-

thickness ratio ranging from 2:1 to 10:1. Because the leaf spring is much more flexible in

the sagittal plane than in the other planes, the rotation of the foot is effectively confined to

the sagittal plane. Figure 7.1 shows a schematic representation of the sagittal-plane rotation

of the foot. Because the stiffness of the leaf spring is distributed, there is no single axis of

rotation. Instead, the effective axis of rotation moves forward during the gait cycle as the

center of pressure progresses from the heel to the toe. Additionally, many keels are split

along the sagittal plane. This allows differential deflection between the medial and lateral

leaf springs, which emulates coronal-plane rotation.

A cantilever leaf spring can provide coupling between flexure in the sagittal and transverse

planes by tailoring the cross-section of the leaf spring. This can be seen by considering a

rectangular cross-section subject to a bending moment My in the sagittal plane. If the

principal moments of inertia are aligned with the sagittal plane moment, the deflection of
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Figure 7.1: Deformation of a prosthetic foot keel with a vertical force at the toe.

the beam obeys

∂2wz
∂x2

=
My

EIzz
,
∂2wy
∂x2

= − Mz

EIyy
= 0 (7.1)

where E is the modulus of elasticity of the material, wy and wz are the deflections in

the y andz directions, respectively, and Iyy and Izz are the second moments of area of the

cross-section.

Figure 7.2: Axes and moment components for a typical cross-section of a cantilever beam
with a rectangular cross-section that is misaligned with the applied sagittal-plane moment
by an angle θ.

If the cross-section is rotated as in Figure 7.2, a sagittal plane bending moment results

in deflections in both the y and z directions:
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∂2wz
∂x2

=
My cos2 θ

EIzz
+
My sin2 θ

EIyy
,
∂2wy
∂x2

=
My cos θ sin θ

EIzz
− My cos θ sin θ

EIyy
(7.2)

The ratio of the deflections is

∂2wy

∂x2

∂2wz

∂x2

=
cos θ sin θ(1− Izz

Iyy
)

cos2 θ + sin2 θ Izz
Iyy

=
tan θ(1− Izz

Iyy
)

1 + tan2 θ Izz
Iyy

(7.3)

For a rectangular cross-section, Izz
Iyy

= t2

w2 , where t is the thickness and w is the width of

the cross-section. If the rotation angle is constant and the thickness is small relative to the

width, then Izz
Iyy
� 1 and wy

wz
≈ tan θ. Thus coupling between sagittal-plane and transverse-

plane rotation can be achieved in a cantilever beam with a rectangular cross-section if the

cross-section is misaligned with the sagittal plane.

Coupling between sagittal-plane and transverse-plane rotation could also be achieved in a

cantilever beam with an L-shaped or triangular cross-section. However, these cross-sections

would have higher peak stresses for a given stiffness because the bending stress is shared less

equally across the cross-section.

7.2 Prototype Device: the Pivot-Flex Foot

In order to demonstrate the technical feasibility and manufacturability of a passive axis-

coupling prosthesis, a prototype device called the Pivot-Flex Foot (PFF) was manufactured.

The PFF was made out of a carbon fiber-epoxy composite material to match commercially

available prosthetic feet.

A flat test panel was made from 8 plies of epoxy-impregnated carbon fiber oriented at 0◦

to determine the thickness per ply and the modulus of elasticity of the composite material.

The test panel was cured in an autoclave at 250◦F and 85 psi for 2 hours. After it was cured,

the test panel was cut into 5 beams that were measured and subjected to a 3-point bend

test according to ASTM D7264: Standard Test Method for Flexural Properties of Polymer

Matrix Composite Materials [42]. Figure 7.3 shows the test samples and the result of the 3-

point bend test. The thickness was measured to be 1.35±0.04 mm and the flexural modulus
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was measured to be 63±3 GPa.

Figure 7.3: Carbon fiber test samples and 3-point bend test data.

Using these measurements, a prosthetic foot shape and thickness distribution were de-

signed to achieve a stiffness similar to commercially available “Category 5” feet (e.g. Ossur

Variflex, Freedom Innovations Sierra, Endolite Elite2). These feet are designed for moder-

ately active amputees weighing 170-195 lb. The thickness distribution was loosely modeled

after a commercially available prosthetic foot (Freedom Innovations Highlander, Irvine, CA).

