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final para hacer esto. Gracias por todo lo que has hecho por mi. No podr̀ıa completar este

viaje sin ti.

April 2018

vii



VIRTUAL CONSTRAINT CONTROL OF POWERED PROSTHETIC LEGS:

UNIFYING THE GAIT CYCLE

David Quintero, PhD
The University of Texas at Dallas, 2018

Supervising Professor: Robert D. Gregg, IV, Chair

The lower limb amputee population is gradually increasing, primarily due to complications

from vascular diseases. The vast majority of lower limb amputees use mechanically passive

prosthetic legs, which are unable to provide energy input at the joints and can only dissipate

energy during locomotion. To improve amputee gait, powered prosthetic legs are in develop-

ment. Several control methods have been proposed for these devices, but almost all of them

divide the gait cycle into multiple, sequential periods with different controllers. This results

in many patient-specific control parameters and switching rules that must be tuned for a

specific ambulation mode, such as a desired walking speed or slope. The different periods of

gait could potentially be unified over the entire gait cycle by virtual kinematic constraints

that are enforced using a torque control scheme. The prosthetic control method proposed as

part of this dissertation work unifies the different periods of gait through virtual constraints

that are driven by a human-inspired phase variable. A phase variable is a kinematic quantity

corresponding to an unactuated degree of freedom that evolves monotonically during steady

walking, thus representing the progression through the gait cycle. The unified controller was

designed systematically by method of virtual constraints, which was implemented within an

amputee biped walker model for different walking speeds. To validate this control strategy

even further, a powered knee-ankle prosthesis was designed and built during the course of
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this dissertation work for experimental validation. The mechanical design and real-time

control of the powered prosthesis is presented. Experiments were conducted with multiple

above-knee amputee subjects walking across various speeds and inclines, while no control

parameters were tuned. This verified that our unified control scheme can work seamlessly

and efficiently for multiple amputee users, and also, for different ambulation modes without

retuning the controller. Furthermore, this work has taken a step forward to providing a

solution of the technical challenges for powered knee-ankle prostheses to be used in a clin-

ical setting. An intuitive clinical user interface was developed for clinicians to change the

prosthesis control based on their clinical insight and expertise. We performed a case study

with a clinician adjusting the virtual constraint design on the prosthesis, which resulted in

improvement of the amputee’s gait symmetry using our control strategy.
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both the unified DFT and piecewise Bézier controllers during steady-state walking
with mixed speeds. The normal matched speed error is also shown for comparison.
Both controllers have similar error at the start of the stance period (phase variable
near 0), but the DFT controller has significantly less error at the start of the swing
period (phase variable near 0.5). Note: N-S = normal walking (prosthesis) and
slow walking (human), N-N = normal walking (prosthesis) and normal walking
(human), and N-F = normal walking (prosthesis) and fast walking (human). . . 27

xiii



2.6 The simulated torques of the prosthetic knee (left) and ankle (right) for the
mixed case of the human at slow speed and the prosthesis at normal speed with
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CHAPTER 1

INTRODUCTION

The United States of America (USA) has a higher rate of lower extremity amputations

compared to other developed countries [90]. In fact, the number of lower limb amputations

is expected to increase in the USA to 58,000 per year by 2030 [21]. Dysvascular disease,

either by atherosclerosis or with diabetes, is a systematic disease and increases more for

older population [13]. About 64% of the amputees from this older population (65 years

or older) were amputated from having these dysvascular diseases [127]. Two main types

of lower limb amputees are transfemoral (above-knee) and transtibial (below-knee). Nearly

all use a non-powered, mechanically passive prosthesis for daily locomotion activities. In

general, when using a passive prosthesis the lower limb amputee gait is less stable [68] and

requires more metabolic energy than able-bodied gait [24]. This limits an amputee’s ability

to efficiently perform various ambulation modes, such as walking at variable speeds or on

slopes. Furthermore, the biomechanical compensations required to walk with these passive

devices generally cause joint discomfort and back pain during daily usage [101, 96, 88].

A lower limb prosthesis that provides input power at the joints from a powered actuation

system could potentially restore the biomechanical function of the missing leg muscles. This

could enable improved amputee gait for a variety of daily activities, such as walking at

variable speeds more efficiently. Fortunately, powered prosthetic legs are in development

[109, 80]. These powered devices require highly sophisticated control strategies, particularly

for multi-joint legs, to perform various activities in a natural and safe manner [109]. Generally

these control schemes are designed for specific ambulation modes (e.g., level ground walking,

ramp ascent/descent, stair ascent/descent, etc.), where the controller needs to be retuned

per amputee subject. Furthermore, the majority of the controllers currently in development

have a time-variant control scheme, where they consist of multiple controllers along the gait

cycle with switching rules between them. When perturbed, this control approach could
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switch to the wrong state and use the wrong controller, which may increase an amputee’s

risk of falling. This dissertation work will explore using a continuous phase-based controller

that is unified over the gait cycle and the advantages and disadvantages it has performing

different locomotion tasks.

1.1 Background of Prosthetic Leg Technology

The evolution of lower extremity prosthesis technology dates back to the 19th century. The

aftermath from the American Civil War produced a large number of amputees, which in-

creased the demand for prosthetic devices. A confederate soldier named James E. Hanger,

who was one of the first reported amputees of the war who later created his own prosthesis

known as the Hanger Limb [41]. This prosthesis was manufactured from barrel staves and

metal that featured hinged joints at the knee and ankle (Fig. 1.1) [5]. In the 1970’s, the

design scope of a lower limb prosthesis focused on reducing mechanical friction of the com-

ponents and allowing the task of walking less straining for the user during gait. This carried

forward in the 1990’s as prosthetic legs were designed from lighter metallic materials and

composites. Majority of prosthetic knee systems were a single hinge joint mechanical design

(Fig. 1.2) [74]. The prosthetic ankle-foot generally consisted of a non-articulated foot, such

as the Solid-Ankle Cushioned Heel (SACH) Foot [103]. The prosthetic foot was molded from

neoprene or urethane that made it light with minimal energy release for propulsion.

From the late 1990’s to today prosthetic legs became much lighter, made of plastic,

aluminum and composite materials to provide amputees more functionality for prosthetic

devices. The release of a microprocessor knee provided above-knee amputees more capability

to mimic the movements of the knee for more of a natural looking gait. The microprocessor

knee has a pneumatic/hydraulic cylinder to add resistance to the joint, while software and

sensors are used to adjust the damping of the knee joint depending where the amputee is along

the gait. During the stance period, the knee joint has resistance increased to restrict flexion,
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while during the swing period resistance is lowered to allow knee flexion and extension for

ground clearance until the next heel strike. One of the most popular microprocessor knees

is the Ottobock C-Leg (Fig. 1.3) [73]. The prosthetic ankle-foot has advanced from new

materials with using carbon fiber springs to store and release energy as the foot transitions

towards push-off. The longer the carbon fiber foot is the more energy it can store that can

increase foot propulsion during push-off. A common prosthetic ankle-foot is the Freedom

Innovations Sierra [22].

In general, commercially available prostheses have difficulty in performing various am-

bulation modes. Inclines and stairs are challenging to perform, particularly stairs as an

amputee tends to go step by step, one stair at a time. Similarly for inclines of ramp ascent,

the knee would collapse due to the body weight of the individual. The underlying issue is

the knee and ankle joints do not provide active power to perform biomechanical functions

for different ambulation modes. This encourages current and future development of powered

prosthesis to improve amputee’s quality of life [27].

Lower limb powered prostheses can consist of an active power ankle only, knee only, or

both knee and ankle. Actuator designs can vary from planetary gears, linear ball screws,

timing belts, harmonic drives, etc. with brushless direct current (BLDC) motors [80]. There

are knee prostheses that use a hybrid design approach by a spring between a motor and a

linear ball screw known as a Series Elastic Actuator (SEA) [82] with a clutch transmission

[93]. It provides the advantage of the SEA to store energy in a spring and reduce motor peak

torque, while the clutch produced low electric power consumption from the motor while still

providing the necessary reaction torque. There are ankle prostheses that use SEA design as

well [6, 8]. For a multi-joint (knee-ankle) prosthesis, Vanderbilt University has designed a

family of knee-ankle prostheses, with their most recent version shown in Fig. 1.4 [58]. Other

institutions have developed powered knee-ankle prostheses with different actuation systems

for transfemoral amputees [23, 81, 117]. The main design objective is to mimic the muscle
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activation produced about the joints of an intact leg. However, these prostheses likely require

sophisticated control strategies to reject disturbances and allow amputees to ambulate in a

natural and safe manner [109].

Figure 1.1.
Hanger
Limb [1]

Figure 1.2.
Mechanical
Above-
Knee
Prosthesis
[74]

Figure 1.3.
Ottobock
C-Leg [73]

Figure 1.4.
Vanderbilt
Leg [91]

1.2 Control Strategies for Powered Prosthetics

Powered prosthetic legs that provide actuation at the joints could potentially improve am-

putee gait. To date, there have been several control methods implemented on actuated lower

limb prostheses. The study of biomechanics classifies human gait into specific intervals over

the gait stride (e.g., heel strike, midstance, toe off, etc.) [77]. Generally, powered prosthesis

controllers mimic this ideology by using a different controller for each period of gait based on
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predefined transition criteria. In the most common approach, a finite state machine switches

between joint impedance controllers based on the period of gait [104, 18, 6, 18, 108]. However,

the Proportional-Derivative (PD) gains and switching rules for each period must be carefully

tuned for each user and activity, such as ascending/descending ramps [105] or stairs [59].

These multiple controllers with many control parameters can potentially require hours of

tuning to adapt a powered prosthetic leg for just a single lower limb amputee [100]. Another

impedance-based approach is to encode artificial reflexes from a neuromuscular model in the

controller [6]. This method still requires a finite state machine to adjust the control policy

or parameters depending on the gait period. In considering safety, finite state machines can

also end up in the wrong state after a perturbation, resulting in unexpected leg behavior

that can lead to a fall.

These different periods of gait could potentially be unified by virtual kinematic constraints

that are enforced using a torque control scheme [115, 102, 64, 89, 10, 40, 69, 125, 39, 32,

61, 63]. Virtual constraints typically define desired joint trajectories as polynomial functions

of a mechanical phasing variable. A phase variable is a time-invariant, kinematic quantity

corresponding to an unactuated degree of freedom that evolves monotonically during steady

walking, thus representing the progression through the gait cycle. This phase-based control

method was originally developed to control underactuated bipedal robots, such as MABEL

[102], ERNIE [64], and ATRIAS [89]. If the biped is pushed forward (or backward), the

phase variable increases (or decreases), which in turn speeds up (or slows down) the step.

The controller is therefore able to automatically react to disturbances, which increases the

robustness of the gait. This would be advantageous for a prosthesis controller by allowing the

prosthesis to react to disturbances in a predictable manner that may resemble the response

of a human leg [33, 113].

Previous work at the Rehabilitation Institute of Chicago developed a virtual constraint

controller for a transfemoral (above-knee) powered prosthesis that used the center of pressure
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(COP) as the phase variable during the stance period [34, 32, 31]. Because the COP is only

defined during stance, the prosthesis switched to a sequential impedance-based controller

during swing. Recently, the virtual constraint control method was extended to the swing

period of the prosthesis, although separate controllers were still defined for the stance and

swing periods [61]. This dissertation extends powered prosthesis phase-based control even

further by designing virtual constraints that are unified for continuous control over the entire

gait cycle.

1.3 Dissertation Outline

This dissertation covers multiple stages of a research investigation from design and control of

a powered prosthesis to experimentation and verification of the theoretical work. Chapter 2

discusses the theoretical derivation of the prosthesis controller and validation in simulation.

Furthermore, a background information is given for the methods of virtual constraints used

in bipedal robots and how the control strategy can be applicable for powered prosthesis. The

design of virtual constraints unified over gait for a powered prosthesis is validated using a

amputee biped model simulator to show stability with human interaction disturbance from

varying speeds. Moreover, the unified controller is compared with a piecewise controller used

in biped walkers. Chapter 3 describes the design and control implementation of The Univer-

sity of Texas at Dallas (UTD) first generation powered prosthesis. Design requirements are

presented to meet able-bodied normal walking conditions from both a kinematic and kinetic

standpoint. The real-time control system is also described to explain the phase-based control

and its implementation with only onboard sensors. Then a discussion of a control approach

when performing non-rhythmic movement when using the powered prosthesis. Chapter 4

provides the experimental results for both able-bodied and amputee subjects. A series of

tests were performed over treadmill that consist of different ambulation modes between var-

ious speeds and slopes. The test results will demonstrate the powered prosthesis using our
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unified control approach allow subjects to ambulate in a similar manner to healthy able-

bodied subject, while requiring minimal control tuning. Chapter 5 shows a clinical user

interface designed to allow clinicians in adjusting the prosthesis’ virtual constraints for both

knee and ankle based on their own professional expertise. This provides the capability of

a multi-joint powered prosthesis to be used in a clinical setting with our control scheme.

Chapter 6 gives a conclusion of this dissertation effort and suggests future work to continue

the research of unified control for powered prostheses.
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CHAPTER 2

PROSTHESIS UNIFIED PHASE-BASED CONTROL DESIGN AND

SIMULATION

Control theory research of biped robots has been performed over numerous decades since

the early 1960s. Biped robots can be considered as biomimetic systems, where their purpose

is to imitate human locomotion. They are meant to ambulate over level ground, rough ter-

rain, ramps, stairs, etc. Several control strategies have been implemented for biped robot

locomotion for those various ambulation scenarios. Two main categories for implementing

bipedal locomotion control can be categorized as either time-variant or time-invariant con-

trol. The method of virtual constraints for biped robots is a time-invariant, phase-based

control strategy that has produced stable walking and running with the use of a mechanical

variable also known as a phase variable. Biped robots can continuously progress over gait

with parametric functions over a phase variable for each joint to produce locomotion. This

emerging control technology from the biped robot community can have advantages for use

in lower limb prosthetics to replicate the biomimetic behavior for an amputee’s gait.

The method of virtual constraints for biped robots will be discussed in Section 2.1.

Then Section 2.2 will derive the design of virtual constraints for the purpose of controlling

a powered knee-ankle prosthesis unified over the gait cycle. This provides a novel control

strategy for amputee locomotion, which is the baseline control scheme of this dissertation

work. Section 2.3 derives transfemoral amputee biped model used in simulation and applying

feedback linearization to the output function for each joint, which is implemented in the biped

simulation model. An investigation of the unified control approach versus an established

virtual constraint method (i.e., Hybrid Zero Dynamics) is also evaluated to understand the

validity of this method for powered prosthesis control.
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2.1 Method of Virtual Constraints in Biped Robots

The method of virtual constraints is a time-invariant, feedback control technique that incor-

porates synchronization of kinematic motion constraints on a system instead of relying on

hardware or physical constraints, such as complicated coupling of linkages [115]. The feed-

back controllers are based on the system’s state variables in which virtual constraints are

defined as output functions to synchronize the motion of the joints that are driven towards

zero in the form of

yi = qi − hdi (ϕi(qi)), (2.1)

where qi is the generalized coordinates, hdi is the desired functions for the generalized co-

ordinates, and ϕi(qi) is parameterized variable that the virtual constraint is constrained.

The variable ϕi(qi) is a function of the system states, which is known as the phase variable.

The phase variable is a time-invariant, kinematic quantity that captures the motion of an

unactuated degree of freedom and monotonically increases during stride. Designing virtual

constraints for a biped robot, the progression of the biped through the stride is driven by the

phase variable. If the biped is pushed forward (or backward), the phase variable increases (or

decreases), which in turn speeds up (or slows down) the joint patterns. It is advantageous

of applying virtual constraints for biped walking as the kinematics are parameterized over

phase and not time.

Virtual constraints for biped robots are currently defined in a piecewise manner, separated

by stance-to-swing transitions. These transitions are typically modeled as discontinuous

impact events, which are considered when designing the piecewise virtual constraints. The

method of Hybrid Zero Dynamics (HZD) encodes joint trajectories into polynomial functions

that are invariant to these impact events (i.e., hybrid invariant), allowing a restriction of the

hybrid dynamical system to the lower-dimensional HZD for stability analysis [115]. For a

biped robot having sensory information and control actuation for both legs and at the hip,
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experimental implementation in biped robots such as RABBIT, MABEL, and ATRIAS have

been proven successful [12, 102, 89]. However, the control architecture generally switches

among event-based of individual controllers that can lead to stability issues from unexpected

disturbances [55, 75, 118]. Applying these control techniques for powered prosthetics with

humans in the loop, these individual controllers over the gait cycle can potentially lead to

fails. Therefore, designing virtual constraint controllers with entire unification of the gait

cycle can potentially reduce the risk of unwanted behavior response as compared to switching

between different controllers.

2.2 Unified Virtual Constraint Control1

Partial unification of the gait cycle and its provable stability properties have motivated recent

work in virtual constraint control of powered prosthetic legs [32, 61, 63], which similarly

define separate controllers for the stance and swing periods. Humans move in a smooth,

continuous manner over a periodic gait cycle. This smooth periodicity is lost across the

discrete transitions of a finite state machine, even one that separates only stance and swing.

To enable better control of powered prostheses, we propose a new class of virtual constraints

that continuously parameterize periodic joint patterns is proposed based on the Discrete

Fourier Transformation (DFT) [72]. These virtual constraints are defined from reduced-order

frequency representations of the desired joint trajectories. Piecewise HZD polynomials for

the knee and ankle are converted into unified DFT functions to leverage the provable stability

properties of HZD while respecting the continuous, periodic nature of human walking. The

DFT virtual constraints unify prosthetic control within the gait cycle and across gait cycles

by repeating periodically over the phase variable.

1 c© 2018 IEEE. Reprinted, with permission, from D. Quintero, A. E. Martin, and R. D. Gregg, Toward
Unified Control of a Powered Prosthetic Leg: A Simulation Study, IEEE Transactions on Control Systems
Technology (TCST), 2018.
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Previous attempts at a phase-based control of powered prosthetic and orthotic devices

have used data-driven joint patterns and/or a single actuator. The powered prosthetic ankle

in [45] tracks able-bodied human data as a function of a tibia-based phase angle throughout

the gait cycle. Our approach differs by defining a torque control law to enforce HZD-

inspired virtual constraints, which are easily generated for multiple joints and tasks with

provable stability properties [115, 61, 63]. The hip exoskeleton in [53] uses a phase variable

to determine when to inject or dissipate energy in the gait cycle, which may not be sufficient

to replicate joint kinematics in a prosthesis application. In contrast, virtual constraints

produce the desired kinematics in the absence of biological limb motion.

In general, virtual constraints are time-invariant and depend on a phase variable that

is unactuated and monotonic [115]. We require the phase variable to be monotonic over

the complete stride in order to parameterize a joint’s complete kinematic pattern. For this

work, the phase variable was chosen as the horizontal hip position qx (see Fig. 2.1) measured

relative to a coordinate frame created at the impact transition from human contralateral

stance to prosthesis stance. Other options for the phase variable could also be considered in

this framework [113, 112]. For convenience the phase variable θP (qP ) = qx was normalized

between 0 and 1 using

sP (θP (qP )) =
θP − θ+

P

θ−P − θ
+
P

, (2.2)

where the ‘+’ signifies the start of the stance period for the prosthetic leg and the ‘−’

indicates the end of its swing period. The variable sP is equivalent representation to the

phase variable ϕi defined in the general form from Eq. 2.1.

Taking advantage of the periodic kinematics observed in human gait [116], the method of

DFT can be used to define a unified virtual constraint for each joint. Let x[n] be a discrete

signal representing N equally spaced samples of a desired joint trajectory over the phase

variable. The DFT is a linear transformation of x[n] into its discrete frequency components

X[k] =
N−1∑
n=0

x[n]W kn
N , k = 0, 1, ..., N − 1 (2.3)
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where WN = e−j(2π/N) [72]. Because the signal x[n] is periodic, there are a finite number of

discrete frequencies. This signal can then be reconstructed using Fourier Interpolation:

x[n] =
1

N

N−1∑
k=0

X[k]W−kn
N , n = 0, 1, ..., N − 1, (2.4)

where X[k] = Re{X[k]} + j Im{X[k]} and W−kn
N = Re{W−kn

N } + j Im{W−kn
N } in standard

complex form. Because the joint kinematic signals are real numbers, only the real part of

x[n] remains after substitution of X[k] and W−kn
N in Eq. 2.4 (see [72]). Moreover, the signal

reconstruction only requires frequency terms from k = 0 to N/2 (the Nyquist sampling

frequency), beyond which the magnitudes of X[k] and X[N − k] are equal. This results in

the following exact representation of the original sampled joint trajectory:

x[n] =
1

2
α0 +

N
2
−1∑

k=1

[
αk Re{W−kn

N } − βk Im{W−kn
N }

]
+

1

2
αN

2
Re{W−N

2
n

N }, n = 0, 1, ..., N − 1, (2.5)

where αk = 2 Re{X[k]} ∈ R and βk = 2 Im{X[k]} ∈ R are the scalar coefficients based on

the original signal.

The Fourier Interpolation in Eq. 2.5 is used to parameterize the trajectory function hdP

in Eq. 2.11 for the entire stride. After computing the coefficients αk and βk from a desired

joint trajectory (to be specified later), Eq. 2.5 is expressed as a summation of sinusoids using

Euler’s relationship (e±jΩ = cos Ω± j sin Ω) in WN to obtain

hdP (sP ) =
1

2
α0 +

1

2
αN

2
cos(πNsP ) +

K∑
k=1

[
αk cos(ΩksP )− βk sin(ΩksP )

]
, (2.6)

where Ωk = 2πk and K is the total number of frequencies (up to N/2) used to parameterize

the virtual constraint. Eq. 2.6 hdP is inserted into Eq. 2.1 to define the virtual constraint

output and it is unified over the gait cycle from the declared phase variable sP as control for

a powered prosthesis. Because Eq. 2.6 is composed of sine and cosine functions, the resulting

virtual constraints are inherently periodic across the phase variable with a period of one.
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2.3 Prosthesis Control for an Amputee Biped Model2

To validate the control approach using unified virtual constraints an amputee biped model

was utilized. A rigid, multi-link biped model is derived, where the equation of motions

aid in incorporating the nonlinear control technique of partial feedback linearization. Then

an investigation on the method of virtual constraints by DFT versus piecewise HZD con-

trol using Bézier is compared to evaluate their advantages and disadvantage between them.

Lastly, biped simulation results is described using these control approaches to understand

the outcome and their significance for prosthesis control. Both matched and mixed walking

speed controllers between the prosthesis and the human intact leg is simulated to act as a

form of perturbation to the biped walker. Stability analysis is characterized using Poincaré

section. A realistic control law to the prosthesis using an impedance controller is performed

to simulate actual implementation of the control strategy to the physical system.

2.3.1 Amputee Biped Model

Consider the case of a unilateral, transfemoral amputee walking with a powered knee-ankle

prosthesis. The planar biped model (Fig. 2.1) consists of seven leg segments plus a point

mass at the hip to represent the upper body as in [61, 63]. The thigh and shank segments

are modeled using rigid links with mass and inertia. Model parameters are given in [63]. The

full model is divided into a prosthesis subsystem consisting of the prosthetic thigh, shank,

and foot, and a human subsystem consisting of the contralateral thigh, shank, and foot, the

residual thigh on the amputated side, and the point mass at the hip. It is assumed that

the prosthetic thigh and residual human thigh are rigidly attached, so the interaction forces

between them are equal and opposite. Rather than model all of the contact phases and

2 c© 2018 IEEE. Reprinted, with permission, from D. Quintero, A. E. Martin, and R. D. Gregg, Toward
Unified Control of a Powered Prosthetic Leg: A Simulation Study, IEEE Transactions on Control Systems
Technology (TCST), 2018.
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Figure 2.1. Schematic of the unilateral, transfemoral amputee model [61]. The prosthesis is
shown in black and the human segments is shown in gray. The generalized coordinates used
in the model are indicated with q terms. Angle q1 is unactuated and angles q2−6 have ideal
actuators.3

degrees of freedom of the foot, the function of the foot and ankle is modeled continuously

using a circular foot [43, 42] plus an ankle joint to capture the stance ankle’s positive work

[65]. This foot model assumes rolling point contact, about which there is zero moment,

so the ground reaction forces only contain tangential and normal components. Moreover,

because the foot rolls without slip, the absolute angle q1 is unactuated.