The thickness distribution is important because it determines where the effective center of

rotation is and how it moves during the gait cycle. The PFF was designed to have a low

profile to provide room for a pylon-mounted load cell or other diagnostic equipment. The

cross-section of the PFF design is shown in Figure 7.4.

To manufacture the foot pieces in the desired shape, two one-sided molds were made

from sheet metal formed and screwed to mounts that were cut into the shape of the desired

profile. Rectangular sheets of carbon fiber with orientation alternating between 0◦ and 45◦

were cut to lay over the surface of the mold. The length of the carbon fiber rectangles varied

to achieve the desired thickness distribution. The rectangular plies were laid on a sheet of
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Figure 7.4: Cross-section of the PFF design, showing the shape and thickness distribution
of the leaf springs.

release film on the surface of the mold. For the upper piece of the foot only, a piece of thin

sheet metal covered with release film was placed directly over the outer plies of carbon fiber

after being bent to fit. This was to keep wrinkles from forming in the high-curvature portion

of the part during the curing process. A piece of permeable release film was placed outside

of this, followed by a layer of polyester breather cloth and a high-temperature vacuum bag.

The two heel springs were cured in an autoclave at 250◦F and 85 psi for 2 hours. Figure

7.5 shows the steps in the layup and cure processes. The products of these processes were

curved carbon fiber panels ready to be cut into the shape of the foot.

The thickness of the carbon fiber panels was measured in order to compare to the design

thickness. The actual thickness was thicker than the design thickness by 20-40%. This is

likely because the flow path for the resin was more restricted than it was for the test panels,

causing excess resin to be retained in the part. Because the stiffness of the foot scales with

the number of plies times the square of the cross-sectional thickness, the actual stiffness is

between 1.4 and 2.0 times as high as the designed stiffness.

After the carbon fiber panels were cured and removed from the molds, they were cut into

the shape of the foot using a desktop bandsaw with a diamond-grit blade. The panels were

cut at an 18.5◦ angle to give approximately a 1:3 coupling ratio, using the approximation
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Figure 7.5: Steps in the layup and cure of the composite panels for the PFF: a) laying the
carbon fiber plies on the mold, b) the completed layup under vacuum, and c) the cured panel
on the mold.

wy

wz
≈ tan θ. Each panel was cut into two pieces to give a foot with a split toe and heel. The

upper and lower leaf springs were glued together at the toe and then bolted together near

the toe. An aluminum bracket was made to hold the left and right half of the foot together

and provide an interface for a standard pyramid adapter. Heel and toe wedges were cut out

of polycarbonate and glued to the bottom of the foot. This gives the foot a flat surface to

contact the ground, so that the lower leaf spring does not only contact the ground along an

edge. Finally, strips of urethane foam were placed between the upper and lower leaf springs

to prevent the carbon fiber surfaces from abrading each other. The assembled PFF is shown

in Figure 7.6.
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Figure 7.6: The assembled Pivot-Flex Foot.

7.3 Bench Testing

The axis-coupling functionality of the PFF was tested using the Robotic Gait Simulator

(RGS). The RGS consists of a forceplate mounted on a 6 degree-of freedom rotopod robot

(Mikrolar, Inc., Hampton, NH) and a rigid mount to which a prosthetic foot can be mounted

[3]. For this test, a custom mount with a bearing to allow free rotation about the axis of the

shank was created. Figure 7.7 shows the PFF mounted in the RGS on the bearing mount.

Reflective markers were placed on the force plate, the PFF, and the mount to track their

motions using a motion capture system. Reflective surfaces of the PFF and the mount were

covered with matte black tape to prevent interference with the motion capture system.

In order to determine the deformation of the PFF during the gait cycle, a bodyweight

load of 1500N (337 lb) was applied to the PFF in a direction normal to the forceplate. The

forceplate was set at a range of pitch angles from -15◦(plantarflexion) to 22◦(dorsiflexion).