To describe the position and velocity of the biped, each subsystem has its own set of

generalized coordinates. The configuration of each subsystem is described by the unactuated

angle q1, the Cartesian coordinates (qx, qy) of the hip, and the relative angles of the actuated

joints. The actuated joint angles for the entire biped are q2 to q6. Thus, the generalized

coordinates are qP = [q1, q2, q3, qx, qy]
T for the prosthesis and qH = [q1, q4, q5, q6, qx, qy]

T for

3 c© 2015 IEEE. Reprinted, with permission, from A. E. Martin and R. D. Gregg, Hybrid Invariance and
Stability of a Feedback Linearizing Controller for Powered Prostheses, American Control Conference (ACC),
2015.
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the human. Moreover, ideal actuators produce joint torques uP = [u2, u3]T for the prosthesis

and uH = [u4, u5, u6]T for the human.

For simulation, a stride starts just after the transition from contralateral stance to pros-

thesis stance and proceeds through the prosthesis stance period, an impact event, the con-

tralateral stance period, and a second impact. The two stance periods can be modeled with

continuous, second-order differential equations, and the two impact periods can be modeled

using an algebraic mapping that relates the state of the biped at the instant before impact

to the state of the biped after impact.

The equations of motion during the single-support period for each subsystem can written

as [61, 63]

Miq̈i + Ciq̇i +Ni − ET
i Gi = Biui + JTi F, (2.7)

where subscript i indicates the subsystem (P for the prosthesis and H for the human), qi

are the subsystem coordinates, Mi is the inertia matrix, Ci is the matrix containing the cen-

tripetal and Coriolis terms, Ni contains the gravity terms, Ei is a contact constraint matrix,

Gi is the two-dimensional vector of the ground reaction forces, Bi relates the input torques to

the generalized coordinates, Ji is the Jacobian matrix relating the socket interaction forces

to the generalized coordinates, and F is the three-dimensional vector of interaction forces.

Solving for q̈i from the equations of motion (Eq. 2.7) gives

q̈i = M−1
i (−Ciq̇i −Ni) +M−1

i Biui +M−1
i JTi F

+M−1
i ET

i Gi. (2.8)

Eq. 2.8 can also be written as a first-order state-space realization of the nonlinear system:

ẋi = fi(xi) + gi(xi)ui + pi(xi)F + ri(xi)Gi, (2.9)

where

xi =

 qi

q̇i

 , fi(x) =

 q̇i

−M−1
i (Ciq̇i +Ni)

 ,
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gi(x) =

 0

M−1
i Bi

 , pi(x) =

 0

M−1
i JTi

 ,
ri(x) =

 0

M−1
i ET

i

 .
The generalized coordinates xi are the states for the first-order nonlinear system (Eq. 2.9)

with fi(x), gi(x), pi(x) and ri(x) as the vector field functions defining the full dynamic

system.

The impacts can be modeled using equations of the form

q+
i = q−i , q̇+

i = Aiq̇
−
i + ΛiF, (2.10)

where F is the socket interaction impulse that depends on the pre-impact state of both

subsystems, and Ai and Λi are known matrices [61]. The superscripts ‘−’ and ‘+’ refers to

the instants before and after impact, respectively.

2.3.2 Partial Feedback Linearization for a Powered Prosthesis

Virtual constraints encode the desired motions of actuated variables in output functions to

be zeroed through control [115]:

yij = hij(qi) = H0iqi − hdij(θi(qi)), (2.11)

where hij is a vector-valued function to be zeroed, H0i is a matrix that maps the generalized

coordinates to the actuated angles, hdij is a vector-valued function of the desired joint angles

(specifically the prosthetic knee q2 and ankle q3), and θi is the phase variable. The subscript

j indicates which leg is in stance, with P indicating that the prosthesis is in stance and C

indicating that the contralateral/human leg is in stance (and that the prosthesis is in swing).

For the human, a separate output function is defined for the prosthesis single-support period
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and for the contralateral single-support period, and hdHj is encoded using polynomials as in

[61]. For the prosthesis, a single, unified output function hP is defined for the entire stride,

i.e., both the stance and swing periods of the prosthesis.

Various torque control methods can be utilized to regulate virtual constraint outputs.

Bipedal robots typically enforce virtual constraints using partial (i.e., input-output) feed-

back linearization [115], which has appealing theoretical properties including exponential

convergence [50], reduced-order stability analysis [115], and robustness to model errors [102].

For most of this simulation study, both the prosthesis and the human are controlled using

feedback linearization [61, 32]. Note, however, that the prosthesis controller does not depend

on the form of the human controller.

The first step in deriving the feedback linearizing controller is differentiating Eq. 2.11

twice and substituting in the equations of motion (Eq. 2.7) for q̈i to obtain the output

dynamics [61]

ÿij = L2
fi
hij + LgiLfihij · ui + LpiLfihij · F + LriLfihij ·Gi, (2.12)

where Lie derivative notation [50] has been used.4 These terms are given by

L2
fi
hij =

∂

∂qi

(
∂hij
∂qi

q̇i

)
q̇i −

∂hij
∂qi

M−1
i (Ciq̇i +Ni),

LgiLfihij =
∂hij
∂qi

M−1
i Bi, LpiLfihij =

∂hij
∂qi

M−1
i JTi

LriLfihij =
∂hij
∂qi

M−1
i ET

i .

The nonlinearities in the output dynamics are canceled by setting the desired output dy-

namics to ÿij = vij, for some PD controller vij, and solving for the required input torques:

uij = αij + βij · F + γij ·Gi, (2.13)

4A Lie derivative Lfh := ∇xh · f represents the change of a function h(x) along a vector field f(x). A
second-order Lie derivative L2

fh = ∇x(Lfh) · f .
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where F and Gi are known through measurement, and

αij = [LgiLfihij]
−1(vij − L2

fi
hij),

βij = −[LgiLfihij]
−1 · LpiLfihij,

γij = −[LgiLfihij]
−1 · LriLfihij.

The control law (Eq. 2.13) depends on the stance leg (indicated by j) only through the output

function hij. The human controller uHj will utilize different output functions between stance

and swing according to [61]. However, for the prosthesis we will utilize a single output

function hP that does not change between stance and swing. Thus, we can define a unified

control law for the prosthesis:

uP = αP + βP · F + γP ·GP . (2.14)

It can be difficult to accurately measure the interaction forces F and the ground reaction

forcesGP as well as accurately model the αP/βP/γP terms for the prosthesis, which may make

implementing feedback linearization challenging. An alternative control approach is a linear

output PD controller that does not require these modeling terms or force measurements,

possibly at the cost of tracking accuracy [32]. In particular, we can approximate the desired

feedback linearization by directly generating control torques with the linear input vP used

in Eq. 2.14. This input is usually defined as an output PD control law, which when used on

its own can be interpreted as joint impedance control:

uimp = −Kp(H0P qP − hdP (sP ))−Kd(H0P q̇P − ḣdP (sP )), (2.15)

where Kp and Kd are gains to control stiffness and damping, respectively. Section 2.3.4 will

display that this control law (Eq. 2.15) can reasonably enforce the unified virtual constraints

with a proper choice of PD gains.
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2.3.3 Perspective of Piecewise HZD vs Unified Virtual Constraints

The previous section shows how to encode a given trajectory into a unified virtual constraint

but not how to design such a trajectory. In the prosthetic application it is desirable to

leverage the provable stability properties of piecewise HZD designs [115, 102, 89, 10, 40,

69, 125] while respecting the continuous, periodic nature of human walking. Therefore, this

section will convert the prosthetic HZD design from [61, 63] into continuous, unified DFT

virtual constraints and discuss the fundamental differences between the two approaches.

HZD-based controllers are defined in a piecewise manner, where the virtual constraint

depends on which leg is in stance. This allows the controller to respect the discontinuous im-

pact dynamics (Eq. 2.10), so that if the error just before a properly timed impact is zero, the

error just after impact will also be zero. This behavior is called hybrid invariance. Because

the DFT parameterization is infinitely smooth and unified across impact events, it cannot

be hybrid invariant. By definition these smooth trajectories cannot encode the velocity dis-

continuities across the impact model. However, the simulations in Section 2.3.4 will show

that the unified DFT controller approximates the stability properties of the piecewise HZD

design. Moreover, this section will demonstrate the benefits of the unified approach when

the impact occurs earlier or later than expected (as is common with human variability [62]),

which violates the hybrid invariance assumption of the original HZD design.

The piecewise HZD virtual constraints in [61, 63] are parameterized by the common

Bézier polynomial form

hdP,j(sP ) =

Q∑
i=0

aiQ!

i!(Q− i)!
siP (1− sP )Q−i, (2.16)

where j indicates which leg is in stance, Q = 5 is the degree of the polynomial, ai are

the polynomial coefficients, and sP is the normalized phase variable within stance or swing.

Hybrid-invariant Bézier polynomials were designed for the knee and ankle to mimic certain

features of human walking at various speeds [61, 63], and here we consider the 1.2 m/s design.
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In order to create unified virtual constraints, the stance and swing Bézier polynomials

were concatenated and sampled to provide one periodic sequence with N = 1000 equally

spaced data points. The frequency terms X[k] of this sequence were computed by the

MATLAB fft function and then used to create the unified DFT function from Eq. 2.6.

The DFT spectrum of these trajectories indicate that the magnitude is approximately zero

between the 10th frequency and the Nyquist sampling frequency (N/2). As a result, the

DFT series can be truncated to reduce the number of coefficients in hdP and in turn reduce

the computational complexity of the control law (Eq. 2.14 or 2.15).

Table 2.1. Fitting Statistics of DFT Design

Knee Ankle
K value r2 RMSE (rad) r2 RMSE (rad)

5 0.999 2.23e-04 0.995 1.33e-04
10 1.000 6.14e-05 1.000 3.14e-05
N/2 1.000 4.50e-05 1.000 1.17e-05

To verify that the first 10 indices accurately represent the desired trajectories, virtual

constraints were generated with K = 5, 10, and N/2, where K is the highest index k

in Eq. 2.6. As expected the virtual constraints for K = 10 and N/2 are similar and more

accurate than that of K = 5 (Table 2.1). The virtual constraints with K = 5 have coefficients

of determination r2 > 0.995, whereas the K = 10 case has r2 = 1.000. In all cases, the root

mean square error (RMSE) is less than 2.3e-04 rad. From this analysis we can conclude

that a 5th- or 10th-order DFT function is sufficient to parameterize the 5th-order Bézier

polynomials, so the two approaches will have similar real-time computational costs.

The unified DFT parameterization of the piecewise HZD polynomials provides unique

properties that are advantageous for the prosthetic application. The periodic DFT design

parameterizes the knee and ankle trajectories across gait cycles, whereas the Bézier polyno-

mials immediately diverge to unbounded values outside the design range of sP (Fig. 2.2).
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Therefore, the piecewise design requires very accurate detection of stance vs. swing, which

can be difficult to measure from the limited sensors on a prosthetic leg. Moreover, the strict

design range of the Bézier polynomials makes them more sensitive to drift in the phase vari-

able, which must be reset back to zero after every impact event to avoid exceeding the design

limits. Practical HZD implementations typically saturate the phase variable at the design

limits to prevent undesirable angle commands [64]. In contrast, the DFT design is periodic

over the phase variable, so this formulation transitions seamlessly to the next gait cycle.

Thus, the phase variable does not necessarily have to be reset or saturated as the amputee

transitions from one step to the next, which may simplify the control implementation and

lead to more predictable behavior.

In conclusion, piecewise HZD polynomials can be converted to unified DFT virtual con-

straints with limited coefficients in the output function hdP . This method unifies not only a

single stride but also periodic steady-state locomotion. In the DFT formulation, the phase

variable may only need to be reset across short or long strides to ensure the following stride

begins at the proper phase location (modulo the design range of the phase variable). Occa-

sional resets in the phase variable may also be desirable in practice to prevent measurement

drift.

2.3.4 Simulation Results

Evaluation of Piecewise HZD and Unified DFT

We began with the human and prosthesis HZD designs in [61, 63] for three speeds: normal

walking at 1.2 m/s, slow walking at 0.8 m/s and fast walking at 1.6 m/s. Unified DFT

virtual constraints were generated for the prosthesis at each speed based on the piecewise

Bézier polynomials as described in Section 2.2. For comparison the prosthesis was simulated

with either the piecewise HZD virtual constraints or the unified DFT virtual constraints. In

all simulations the human part used the piecewise HZD controller for each walking speed
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Figure 2.2. Virtual constraints by DFT and Bézier polynomial (Bez) for the knee (left)
and ankle (right) during normal human walking (N). Because Bézier virtual constraints
are defined in a piecewise manner, their normalized phase variable goes from 0 to 1 twice
per stride. For comparison, the Bézier phase variable has been scaled and shifted to match
the DFT phase variable. The DFT function repeats the gait cycle for phase variable values
sP < 0 and sP > 1, i.e., the ranges of −0.5 ≤ sP < 0 and 0.5 ≤ sP < 1 are identical.
In contrast, the piecewise Bézier polynomials for stance (St) and swing (Sw) diverge to
undesirable trajectories on both sides of the design region.

and did not change based on the form of the prosthesis controller. The piecewise HZD

controllers reset the phase variable at every impact, whereas unified DFT controllers only

reset the phase variable at the start of every prosthesis stance period. Both subsystems used

the feedback linearizing torque control law (Eq. 2.13), for which the PD gains were manually

tuned and held fixed for all simulations and prosthesis controllers.

Simulations were first performed for the idealized case when both the prosthesis and

human had the same desired walking speed. The unified prosthetic controller for each speed

tracked the reference HZD virtual constraints very accurately, even across impacts (Fig. 2.3).

Small differences can be observed in the joint velocities (Fig. 2.4), particularly for the fast
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walking speed due to larger impact discontinuities. Despite the fact that the unified DFT

controller was not hybrid invariant, it performed similarly to the piecewise HZD controller

in the ideal case of exactly matched human and prosthesis intent.

Because the intent of the prosthesis and the amputee will rarely be perfectly coordinated,

it is critical that the prosthesis reacts in a stable and predictable manner to mismatches in

the desired walking speed. This is likely to be one of the greatest sources of variability from

the human. To test robustness to speed perturbations, the prosthesis was held fixed at the

normal walking speed while the human was set to either the slow or fast speed. Despite

these disturbances, the biped system converged to steady-state walking for both prosthesis

control formulations without any additional tuning. The interaction between the mismatched

human and prosthesis resulted in somewhat unexpected changes in speed, although the fast

human controller led to faster than normal walking (and reduced step durations) and the

slow human controller led to slower than normal walking (and much longer step durations).

As expected, the mixed speed cases had more tracking error than the matched speed

cases (Fig. 2.5). However, both prosthesis controllers zeroed the tracking error before every

impact without requiring unrealistic joint angles or velocities. The two control formulations

produced similar torque curves (Fig. 2.6), which will be discussed later.

In the mixed cases, the Bézier virtual constraints were no longer hybrid invariant, so one

of the greatest advantages of the piecewise HZD controller was lost. The transition between

strides tended to occur sooner than expected, resulting in discontinuities in the commanded

joint angles and thus the tracking errors (and corrective torques). Both controllers had

similar errors at the start of prosthesis stance (phase variable from 0 to 0.5), but the unified

DFT controller had much smaller errors than the piecewise HZD controller at the start of

prosthesis swing (phase variable from 0.5 to 1.0). The small DFT errors may be because the

stance-to-swing transition was relatively smooth in velocity, resulting in better tracking from

the smooth DFT controller. Further, the DFT phase variable was not reset at the stance-

to-swing transition, so a shorter or longer step had less influence on the error. Because the
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Figure 2.3. The simulated trajectories of the prosthetic knee (left) and ankle (right) with
both the DFT and Bézier controllers for three different walking speeds (matched with the
human speed) plotted against the DFT normalized phase variable. The DFT and Bézier
response is almost identical in all cases.
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Figure 2.4. The simulated phase portrait for the prosthetic knee (left) and ankle (right) for
three different walking speeds (matched with human) with the DFT and Bézier controllers.
The DFT gaits closely match the reference Bézier gaits. As expected, the greatest deviations
occur near impacts. The rolling motion of the curved foot results in a slightly larger ankle
orbit for slow walking than normal walking with both controllers.
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Bézier virtual constraints were defined in a piecewise manner, they were not continuous if the

stance-to-swing transition occurred sooner than expected. As a result, the unified controller

tracked the desired virtual constraint better than the piecewise HZD controller when the

human and prosthesis intent was not exactly matched, as is likely to occur in reality.

Stability of Walking Gaits

The local orbital stability for both the matched and mixed speed controllers are analyzed

using the method of Poincaré sections [115]. To do so, define the extended state vector

from all of the prosthesis and human generalized coordinates as xe = (qTe , q̇
T
e )T , where

qe = [q1, q2, q3, q4, q5, q6, qx, qy]
T . Walking gaits are cyclic and correspond to solution curves

xe(t) of the hybrid system such that xe(t) = xe(t+T ), for all t ≥ 0 and some minimal T > 0.

These solutions, known as hybrid periodic orbits, correspond to equilibria of the Poincaré

map P : GP → GP, where the Poincaré section GP is the set of states corresponding to

prosthesis heel strike. The function P (xe) models two full steps of the biped, mapping the

state from a prosthesis impact event to the subsequent prosthesis impact event. A periodic

solution xe(t) then has a fixed point x∗e = P (x∗e), about which the Poincaré map can be

linearized to analyze local stability. If the eigenvalues are within the unit circle, then the

discrete system is locally stable, and we conclude that the hybrid periodic orbit is also locally

stable.

In ideal conditions, the hybrid-invariant Bézier polynomials enable an analytical proof

of orbital stability with the lower-dimensional HZD [61, 63]. However, hybrid invariance is

violated by any mismatch with the human controller, including the mixed speed cases. More-

over, by definition the unified virtual constraints do not satisfy hybrid invariance. Because

the analytical HZD result cannot be utilized in these cases, we instead use the perturbation

analysis procedure described in [29, 30] to numerically calculate these eigenvalues based on

simulations. In all cases, the eigenvalues of the linearized map fall within the unit circle

(Table 2.2). Thus, the gaits are orbitally stable in the matched and mixed speed cases.
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Table 2.2. Maximum Eigenvalues with Unified Prosthetic Controller
Human Model

Walking Speeds Slow Normal Fast
Prosthetic Slow 0.774

Leg Normal 0.717 0.760 0.639
Fast 0.758

Simulated Walking with Impedance Controller

To apply the feedback linearizing control law (Eq. 2.14), the dynamics of the prosthesis

must be known. Obtaining an accurate dynamic model of the physical system is a challenge

in itself. With an uncertain dynamic model and limited sensory feedback for the prosthe-

sis, feedback linearization may be difficult to implement experimentally. A more practical,

model-independent implementation of the unified virtual constraints is joint impedance con-

trol (Eq. 2.15), which approximates the torque control inputs for the feedback linearizing

controller.

This control law was implemented for the prosthesis of the amputee biped model. Noting

that real actuators are torque-limited based on the motor and transmission, a saturation limit

of ±120 Nm was implemented for each actuated joint, which is representative of existing

powered prosthetic legs designs [104, 6, 86]. Feedback linearization was still used for the

human part of the model, which has been validated as a predictor of certain features of

human walking [65, 62]. Using the method from Section 2.3.4, the impedance controller was

shown to be locally exponential stable with similar eigenvalues to the feedback linearizing

controller.

Fig. 2.6 compares the torques of the impedance controller against the feedback linearizing

controllers for both DFT and Bézier in the mixed speed case of normal prosthesis and

slow human. For the most part, the controllers produce similar torques. All controllers

exhibit large torque spikes just after the discontinuous impact events. These spikes can

only be achieved with ideal actuators in simulation, whereas a real actuator with dynamics

26



0 0.5 1
-0.02

0

0.02

0.04

0.06

0.08

0.1

0.12

0.14

0.16

0.18

Phase Variable

K
ne

e 
A

ng
ul

ar
 E

rr
or

 (
ra

d)

0 0.5 1
-0.1

-0.05

0

0.05

0.1

0.15

Phase Variable

A
nk

le
 A

ng
ul

ar
 E

rr
or

 (
ra

d)

N-S DFT
N-N DFT
N-F DFT
N-S Bez
N-N Bez
N-F Bez

Figure 2.5. The simulated tracking errors of the prosthetic knee (left) and ankle (right)
for both the unified DFT and piecewise Bézier controllers during steady-state walking with
mixed speeds. The normal matched speed error is also shown for comparison. Both con-
trollers have similar error at the start of the stance period (phase variable near 0), but the
DFT controller has significantly less error at the start of the swing period (phase variable near
0.5). Note: N-S = normal walking (prosthesis) and slow walking (human), N-N = normal
walking (prosthesis) and normal walking (human), and N-F = normal walking (prosthesis)
and fast walking (human).

would smooth out these torques. More importantly, step transitions in human walking

are continuous with a finite double-support period, so these discontinuities cannot occur

in practice (see [32, 86]). This demonstrates the feasibility of a model-independent control

method for practical implementation in a powered prosthesis.

2.3.5 Discussion

The unified controller eliminates the need to divide the gait into different periods with

independent controllers. Since the DFT virtual constraint is periodic, the controller does not

need to be reset at the start of each stride. The feasibility of the controller was demonstrated

using simulations of an amputee walking model. Three distinct walking speeds were designed
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Figure 2.6. The simulated torques of the prosthetic knee (left) and ankle (right) for the
mixed case of the human at slow speed and the prosthesis at normal speed with the Bézier
feedback linearizing controller (N-S Bez-Fk Lin), the DFT feedback linearizing controller
(N-S DFT-Fk Lin), and the DFT impedance controller (N-S DFT-Imp). The torques of the
impedance controller approximate the feedback linearizing controllers throughout the gait
cycle. The torque impulses after impacts are caused by discontinuities in velocity from the
impulsive impact model, which do not occur during human walking.

that produced stable periodic gaits. Robustness to speed uncertainty was demonstrated by

using a fixed prosthesis controller while the human controller was varied. This provides a

basis of how the controller will function for a real system as generally the prosthesis and

contralateral leg will be performing at different walking speeds between them. Furthermore,

a model-independent impedance controller was also evaluated, demonstrating the viability

of implementing the unified control method in hardware. This control strategy can be

implemented on a powered knee-ankle prosthesis, which is investigated in Chapter 3. The

unified virtual constraints could be defined for various activities with well-characterized joint

kinematics (e.g., from able-bodied data [116, 20]). This is investigated experimentally with

transfemoral amputee subjects performing various speeds and slopes for task-specific virtual

constraint designs in Chapter 4.
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CHAPTER 3

DESIGN AND REAL-TIME CONTROL OF A POWERED PROSTHESIS

Extensive epidemiologic surveys has been conducted worldwide, where it is predicted that

every 30 seconds a lower limb is lost due to diabetes [7]. As the number of amputation

increases, more sophisticated prosthetic devices are needed for the lower limb amputee pop-

ulation. Current prosthetic leg technology is very inefficient because it relies on amputee’s

motion to swing the thigh to lock the knee joint based on the passive leg design. A powered

prosthesis leg design can emulate the lower limb muscular function to provide joint power

that can relieve the overexertion amputees endure during gait and improve stability to re-

duce risk of falling. Furthermore, a passive leg is restricted in its functionality based on the

limitation of its hardware, while a powered prosthesis can provide the appropriate biome-

chanical features observed during gait such as loading response of knee flexion at heel strike

or ankle plantarflexion for push-off during pre-swing. The combination of the prosthesis

mechanical design and control strategies assist in providing these biomechanical functions

during locomotion. Chapter 2 discusses theoretical control methods that can be utilized to

control the synchronization of a multi-joint powered prosthesis for human gait. To imple-

ment the control strategies on an actual control system, a UTD robotic leg test bed was

designed and manufactured. All three discipline areas of mechanical, electrical, and software

are utilized in designing a powered prosthetic leg with a real-time control system.