This range of motion was intended to cover the range of motion of the intact human ankle



84

Figure 7.7: The Pivot-Flex Foot mounted in the Robotic Gait Simulator.

during walking, which is approximately 28◦[100, 43] and to encompass the prosthetic ankle

deflections typically seen in amputee gait [32]. Because the RGS uses position control and

does not have a force control option, the forceplate was set at the desired pitch angle and then

manually moved toward the foot along the shank axis until the desired force was reached.

The force plate position was recorded, and then the force plate was backed off until it was

just contacting the foot. At this point the motion capture system and force plate were

configured to record data, and the position of the force plate was commanded to follow a 4

second ramp to the recorded position, followed by a 1 second hold and a return to the initial

position. The test was also performed at 500N and 1000N of normal force.

Both of the leaf springs that make up the PFF deform under load. To measure the

effective sagittal-plane and transverse-plane rotation of the PFF, a line joining the heel and

the toe was expressed in a coordinate system fixed at the shank (“shank coordinates”).

Figure 7.8 shows the shank coordinate system. The heel-toe line was tracked using heel and
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Figure 7.8: The shank coordinate system.

toe markers on left and right sides of the foot. Sagittal-plane rotation and transverse-plane

rotation were defined so that at zero rotation, the heel-toe line was parallel to the X axis of

the shank coordinate system. In order to calculate the rotation angles, define

~p = ~h× ~XS (7.4)

where ~h is a unit vector along the heel-toe line. The total rotation angle is θT = asin‖~p‖.

Sagittal-plane rotation and transverse-plane rotation are defined as the components of θT in

the YS and ZS directions, respectively; that is

θy =
~p · YS
‖~p‖

θT , θz =
~p · ZS
‖~p‖

θT (7.5)

Figure 7.9 shows the measured transverse-plane rotation θz vs. the measured sagittal-

plane rotation θy. It also shows the best-fit line for the 1500N trials and the 1:3 design line.

The measured coupling ratio is 1:3.7.
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Figure 7.9: Measured transverse-plane rotation vs. measured sagittal-plane rotation from
RGS test of the PFF.

7.4 Discussion

The manufacture of the Pivot-Flex Foot demonstrates the feasibility of implementing cou-

pling between ankle sagittal-plane rotation and transverse-plane rotation using a passive

mechanical device. The PFF was manufactured using materials and processes already in use

in the prosthetic foot industry, and could be made commercially for approximately the same

cost as existing prosthetic feet.

The PFF does not fit into existing cosmetic foot shells because the heel and toe wedges

increase the height of the forefoot. A custom foot shell could be made to house the PFF, or

the height of the forefoot could be reduced by adding twist to the leaf springs near the toe

or using three or four leaf springs instead of two.

The PFF is thicker and therefore much stiffer than designed. This makes it unsuitable

for human subject testing. Future versions of the PFF could be made less stiff by using fewer



87

plies of carbon fiber to compensate for the apparent thickness increase. The thickness issue

could be resolved using a two-sided mold to give accurate control over the thickness.

The PFF exhibits a linear relationship between sagittal-plane rotation and transverse-

plane rotation, as designed. The coupling ratio is 1:3.7 compared to the design coupling

ratio of 1:3. There are several factors that reduce the coupling ratio compared to the design.

First, the leaf spring design couples sagittal-plane rotation and transverse-plane rotation

at the desired ratio only when the cross-section is normal to XS. Where the leaf spring

cross-section is normal to ZS, the structure contributes to sagittal-plane rotation but not to

transverse-plane rotation. Second, the approximation wy

wz
≈ tan θ is only valid when Izz

Iyy
� 1.

In the PFF, the value of Izz
Iyy

ranges from 0.014 near the toe to 0.5 near the heel. At the heel,

equation 7.3 must be used and
∂2wy

∂x2

∂2wz
∂x2

is reduced by half relative to the simple approximation.

This effect is somewhat alleviated by the fact that the cross-section of the PFF is a canted

parallelogram rather than a rectangle. Because the heel is near the root of the leaf spring,

the effect is felt all the way to the toe. Finally, the heel and toe wedges stiffen the leaf springs

more in the transverse plane than in the sagittal plane, further reducing the coupling ratio.

This effect was made small by using a material for the wedges that is flexible compared with

carbon fiber, and by using a “serrated” design with many small wedges instead of a single,

continuous wedge. Future versions of the PFF should account for the observed reduction in

coupling ratio compared with the ratio calculated using the simple approximation.

It should also be noted that the principle underlying the linear coupling between sagittal-

plane rotation and transverse-plane rotation could be extended to provide nonlinear coupling

between the axes. In the PFF, a constant cross-sectional rotation angle was used to provide

linear coupling. Nonlinear coupling could be achieved by using a variable cross-sectional

rotation angle, at the cost of adding significant design complexity.
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Chapter 8

CONCLUSIONS AND FUTURE WORK

This chapter summarizes the work presented in this dissertation and provides suggestions

for future work in this area. The four primary contributions of the dissertation are: 1) devel-

opment of a general-purpose powered prosthetic device, the TAP, to control transverse-plane

ankle rotation, 2) use of the TAP to develop a control strategy to reduce shank torque in

transtibial amputees, 3) human subject testing of the axis-coupling scheme, and 4) develop-

ment of a prototype passive prosthesis that provides coupling between ankle sagittal-plane

rotation and transverse-plane rotation.

8.1 Development of the TAP

The TAP is an untethered series elastic actuator for conducting laboratory tests on the

transverse-plane rotation of lower-limb prostheses. It provides several important features

for laboratory tests: torque measurement and feedback, rotation measurement, sagittal-

plane ankle rotation measurement, real-time wireless data display, and wireless configuration.

These features allow smooth test operation, and include the possibility of testing outside the

lab and even outdoors.

The TAP is able to provide a wide range of different behaviors for investigating transverse-

plane rotation in prosthetic ankles. During the course of this work, the TAP has been

configured to: 1) simulate both linear and nonlinear passive springs, 2) act like a stiff spring

with an equilibrium rotation adjusted by an iterative controller attempting to flatten the

torque profile during stance, and 3) act like a stiff spring with an equilibrium rotation

proportional to sagittal-plane ankle rotation. For these configurations, sagittal-plane ankle

rotation and stance/swing detection were the only inputs used to control the behavior of
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the TAP. For other investigations, other inputs could be used, such as a pressure insole, an

axial force transducer, or even a camera or ultrasound ranging system. These types of inputs

would allow the TAP to respond dynamically to changes in the user’s gait or environment,

but would likely be more difficult to incorporate in a commercially viable device.

A design feature of the TAP with important implications is the backdriveable harmonic

drive gearbox. The harmonic drive has zero backlash due to having many concurrently

meshing teeth, and is more efficient than backdriveable gearboxes. The primary reason the

harmonic drive was selected is because it has about one third the mass of a conventional

gearbox rated to the same torque, and is also more compact. However, the backdrivability

means that the device is free to rotate when it is unpowered, making walking on the unpow-

ered device uncomfortable and dangerous. Active prostheses are typically design to be stiff

when unpowered. Designing a hard stop for the TAP would improve safety of the device

at the cost of extra weight. The TAP software used in the axis-coupling human subjects

incorporated a software rotation limit (i.e. “soft stop”), but this is not active before the

device is powered on or if the battery dies or the device has a power failure. Human subject

testing has demonstrated that laboratory testing can be conducted safely with a backdrive-

able gearbox and no hard stop. However, if future versions of the TAP are designed, the

tradeoff between weight and size and operational safety should be reevaluated when selecting

a drive system.

8.2 Development of Torque Reduction Strategy

An iterative controller was developed and tested on two human subjects. The target of

the iterative controller was to flatten the shank torque profile during stance so that the

shank torque was constant during stance. The failure of the iterative controller to converge

indicates that a constant shank torque profile during stance is not a feasible target. In

particular, the shank torque during early stance is insensitive to transverse-plane rotation.

However, the results of human subject testing with the iterative controller suggested that

a linear coupling between transverse-plane rotation and sagittal-plane rotation could reduce
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the peak shank torque. Further human subject testing confirmed the viability of this torque

reduction strategy.

The iterative controller could also be used to explore other targets for the shank torque

profile during stance. An obvious target is the average shank torque profile of nonamputees.

Using this target would increase shank torque during stance. Although the shank torque

would be more similar to that of a nonamputee, this target is probably not appropriate for

amputees because of the unique interface between the socket and the residual limb that is

not present in nonamputees.