Section 3.1 presents the performance requirements and the mechanical design of UTD

Leg 1. In Section 3.2 will explain the electronics portion of the prosthesis that include the

real-time microprocessor, motor power amplifiers, and sensory feedback. Section 3.3 covers

the control system design to perform real-time control of the powered prosthesis. Outer and

inner control loops will be explained for how the control architecture was implemented to

the prosthesis to perform subject experiments (see Chapter 4). The outer loop consists of

the method of virtual constraints by DFT unified over the gait cycle with a human-inspired
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phase variable derived from the thigh motion. The inner loop involves a closed-loop torque

control to increase system bandwidth and reduce tracking error. A standalone experiment

with an able-bodied subject is explained to validate the phase variable prior to integrating

the algorithms to the prosthesis controller.

In Section 3.3.4, the control scheme is altered for the formulation of volitional control

that consist of a piecewise phase-based control to provide the amputee more capability using

the prosthesis. This control scheme allows a transfemoral amputee to perform more daily

locomotion activities that entail non-rhythmic motions in Chapter 5 with clinicians adjusting

the controller. Lastly, Section 3.4 will report the control performance of the prosthesis with

both benchtop experiments and preliminary experiments with able-bodied subjects.

3.1 Prosthesis Mechanical Design

The most advanced microprocessor controlled prostheses only provide variable damping at

the joints, which does not include input power. Recent advancements of actuator and sensing

technology has enabled a revolution of powered prostheses [58]. Such technology advance-

ments include high power-to-weight ratio BLDC motors, high computation power in micro-

processors, and small integrated circuit-based sensors (e.g., encoders, force sensors, etc.).

Even with the recent technology advancements there are still very limited commercially

available powered prostheses in the market. Therefore, developing a powered knee-ankle

prosthesis was required to have a test bed for control implementation to validate our con-

trol schemes. Several challenges are presented to the design of a fully functional multi-joint

powered prosthesis to be worn by human subjects for testing various control strategies.

To begin, several performance requirements were developed to define design constraints

that the prosthesis must meet to output the expected performance conditions for control

development. The overall design requirements of a powered prosthesis are based on the

locomotion performance of an able-bodied [116, 77]. The prosthesis must include knee and
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ankle joints that replicate the range of motion to that of a human leg. Furthermore, the

torques produced at the prosthetic joints must meet comparable torques produced by human

joints during gait stride. The powered prosthesis is to support the static and dynamic

loading experienced during normal walking. The device must have sensory feedback as part

of the implementation of the control algorithms. For maintainability, this experimental

test bed should primarily contain commercial off-the-shelf (COTS) parts in assembly and

should be safe for human testing with nominal height and weight subjects [116]. This means

structurally that it must be able to support the weight and forces of someone average sized

using the prosthesis.

Table 3.1. Powered Prosthesis Design Specifications

Knee Ankle

Range of Motion 0◦ to -70◦ -25◦ to 15◦

Peak Torque 40 Nm 120 Nm

Peak Power 255 W 73 W

Primarily, the prosthesis should provide a platform for testing different control strategies

to operate the leg. The weight constraint on the leg was set to be roughly 4.5 kg, which

is a reasonable requirement by limitations of current COTS availability for high power-to-

weight ratio motors and transmission components. The majority of the electronics are to

be placed onboard with the microprocessor and power source located remotely with signals

transmitted through tethered cable, so as to reduce the weight requirement of the system.

Table 3.1 gives design specifications for the prosthesis based on an average human weight of

75 kg at normal walking speed in [116].

Taking the design specifications under consideration, several design concepts were con-

sidered between various rotary and linear actuator systems as well as a combination between

the two for each joint. A pure rotation actuator has advantages in reaching high joint ve-

locities, ease in obtaining the range of motion, and having backdrivability. However, similar
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Figure 3.1. The UTD powered knee-ankle prosthesis: CAD rendering and key components
(left) and manufactured version (right). A timing belt connects each motor to a linear ball
screw, which the ball screw translational motion drives a lever arm to produce a joint torque.1

to the prosthesis in [58] it has limitation in torque output, where a custom rotary design

would require a multistage transmission to obtain the desired torques. Furthermore, a rotary

transmission contains more mechanical moving parts, which potentially would require more

maintenance. Linear actuators are inherently a slower prime mover with limitation in joint

range of motion, and generally have a high gear ratio which makes them non-backdrivable.

Although, their high effective gear ratios from their force output can produce high joint

torques. Relying heavily on weight considerations, maintainability, and achieving the torque

requirements; a linear actuator design was the leading candidate for a first generation pow-

ered prosthesis at UTD. The design of the powered prosthetic leg can be seen in Fig. 3.1.

1 c© 2016 IEEE. Reprinted, with permission, from D. Quintero, D. J. Villarreal, and R. D. Gregg, Pre-
liminary Experiments with a Unified Controller for a Powered Knee-Ankle Prosthetic Leg Across Walking
Speeds, IEEE/RSJ International Conference on Intelligent Robots and Systems (IROS), 2016.

32



The powered prosthetic leg has a multi-stage drive system that provides the required

torque needed at the knee and ankle joints while allowing users to achieve a normal gait. A

high power-to-weight ratio Maxon three-phase BLDC Motor (Model: EC-4pole 30, Maxon

Motor, Sachseln, Switzerland) is used capable of producing 200 W continuous power to the

transmission. The motor output shaft is connected to a linear ball screw through a Gates

GT3 timing belt drive with 7075 aluminum sprockets (with a 2:1 reduction at the knee and

4:1 at the ankle). A Nook 12 mm diameter, 2 mm lead ball screw (Model: PMBS 12x2r-

3vw/0/T10/00/6K/184/0/S, Nook Industries, Cleveland, OH, USA) converts the sprocket’s

rotary motion into linear motion of the ball nut, which drives a lever arm to generate the

joint torque. Although the resulting gear ratio is nonlinear depending on the joint angle,

the average ratio is 360:1 at the knee and 720:1 at the ankle. The high gear ratio does give

limitation with backdrivability and a high stiffness actuation system, but it surpasses the

importance in producing able-bodied joint torques. Each ball screw is supported axially and

radially by a Nook double bearing support journal (Model: EZBK10-SLB, Nook Industries,

Cleveland, OH, USA). A motor mount with a rotational pivot was designed to eliminate

buckling of the ball screw and increase its linear motion as it travels up/down to rotate the

joint via the lever arm, providing the desired range of motion at each joint.

The outer structural plates are made out of 7075 aluminum alloy used mainly as a carrier

for mounting the electronics. Hard stops at the end of the ball nuts were 3D printed from a

polyjet material to eliminate ball screw travel beyond its intended range. Fig. 3.1 displays

key design components of the actuation system for the powered prosthesis. Overall, the mass

of the leg is 4.8 kg, which is comparable with other powered knee-ankle legs in the literature

[105, 58, 80]. In Appendix A, shows the bill of materials used in fabricating the prosthesis

and Appendix B derives the kinematics analysis for the given actuation system.
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3.2 Prosthesis Electronics & Sensing

The powered prosthesis consists of a hardware system with multiple sensor signals fed back to

a microprocessor for real-time computing. The offboard computation and power is provided

to the powered leg through a tether. The microprocessor utilized for the prosthesis leg is

a dSPACE Freescale OorIQ P5020, dual-core, 2 GHz processor (Model: DS1007, dSPACE

GmbH, Paderborn, Germany) that provides real-time control and data acquisition at 1 kHz.

A 35V/60A DC power supply (Model: 6673A, Agilent Technologies, Santa Clara, CA, USA)

provides power to the onboard motor amplifiers. A separate DC power supply (Model:

1761, BK Precision, Yorba Linda, CA, USA) was used for low current output in powering

the onboard sensors.

For low-level sensory components, each motor has an incremental, 3000 counts per turn

quadrature encoder (Model: 2RMHF, Maxon Motor, Sachseln, Switzerland) measuring mo-

tor output shaft angular position. The motors are driven by a motor amplifier (Model:

ADP-090-36, Copley Controls, Canton, MA, USA) to apply three-phase sinusoidal com-

mutation for current control. The Maxon BLDC motors have low inductance value (ter-

minal inductance phase to phase at 0.0163 mH), thus an inductance filter card (Model:

BFC10010, Advanced Motion Controls, Camarillo, CA, USA) with 0.200 mH inductors per

phase is embedded inline between the motor phase lines and the motor amplifier to increase

the impedance load for the amplifier. This did increase the mass of the overall weight of

the leg with each filter card weighing 0.21 kg. At the joints, an assembled high resolution,

4000 cycles per revolution optical encoder (Model: EC35-4000-4-375-H-D-DM-B, US Digital,

Vancouver, WA, USA) mounted to the joint’s output shaft measuring joint angular position.

Joint velocities are computed numerically with a first-order low-pass Butterworth filter at 8

Hz cutoff frequency.

In order for the rigid ankle actuator to achieve compliant and forceful interaction with

the ground [35, 36, 18], a uniaxial force sensor (Model: LCM200, Futek, Irvine, CA, USA)

34



Figure 3.2. A CAD rendering of the FSR placement between two 3D printed neoprene rubber
material located above the prosthesis’ foot female pyramid adapter and below the ankle’s
lever arm mount.

is installed inline with the ankle’s ball screw to provide feedback for a closed torque loop

(Section 3.3.3). This force sensor is connected to an offboard analog amplifier (Model:

CSG110, Futek, Irvine, CA, USA). A force sensor could not be used in the knee actuator

due to off-axis overloading during peak knee flexion.

In order to compute the phase variable in Section 3.3.1, an Inertial Measurement Unit

(IMU) (Model: 3DM-GX4-25, LORD MicroStrain, Williston, VT, USA) is mounted above

the prosthetic knee in the sagittal plane to measure motion of the thigh. The IMU contains

a triaxial accelerometer, gyroscope, and magnetometer. Dual onboard processors run an

Adaptive Kalman Filter with a full-state dynamics model based on Newton’s and Euler’s

equations of motion to compute real-time Euler Angles in the IMU coordinate frame at a

sampling rate of 500 Hz. Velocities of the Euler angles are estimated with a low-pass filter

to reduce sensor noise as in [51]. A force sensitive resistor sensor (FSR) (Model: FlexiForce

A401, Tekscan Inc., Boston, Massachusetts, USA) is placed above the pyramid adapter of

the prosthetic foot (see Fig. 3.2). An analog-to-digital converter produced a high FSR signal

measurement as the leg is in stance period (i.e., the prosthesis foot contacts the ground),
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Figure 3.3. UTD Powered Prosthesis Leg Embedded System routing of the offboard power
source to the motor drivers and sensors on the leg. Sensor feedback signals are routed to
the dSPACE processor for real-time control computation. Hardware safety components are
included during leg operation with power solid-state relays and an operator Emergency Stop
(E-Stop) button.

while a low FSR measurement detects swing period (i.e., the prosthesis foot no longer has

contact to the ground). This stance and swing detection is utilized for the control scheme

in Section 3.3.4. Fig. 3.3 displays an embedded system flow diagram of the prosthesis.

3.3 Real-Time Control System Architecture

Currently, it is a challenge to provide a powered knee-ankle prosthesis in the commercial

market due to the obstacles in developing a safe and viable control strategy. Even the most
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advanced microprocessor controlled prostheses only provide variable damping, but add no

power to the users stride. For lower limb powered prostheses require sophisticated control

methods due to high potential risk of amputees falling. Different control strategies are being

investigated in several research institutions, so future efforts could bring this technology in

the commercial market and allow amputees a better way of life in terms of mobility. Here

at UTD, a research powered prosthetic test platform was designed and built to validate

our control methods using virtual constraints by DFT proven in simulation (Section 2.3.4),

which validated with amputee subjects.

Different control system designs have been developed for the powered prosthesis to achieve

various amputee subject experiments in Chapters 4 and 5. Prior to implementing the virtual

constraint controller, preliminary experiments were performed to verify real-time measure-

ments of the phase variable in Section 3.3.1. This was performed with an able-bodied subject

to verify the algorithms and their robustness across various speeds, as amputee subjects will

perform different speeds when using the powered prosthesis. Then in Section 3.3.3, the

control loops are described for the virtual constraint and closed-loop torque control used

in amputee experiments. Lastly, Section 3.3.4 derives the phase-based control strategy to

be implemented for the clinical study described in Chapter 5. The control algorithm for

UTD Leg 1 is implemented in software using MATLAB/Simulink [66] and compiled to the

dSPACE processor board for real-time control. Appendix C shows the main control subsys-

tem models developed for control of the leg. Figs. C.12 and C.13 display the graphical user

interface to operate the leg and data acquisition of the measurement signals, respectively.
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3.3.1 Real-Time Human-Inspired Phase Variable Algorithms2

Several control subsystems were developed as part of the overall control system architecture.

One important control subsystem involves the real-time phase variable algorithms as part

of the virtual constraint (Eq. 2.1). The phase variable involves computing the thigh phase

angle from the thigh phase portrait. The phase variable was incorporated as a standalone

subsystem, so verification tests could be performed prior to subjects using the prosthesis.

This section proposes a real-time method using a single IMU sensor to measure the

continuous phase variable that was originally proposed in the offline analysis of [113]. Signal

processing algorithms are defined to estimate a monotonic, increasing phase variable that

represents the progression from 0% to 100% of the gait cycle. Our results demonstrate

appropriate changes in the rate of the phase variable and the ability to predict the stance-

to-swing transition across multiple walking and running speeds (1-9 miles/hour). Moreover,

the polar radius from the orbit within the thigh phase portrait provides a linear relationship

for estimating the subject’s walking speed during gait.

Continuous Gait Phase Variable

The continuous phase variable is constructed by the phase angle from the thigh phase portrait

(i.e., phase plane of thigh velocity vs. angle). The raw thigh angle is measured from an IMU

sensor (LORD MicroStrain, 3DM-GX4-25) mounted to a leg holster that is strapped to the

thigh along the sagittal plane (see Fig. 3.4). The IMU sensor has a compact size of 36 mm

x 36.6 mm x 11.1 mm and weighs 16.5 g. The sensor measures its own Euler angles sampled

at 500 Hz.

The start of the phase angle occurs in the first quadrant of the phase portrait along the

positive x-axis. The phase angle increases as it orbits a full revolution counter-clockwise in

2 c© 2018 IEEE. Reprinted, with permission, from D. Quintero, D. J. Lambert, D. J. Villarreal, and R.
D. Gregg, Real-Time Continuous Gait Phase and Speed Estimation from a Single Sensor, IEEE Conference
on Control Technology and Applications (CCTA), 2017.
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Figure 3.4. Photo of human subject walking on a treadmill while wearing an IMU sensor on
the thigh with a sagittal plane orientation. Thigh angle measurement follows the righthand
rule.

the phase portrait, completing the gait stride at the fourth quadrant returning to the x-axis.

The phase angle is computed using the four-quadrant atan2(y, x) function, which is defined

as the unnormalized phase variable

ϕ(t) = atan2(θ̇y(t), θx(t)). (3.1)

More detail on the derivation and biomechanical implications of the phase variable can be

found in [113]. The variables θ̇y(t) and θx(t) are the estimated thigh velocity and thigh

angle signals, respectively, for constructing the thigh phase portrait. shift, negated thigh

velocity θ̇y(t) are used in constructing the thigh phase portrait. These variables are shifted

and scaled to enhance the linearity and monotonicity of the phase variable ϕ(t) during a gait

cycle (Section in 3.3.1).
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Filters are designed to provide smooth input signals for real-time calculation of the phase

variable ϕ(t). An interpolating polynomial filter (Section in 3.3.1) filters the raw thigh angle

measurement to mitigate unwanted disturbances observed from the IMU. The thigh angle

and its velocity are shifted and scaled to compute the phase variable (Section in 3.3.1),

which is then passed through a monotonic filter to further mitigate the effect of noise.

Finally, to detect whether or not a subject is walking, a start and stop detection algorithm

is implemented (Section in 3.3.1). Fig. 3.5 displays a schematic of the thigh phase portrait

based on (θx(t), θ̇y(t)) coordinates as the phase variable ϕ(t) is measured about the circular

orbit during the gait cycle. The phase variable ϕ(t) from Eq. 3.1 will compute the monotonic,

increasing measurement of a subject as they progress through the gait cycle.

Interpolating Filter

The raw thigh angle IMU measurement can contain high frequency noise generated by im-

pacts occurring at heel strike. Filters that help estimate joint angular position and velocity

have proven to be particularly helpful in bipedal robots [115] and nonlinear control applica-

tions [15]. In the case of measuring the phase variable, the raw thigh angle can be estimated

and filtered by applying a least squares method to fit an analytical function over a rolling

data window [16]. This window length can be tuned in order to have minimal delay and

reduce high frequency noise. Furthermore, the thigh velocity is estimated by taking the an-

alytical derivative of the estimated thigh angle function to provide the signals in computing

the thigh phase portrait. The benefits will be exploited in Section 3.3.2 showing results of

the raw IMU measurement applying this filter method.

To compute the interpolating filter polynomial functions for both thigh angle and velocity

from the method in [16], the raw thigh angle measurement ψ(t) is stored in a vector of size

based on the chosen window length W (in samples). Each row contains a polynomial function

given in the following matrix equation form:
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Figure 3.5. A depiction of the phase variable ϕ(t) measured from the circular orbit (thick
green line) with a polar radius r (dashed black line) within the thigh phase portrait (θx(t),
θ̇y(t)) coordinates. The ellipse (red line) displays the predefined minimum and maximum
X/Y coordinates (black dots) as well as its length of semi-axes c and d. A schematic for
how start and stop detection method from Section 3.3.1 is used for a sequence of events. If
a subject were to stop walking, the signal travels off the circular orbit (1. Stop path, dotted
green line) to inside the ellipse (2. Stop point, red dot) near the origin. When the subject
decides to continue walking then the orbital path continues (3. Continue path, dash-dot blue
line) to the last recorded phase variable value to complete the stride along the circular orbit.
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where ∆t is the time step between samples, N is the degree of the polynomial, and [a0(t),

a1(t), . . . , aN(t)] ∈ RN+1 are the time-varying polynomial coefficients. Constraints are in-
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cluded to bias the new computed coefficients by equaling the terminal coefficients from the

previous solved polynomial. This ensures continuity for consecutively generated polynomials

with overlapping windows.

Solving for the unknown coefficients ai(t) for i ∈ 0, . . . , N by way of QR factorization

[28] yields the interpolating polynomial functions

θ(t) = a0(t) + a1(t)h+ . . .+ aN(t)hN (3.2)

θ̇(t) = a1(t) + 2a2(t)h+ . . .+NaN(t)hN−1, (3.3)

where h = (1 − η)W∆t ∈ (0,W∆t] defines the specified time within the window. The

parameter η ∈ [0, 1) is a user-defined delay based on the percentage of the window length

W . Eq. 3.2 and Eq. 3.3 are the estimates for thigh angle and velocity, respectively.

Adaptive Phase Variable Shift and Scale

The linearity of the phase variable trajectory can be improved by making the orbit in the

thigh phase portrait more circular. Both θ(t) and θ̇(t) are shifted about the origin of the

thigh phase portrait, and the angle θ(t) is scaled to match the amplitude of the velocity

θ̇(t) to provide a constant orbital radius. The min/max values of the filtered angle θ(t) and

velocity θ̇(t) are stored for computing the shift and scale by evaluating

θmin(t) = min{θ(t̂) | t̂ ∈ [tθmax , t)}

θ̇min(t) = min{θ̇(t̂) | t̂ ∈ [tθ̇max
, t)}

θmax(t) = max{θ(t̂) | t̂ ∈ [tθmin
, t)}

θ̇max(t) = max{θ̇(t̂) | t̂ ∈ [tθ̇min
, t)},

where the min/max time values (tθmax , tθ̇max
, tθmin

, tθ̇min
) correspond to the time a local ex-

trema occurs for the thigh angle and velocity of the previous gait cycle. The minimum values

are calculated over a time window starting from the previous gait cycle’s maximum, and vice
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versa. For example, θmax(t) is the maximum thigh angle from all samples stored in the time

interval of [tθmin
, t).

The shift and scale parameters from Eq. 3.1 are then computed by

θx(t) = z(t) · (θ(t) + γ(t)) (3.4)

θ̇y(t) = −(θ̇(t) + Γ(t)), (3.5)

where z(t) is the scale parameter, and γ(t) and Γ(t) are the shift parameters calculated from

the filtered thigh angle and velocity, respectively, by

z(t) = |θ̇max(t)−θ̇min(t)|
|θmax(t)−θmin(t)| , γ(t) = −

(
θmax(t)+θmin(t)

2

)
,

Γ(t) = −(θ̇max(t) + θ̇min(t))/2.

The negation in θ̇y(t) ensures that the phase portrait of the thigh angle orbits in a counter-

clockwise direction. This establishes an increasing and monotonic phase variable from

atan2(y, x). This derivation is based on placing the IMU on the right leg. If the IMU

were to be placed on the left leg, then only negating θx(t) is required to produce an increas-

ing and monotonic phase variable along the gait cycle.

Real-Time Start and Stop Detection

If a human subject were to instantly stop walking during a stride, small disturbances from the

real-time thigh angle measurements can generate false orbits on the phase portrait, resulting

in unwanted signals for the phase variable ϕ(t). When stop walking event occurs the orbit

will drive near the origin. Consequently, the phase variable will reset instead of holding the

last phase variable value until the subject continues along completing the gait stride. Thus,

a start and stop walking detection algorithm is implemented to handle this event, where

the phase portrait coordinates (θx(t), θ̇y(t)) are compared to an elliptical boundary centered

around the phase portrait origin.
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The phase portrait coordinates in Eq. 3.4 and Eq. 3.5 can be compared to a predefined

ellipse

(θx(t)−X)2

c2
+

(θ̇y(t)− Y )2

d2
≤ 1, (3.6)

where (X, Y ) defines the center of the ellipse, and c and d represent the length of the major

and minor semi-axes, respectively. These ellipse parameters are obtained from predefined

minimum and maximum X/Y coordinates {Xmin, Xmax, Ymin, Ymax} with respect to the

thigh phase portrait coordinates (θx(t), θ̇y(t)). The center of the ellipse and the semi-axes

are evaluated as

X = (Xmax +Xmin)/2, Y = (Ymax + Ymin)/2,

c = |Xmax −Xmin|/2, d = |Ymax − Ymin|/2.

Fig. 3.5 gives a depiction of the ellipse and its parameters within the phase portrait.

If Eq. 3.6 produces a value less than or equal to one, then it indicates the human has

stopped walking (stop detected). Algorithm 1 applies this condition in line 2 to ultimately

hold the output phase variable ϕf (t) (i.e., ϕf (t) is the output of the start/stop logic with ϕ(t)

as the input) constant until walking resumes. To ensure continuity in ϕf (t) after detecting

walking, line 5 clears the stopped flag when the absolute error between ϕf (t−∆t) and ϕ(t)

is less than ∆ϕ, a predefined value of acceptable discontinuity. The monotonic filter in line 9

contains two inequalities for an acceptable decrease between the current and previous ϕf (t)

value, to allow the phase variable transition from 2π to 0 in the phase portrait at the start

of a new gait cycle.

Normalizing the output of Algorithm 1 by ϕnorm(t) = ϕf (t)/2π, gives a unit scaled version

of the phase variable corresponding to 0 to 100% of the gait cycle. The parameter ϕnorm(t)

is considered the final normalized phase variable output for gait phase detection.
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Algorithm 1 : Start and Stop Detect with Monotonic Filter

Input: ϕ(t)
Output: ϕf (t)

1: Initialize ϕf (t) = ϕ(t), stopped = false;
2: if stop detected then
3: stopped = true;
4: else
5: if |ϕ(t)− ϕf (t−∆t)| ≤ ∆ϕ then
6: stopped = false;
7: end if
8: end if
9: if stopped = true or − 3π

2
< ϕ(t)− ϕf (t−∆t) < 0 then

10: ϕf (t) = ϕf (t−∆t);
11: else
12: ϕf (t) = ϕ(t);
13: end if

Gait Speed Estimate

An additional parameter within the phase portrait provides an estimate for gait cadence: the

orbit’s polar radius r. From the phase portrait (θx(t), θ̇y(t)) coordinates, the polar radius of

the orbit is computed as r =
√
θx(t)2 + θ̇y(t)2. The polar radius has a linear correlation to

the subject’s gait speed. Section 3.3.2 will provide experimental results for how the phase

variable and cadence estimate performed across multiple speeds.