8.3 Human Subject Testing

Three human subjects tested the TAP configured to couple ankle transverse-plane rotation to

sagittal-plane rotation at ratios ranging from 0 to 1:2. A clear, statistically significant trend

toward decreasing shank torque with increasing coupling ratio was shown despite the low

number of subjects. The size of the torque reduction at a coupling ratio of 1:4 is comparable

to the torque reduction caused by the use of torsion adapters. While peak torque is reduced

at high coupling ratios, the torque during the first 30% of stance is not changed much.

Voluntary subjective feedback from the three subjects indicates that the preferred coupling

ratio is around 1:4 or 1:3, and that 1:2 is considered “too much”.

Results indicate that amputees walk slower at higher values of coupling ratio, particularly

when the prosthesis was on the inside of a turn. However, this may be because the subjects

felt less comfortable with the unfamiliar behavior of the device. A longer acclimation period

would be beneficial to determine whether the decrease in walking speed is present after the

subject becomes accustomed to the axis coupling. Providing a longer acclimation peiod was

not feasible with the TAP because it is limited to laboratory use. However, a passive device

such as the PFF could be worn home by a subject during a multi-week acclimation period.

Some trends toward decreasing hip work with increasing coupling ratio were observed,

but the low number of subjects makes these results inconclusive. Future testing should

be performed on more subjects to allow small and medium-sized effects to be observed.
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Additionally, future testing should include subjects with amputations caused by vascular

disease, which is the primary cause of transtibial amputations in the United States. The

axis-coupling scheme could also provide increased transverse-plane rotation and a reduction

in socket torque for transfemoral amputees. The research should be extended to include

transfemoral amputees.

8.4 Development of the PFF

The TAP is a useful tool for studying transverse-plane ankle rotation in amputees in a lab-

oratory setting, but is poorly suited for commercialization or even for tests by amputees

during daily living. Since the end goal of this research is a product that can improve the

lives of amputees, the research was conducted with commercialization in mind. The structure

of the iterative controller was designed to give a transverse-plane rotation profile that could

be passively driven by sagittal-plane ankle rotation. The identified relationship between

transverse-plane rotation and sagittal-plane rotation was linear, allowing it to be imple-

mented with a prosthetic foot very similar to commercially available prosthetic feet but with

a rotated cross-section.

The PFF was designed, built, and tested to demonstrate the technical feasibility and

commercial viability of coupling transverse-plane rotation with sagittal-plane rotation in a

passive prosthetic foot. The PFF was built using materials and processes that are already

in use for commercially available prosthetic feet. A commercial foot based on the PFF could

be manufactured for approximately the same cost as a conventional carbon-fiber prosthetic

foot. There are two additional elements in the PFF that would raise the manufacturing cost

slightly. The first is the more complex structure required at the interface to the pyramid

adapter. Second, the PFF needs some provision to make the bottom of the foot rest flat on

the ground. The PFF uses polycarbonate wedges glued to the bottom of the foot for this

purpose.

The PFF that was built as a technology demonstrator is much stiffer than the design

stiffness, making it unsuitable for human subject testing. This is in large part because of
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poor thickness control due to using a one-sided mold. A full mold would better constrain

the geometry but would be much more difficult and expensive to build. The single-sided

mold has the advantages that it can be used to make feet of different thickness and therefore

different stiffness categories, and that it can be used to make both left and right feet. It

could also be used to make feet of different sizes in a small range, with minor differences

in geometry. The one-sided mold is a suitable technique for making a small batch of 4-8

feet in both sides and different sizes and stiffness categories that would be required for a

research study using the PFF. It may also be useful to create some “uncoupled” feet with

no cross-section rotation using the same mold. These feet could be used as control feet with

sagittal-plane behavior very similar to the PFF.

The two prostheses presented in this dissertation serve different and complimentary pur-

poses. The TAP is a general-purpose testbed for exploring transverse-plane rotation schemes

in the laboratory environment. Using the TAP to reduce shank torque led to the devel-

opment of the PFF, a passive prosthetic foot that couples transverse-plane rotation with

sagittal-plane rotation. The PFF is a proof-of-concept of a technology that could be incor-

porated into commercial prostheses to provide increased transverse-plane ankle rotation and

decreased shank torque to lower-limb amputees.
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