3.3.2 Preliminary Results on Real-Time Human-Inspired Phase Variable3

An experimental setup and real-time data processing was the next step to verify the safety in

using the phase variable algorithm prior to wearing the prosthesis. An able-bodied subject

experiments demonstrate the ability of the phase variable to accurately parameterize gait

progression for different walking/running speeds (1 to 9 miles/hour). Our results show that

this real-time method can also estimate gait speed from the same IMU sensor.

3 c© 2018 IEEE. Reprinted, with permission, from D. Quintero, D. J. Lambert, D. J. Villarreal, and R.
D. Gregg, Real-Time Continuous Gait Phase and Speed Estimation from a Single Sensor, IEEE Conference
on Control Technology and Applications (CCTA), 2017.
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Experimental Protocol and Setup

The experimental protocol for testing was reviewed and approved by the Institutional Review

Board (IRB) at UTD. The experiment consists of an able-bodied subject walking on a tread-

mill with the IMU sensor mounted to the thigh along the sagittal plane (see Fig. 3.4). The

measured IMU sensor signals were transmitted to a dSPACE DS1007 2 GHz processor, where

the phase variable algorithms from Section 3.3.1 were programmed in MATLAB/Simulink

for real-time computing.

The testing involved a human subject initially walking on a treadmill from rest to 1 mph

(miles/hour). Treadmill speed was increased by 1 mph increments in a continuous sequence

up to the subject’s selected running speed (9 mph). For each speed, 45 seconds of data were

recorded. The experiment ended with the subject returning back to a rest position.

Real-Time Thigh Angle and Velocity Results

The raw thigh angle ψ(t) measured by the IMU sensor was processed using the interpolating

filter from Section 3.3.1 (Fig. 3.6). The raw thigh angle ψ(t) produced sharp cusps near

the local maxima values, which are fully removed using the interpolated filtered thigh angle

θ(t). The interpolated filtered thigh velocity θ̇(t) removes the large impulses created from

ground impacts as velocity crosses 0.0 rad/s. As a comparison, a second order (5 Hz cutoff)

Butterworth low-pass filter is shown in Fig. 3.6. It can be seen the Butterworth filter fails

to smooth out the impacts, which would result in a non-monotonic phase variable. Hence,

the interpolated filter is the preferred filter method for this application. The amount of

delay created by the interpolating filter is considered acceptable since it is less than the

delayed reaction time from the reflex pathways of gait locomotion [120]. Applying the shift-

and-scale method from Section 3.3.1, the orbit in the thigh phase portrait becomes circular,

which yields a monotonically increasing phase variable through Eq. 3.1.
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Figure 3.6. Top: the thigh angle (Raw) measured by the IMU (dotted blue line) compared
against two filtered options: 1) a second order Butterworth (Butter) low-pass filter with a
cutoff frequency of 5 Hz (dashed red line) and the Interpolating (Interp) filter method (solid
green line). Bottom: the thigh velocity (numerically differentiated thigh angle) and the two
filtered options. Signal disturbances from ground impact are observed in the thigh velocity
(e.g., t ≈ 1.3 and 2.6 seconds). The Interpolating filter provides a more smooth signal than
the Butterworth filter. Data is from 3 mph treadmill speed test.

Applying the method from Section 3.3.1, the phase portrait from the raw thigh angle

and velocity traces a stretched, distorted elliptical orbit (Fig. 3.7). This will produce a non-

monotonic polar angle that is not useful for determining the phase of gait. However, including

the shift and scale parameters (Eqs. 3.4 and 3.5) in the computation of the phase portrait

coordinates produces a more defined circular orbit. This in fact yields a monotonically

increasing phase variable function output (Eq. 3.1).

The resulting phase portrait forms a consistent circular orbit centered around the origin,

with a minor indentation pattern in the lower quadrants. Notice that although the velocity

magnitude decreases in this region, the polar angle continues to increase. Thus, the phase
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Figure 3.7. The raw thigh orbit (Raw) compared to the interpolated filtered, shifted/scaled
thigh orbit (Interp + Shift/Scale) in the phase plane for 20 continuous strides at 3 mph.
Applying the shift and scale algorithm produces a circular orbit shape, in contrast to the
raw non-circular orbit.

portrait measurement using atan2 makes the phase angle ϕm(t) less sensitive to velocity

fluctuations during the center portion of the angle oscillations, and vice-a-versa.

Continuous Gait Phase Variable Across Varying Speeds

Fig. 3.8 shows the results of continuous, monotonic phase variables (ϕnorm(t)) over time

across gait speeds. The shaded region represents the standard deviation, which displays a

tight tolerance against the mean showing consistency in the data over consecutive strides.

As expected, the slower to normal walking speeds (1-3 mph) took longer time durations to

complete gait strides compared to the faster speeds. The slower speed phase variables are

not perfectly linear, which is expected as the subject’s phase transitions are not uniformly
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paced throughout the gait cycle. The phase variable reflects the fact that each leg spends

more time in stance than swing during slow to normal walking.

For the faster speeds (4-9 mph), the phase variable becomes increasingly linear as the

stance and swing transition period becomes symmetrical over the gait cycle [116, 44]. Markers

display the timing of toe-off (defined by the minimum thigh angle during stride), which

coincides with the beginning of the swing period [77]. The slope increases from initiation of

swing period (i.e., toe-off) and beyond, which indicates the subject’s transition from stance-

to-swing period [116, 77]. The lower and upper lines between 0.42 and 0.47, respectively,

bound the phase variable values that were observed at the stance-to-swing transition across

the different speeds. The phase variable consistently predicts stance-to-swing transition

within these tight bounds despite wide changes in the timing of the transition across different

speeds (indicated by the x-axis of Fig. 3.8).

Gait Speed Estimator

Fig. 3.9 displays the phase portrait for various gait speeds. The polar radius r is distinct

for each speed along the orbit. Fig. 3.10 displays the linear relationship of treadmill walking

speed versus the polar radius (with a coefficient of determination R2 = 0.994). The least

squares regression fit produces a function v(r) = 2.45r − 1.13 for estimating walking speed

from polar radius. The variance of the estimate is reduced when using the mean polar radius

from a single quadrant of the phase portrait (Fig. 3.10), where the fourth quadrant (phase

angle between 3π/2 and 2π) was chosen.

The experimental results produce a continuous measurement of gait phase that is reliable

across multiple speeds. A real-time method using a single wearable IMU sensor on the thigh

validated the phase variable that parameterizes the human gait cycle. A variation of this

phase variable approach is used for controlling the powered knee-ankle prosthesis in a unified

manner throughout the entire gait cycle [86].

49



0 0.5 1 1.5 2 2.5 3
0

0.1

0.2

0.3

0.4

0.5

0.6

0.7

0.8

0.9

1

Time (sec)

P
ha

se
 V

ar
ia

bl
e

9 mph
8 mph
7 mph
6 mph
5 mph
4 mph
3 mph
2 mph
1 mph
Toe-Off

Figure 3.8. The normalized phase variable ϕnorm(t) vs. time across various treadmill speeds
(1-9 mph) for 20 consecutive gait strides. Each phase variable curve represents the mean for
that particular speed with ±1 standard deviation (shaded gray region, difficult to observe
due to small variance). Toe-off is marked (red star) at the moment when the minimum thigh
angle occurred. Horizontal red dashed lines give the lower and upper bounds of these events
across the various speeds, demonstrating the ability of the phase variable to predict these
events despite differences in timing. The slower speeds (1-3 mph) have a nonlinear phase
trajectory due to a longer time duration in stance compared to swing, whereas faster speeds
(≥ 4 mph) produce a linear phase trajectory due to a more even stance/swing split [116].

3.3.3 UTD Leg Control Loops4

This section presents the control scheme implemented on the powered knee-ankle prosthesis

for amputee experiments. The outer loop performs high-level joint position control to enforce

periodic virtual constraints parameterized by a human-inspired phase variable. We then

4 c© 2018 IEEE. Reprinted, with permission, from D. Quintero, D. J. Villarreal, D. J. Lambert, S. Kapp,
and R. D. Gregg, Continuous-Phase Control of a Powered Knee-Ankle Prosthesis: Amputee Experiments
Across Speeds and Inclines, IEEE Transactions on Robotics (TRO), Accepted January 2018.
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Figure 3.9. The phase portrait of θ̇y(t) vs. θx(t) across various treadmill speeds (1-9 mph)
each having 20 consecutive gait strides. The polar radius r can be correlated to the subject’s
gait speed. Speeds ≤ 4mph produced a circular orbit from 0 to 2π (i.e., 0% to 100% gait
cycle). At 5 mph, the subject transitioned from fast walking to running, where more forceful
ground impacts can be observed in the IMU measurements due to the flight phase. This
produced a non-circular form after impact with intersection of other orbits at different speeds,
as shown in the first quadrant for 5-6 mph.

describe an inner loop that performs low-level torque control based on torque commands

from the outer loop controller. These two control loops are depicted in Fig. 3.11.

Human-Inspired Phase Variable Implementation

The phase variable algorithms was motivated by a study in [113] showing that the thigh

phase angle robustly parameterizes ipsilateral leg joint patterns during non-steady human

walking, e.g., across perturbations. This choice of phase variable also has connections to

biology, as hip motion is known to be a major contributor to synchronizing the leg joint

patterns in mammals [92].
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Figure 3.10. Treadmill speed vs. mean polar radius r (Data) with regression line v(r) (Fit).
Note the error bars (horizontal blue lines) are ±1 standard deviation from the mean (red
dots).
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Figure 3.11. The control architecture for the prosthesis comprises an outer and inner loop.
The outer loop computes the desired joint torques (Eq. 3.10) needed to enforce the virtual
constraints (Eq. 3.9) based on the mechanical phase variable (Eq. 3.7). The desired knee
torque τdk is converted to current commands for the knee motor driver (uAk ) using an inverse
model of the knee actuator. The current commands for the ankle motor driver (uAa ) are
computed by an inner loop (Eq. 3.13) that provides closed-loop torque control with a friction
compensator.
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Although the thigh phase angle can be easily computed offline from post-processed kine-

matic data [113], real-time computation presents a challenge for implementation in a pros-

thetic control system. With regards to derivation in Section 3.3.1, the thigh phase angle can

be computed from the angular position and velocity [53, 45], but angular velocity is prone

to noise and makes the control system relative degree-one [112]. We instead computed a

phase angle ϑ(t) utilizing thigh angular position φ(t) and its integral Φ(t) =
∫ t

0
φ(τ) dτ . The

thigh angle integral behaves as a low-pass filter to the IMU measurement, which provided

additional smoothing of the phase angle signal from unwanted disturbances as experienced

in the phase variable preliminary experiments in Section 3.3.2. All other algorithms in Sec-

tion 3.3.1 remained the same with the exception of the thigh angular velocity being replaced

with its thigh angle integral to give the following form:

ϑ(t) = atan2(Φy(t), φx(t)), (3.7)

φx(t) = (φ(t) + γ)

Φy(t) = z(Φ(t) + Γ)

where the scale factor z, the thigh angle shift γ, and the thigh integral shift Γ are given by

z =
|φmax − φmin|
|Φmax − Φmin|

,

γ = −(
φmax + φmin

2
), Γ = −(

Φmax + Φmin

2
).

These parameters center the thigh orbit around the origin and maintain an approximately

constant orbital radius, which the linearity improves for the phase variable trajectory (see

Fig. 3.12).

The integral is reset every gait cycle to prevent the accumulation of drift due to variation

in thigh kinematics. The scale and shift parameters are recalculated every quarter gait

cycle, i.e., at each axis crossing in the phase portrait. Because these updates occur when the

phase angle radius is collinear with the axis, the phase angle calculation (Eq. 3.7) remains
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Figure 3.12. A phase portrait of the thigh angle φ and its integral Φ with the thigh phase
angle ϑ measured about the circular orbit to determining the phase variable. Each axis
crossing of the phase angle will contain either a max or min value of the thigh angle or its
integral to determining the phase variable shift and scale factors (see Eq. 3.7).
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Figure 3.13. Phase plane of the thigh angle φx(t) vs. its integral Φy(t) during prosthetic leg
experiments (Section 3.4.2). The phase plane has been scaled by z and shifted by (γ,Γ) to
achieve a circular orbit across the stride, which improves the linearity of the phase variable
ϑ(t).
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Figure 3.14. Phase variable block diagram of each major component computed. The raw
hip angle measured (φ(t)) from the IMU is feed through an integrator (Φ(t)) with a reset
condition for when the circular orbit has completed within the phase portrait. Then the
parameters (φ(t),Φ(t)) are sent to compute the minimum/maximum and the shift/scale
values from the phase portrait x-y axis . The atan2 function is evaluated (ϑ(t)) prior to the
safety subsystems of the monotonic filter and start/stop detection algorithms, which then
outputs the normalized phase variable sh.

continuous. Fig. 3.13 shows the scaled/shifted orbit in the thigh phase plane over several

strides, where changes in circular orbit diameter are associated with changes in walking

speed. Finally, the phase angle ϑ from Eq. 3.7 is normalized similar to Eq. 2.2 with the final

normalized phase variable given as

sh(ϑ) =
ϑ− ϑ+

ϑ− − ϑ+
, (3.8)

constants ϑ+ = 0 and ϑ− = 2π. Fig. 3.14 displays a block diagram of the phase variable and

the subsystems used to compute the final normalized value in sh.

Outer Control Loop

The outer loop controller coordinates the knee and ankle patterns of the prosthetic leg

by enforcing virtual constraints based on a common phase variable (see Fig. 3.11). Virtual

constraints encode the desired motions of actuated variables in output functions to be zeroed

through the control action [115]:

yi = qi − hdi (sh), (3.9)

where qi is the measured angular position of joint i (with i = k for the knee or i = a for

the ankle), and hdi is the desired joint angle trajectory as a function of the normalized phase
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variable sh ∈ [0, 1). Then the method described in Section 2.2 is used to design hdk and hda,

and sh in Section 3.3.3 for application to the powered prosthesis.

Eq. 3.9 is considered the tracking error of the control system. Various torque control

methods can be utilized to regulate this error. Bipedal robots typically enforce virtual

constraints using input-output feedback linearization [115, 37, 102, 89, 10, 40, 64], which

has appealing theoretical properties including exponential convergence [50], reduced-order

stability analysis [115], and robustness to model errors [102]. However, to apply feedback

linearization to a prosthesis, the dynamics of the prosthesis and the interaction forces with

the human user and ground must be known [32, 61]. Identifying a sufficiently accurate model

of the prosthetic leg is difficult, and measuring interaction forces requires expensive multi-

axis load cells. Therefore, we utilize a model-free torque control method in this application,

specifically output PD control [32, 85].

Output PD controllers typically have the form:

τdi = −Kpiyi −Kdiẏi, (3.10)

where Kpi > 0 is the proportional gain affecting the stiffness of joint i about its angular

trajectory, and Kdi > 0 is the derivative gain correcting velocity tracking error ẏi. Controlling

both the position and velocity of the output is helpful for tracking the desired trajectories,

but can create forceful interaction with the human user. More compliant, smooth behavior

can be achieved by replacing ẏi with the measured angular velocity q̇i in Eq. 3.10. This was

done in the knee controller for user comfort, but the ankle controller was left in the form of

Eq. 3.10. This PD control method determines the joint torques needed to enforce the virtual

constraints.

Inner Control Loop

The torque commands of the outer loop (Eq. 3.10) are converted into current commands

for the BLDC motor drivers in two ways. The desired input current to the knee motor
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is determined by dividing the desired knee torque by the motor’s torque constant (0.0136

Nm/A) and the estimated gear ratio between the motor and joint. To provide compliant

and forceful interaction with the ground, the ankle torque command is enforced by a closed

torque loop (the inner loop in Fig. 3.11). The torque loop compensates for the actuator

dynamics and external loads to reduce torque tracking error. The torque loop has two parts:

a Proportional-Integral (PI) controller based on torque feedback and a friction compensator

to reduce the effects of the ball screw transmission.

The friction compensator is defined as a function of ankle joint velocity:

uFa (t) = (FC + Fv|q̇a(t)|) sgn(q̇a(t)), (3.11)

where FC = 0.3 is the Coulomb friction coefficient and Fv = 0.01 is the viscous friction

coefficient of the ankle actuator. The torque PI controller is given by

uτa(t) = −Kτ
p ea(t)−Kτ

I

∫ t

0

ea(σ) dσ, (3.12)

where ea = τma − τda is the ankle torque error between the measured torque τma and the

desired torque τda. The measured torque τma is determined by the ball screw linear force

Fl and the angle of attack of the ball screw to the lever arm from the ankle joint forward

kinematics (see Fig. 3.11). The torque proportional gain Kτ
p compensates for the current

values of the error, while the torque integral gain Kτ
I reduces the offset between the measured

and desired torques as error accumulates over time. Finally, the desired motor current

uAa = uFa + uτa (3.13)

is sent to the ankle motor amplifier, which runs an internal current loop.

3.3.4 From Rhythmic to Volitional Control

This section discusses an altered version of the phase-based control scheme used in the

clinical case study described in Chapter 5 for non-rhythmic motion. In general, human
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walking is a steady rhythmic motion during gait. Yet, during daily life there are non-

rhythmic motion or, in other words, volitional locomotion performed by a human. Volitional

locomotion activities may include swaying back/forth during stance or swing period, walking

forward/backward transitions, ambulating over an obstacle, or performing such tasks as

kicking a soccer ball. Some volitional control of powered prostheses involve a finite state

machine approach with new impedance-based controllers and switching rules, while having a

higher-level locomotion mode recognition to detect the volitional activity [122, 123]. Other

approaches use electromyography (EMG) signals placed on the residual limb, where pattern

recognition techniques are implemented to control the volitional movement of the prosthesis

[38, 46]. Generally, EMG sensors are a time consuming task for probe placement, the sensors

have dynamic noise from reading muscle activation, and intent recognition classifiers can give

false detection by way of muscle fatigue from a subject. The method of virtual constraints

can be applicable for performing overground volitional control activities.

The unified phase-based controller presented in Section 3.3.3 is tailored for rhythmic

motion while capturing a periodic orbit in regards to thigh angle phase portrait to obtain a

continuous sense of phase [113]. To handle volitional control activities, a piecewise holonomic

phase-based control was developed for tailoring non-rhythmic motion. The aim was to

incorporate a holonomic virtual constraint, where the desired joint kinematic trajectories

of human data from [116] as well as described in Section 2.2 were parameterized against a

piecewise phase variable defined from the motion of the thigh angle along gait. The piecewise

manner comes from computing phase variables for the stance (sst) and swing (ssw) period

in the following form:

sst(qh) =
qmaxh − qh
qmaxh − qminh

κ (3.14)

ssw(qh) = 1 +
1− sfst

qmaxh − qmin,fh

(qh − qmaxh ), (3.15)

where qh is the measured thigh angle, qmaxh and qminh are tunable maximum and minimum

thigh angle, respectively, sfst is the last value of sst, q
min,f
h is the last value of qminh , and κ
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S4
(𝑠𝑠𝑠𝑠𝑠𝑠)

Heel Strike
(𝑠𝑠𝑠𝑠𝑠𝑠 <= 𝑠𝑠𝑝𝑝𝑝𝑝/2 ||

FSR == HI)

Swing
(FSR == LO)

Terminal Stance
(𝑠𝑠𝑠𝑠𝑠𝑠 > 𝑠𝑠𝑝𝑝𝑝𝑝 && FSR == HI)

Preswing Backward
(𝑠𝑠𝑠𝑠𝑠𝑠 > 𝑠𝑠𝑝𝑝𝑝𝑝/2)

Heel Strike
(𝑠𝑠𝑠𝑠𝑠𝑠 <= 𝑠𝑠𝑝𝑝𝑝𝑝/4  &&  FSR == HI)

Preswing
( ̇𝑞𝑞ℎ > 0)

S5
(𝑠𝑠𝑠𝑠𝑠𝑠) Swing

(FSR == LO)

Swing
(FSR == LO)

Swing
(FSR == LO)

FORWARD WALKINGBACKWARD WALKING

Figure 3.15. A finite state machine for using a piecewise phase variable for performing
stance or swing for either forward or backward walking. The blue circles refers to Eq. 3.14
and yellow circles refers to Eq. 3.15. Between each state there are transition rules that
consist in evaluating sst about ankle push-off threshold spo, FSR sensing for ground foot
contact (HI) or no contact (LO), or thigh velocity q̇h changing sign during preswing.

is a tune parameter for when sst is at a minimum thigh angle qminh during gait. The main

distinction to determine which phase variable to use comes from the FSR sensor presented

in Section 3.2 for detecting when a subject is in stance or swing. When FSR is reading a

high voltage threshold value (foot is in contact with the ground) it indicates the subject is in

stance period (HI equals binary value of 1). If the FSR reads a low voltage threshold value

then it indicates the subject is in swing period (LO equals binary value of 0). The high and

low voltage threshold values are tuned to voltage readings when the subject is standing on

the leg and when the leg is off the ground, respectively.

To utilize these phase variables for when a subject is in either stance or swing, a finite

state machine was implemented. Fig. 3.15 represents a four state FSM (S1-S4) to perform

59



the states of forward walking and an additional state (S5) for backward walking. The FSM

transitions rules between states determine when a transition should occur to output the

phase variable for either stance (Eq. 3.14) or swing (Eq. 3.15) control for the leg within

the gait cycle. The forward walking states in Fig. 3.15 performs sequential transitions to

complete a gait cycle with the ability to exit at any point to go to swing motion (S4). The

FSM begins at state S1 for heel-strike with using Eq. 3.14 stance phase variable. As the FSR

equals HI and sst becomes greater than the predefined ankle push-off phase variable spo, the

transition from S1 to S2 occurs as the subject progresses towards terminal stance. Then

as the subject approaches preswing to swing from the change in sign of thigh velocity q̇h,

the phase variable output switches from using sst to ssw. The switch is a smooth transition

as Eq. 3.15 has an adaptable parameter that captures the last stance phase variable value

sfst from Eq. 3.14. Note, the transitions from S1 to S3 are intended to be unidirectional in

its sequence. The benefit with this sequential approach is to have ankle push-off occur at

the moment it should perform along gait as preswing initiates before entering swing period.

From S3 the subject will transition to S4 while still in swing control before returning to S1 at

heel-strike as the FSR goes HI to continue to the next stride. State S4 has significance that

it is an exit strategy for the other states S1-S3 to transition into swing when FSR goes LO.

This allows a subject to have volitional control at any point in stance to instantly transition

to swing motion.

The underlying volitional control provides motion with regards to instant changes to

performing either forward or backward walking. The state S5 takes in effect if a subject

were to swing their thigh in a backward motion and then make contact to the ground,

to then ambulate backwards bypassing the transition to S1 for forward walking sequence.

S4 to S5 is focused on the region of sst with regards to spo in determining if the thigh is in

backward motion while observing if sst value has passed beyond the push-off threshold spo. If

backward motion occurs while being in state S5, the subject can continue to move backwards
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in stance control without approaching the value of spo to perform push-off. To conclude,

Eq. 2.6 is parameterized by the piecewise phase variable from Eqs. 3.14 and 3.15 for virtual

constraint control, similar to the form in Eq. 3.9 described in Section 3.3.3. This control

scheme will be utilized for experiments for non-rhythmic motion experiments for overground

walking discussed in Chapter 5. The finite state machine subsystem was implemented in

MATLAB/Simulink as part of the real-time control and can be seen in Fig. C.11.

3.4 Prosthesis Performance Evaluation

3.4.1 Benchtop Performance

The section covers benchtop testing performed on UTD Leg 1 prior to walking experiments.

Several test cases were performed for characterizing the actuation system and quantifying the

performance of leg. Characterization testing was limited to the ability to perform the test by

way of test equipment availability while having the constraint of it not being a destructive

test. Therefore, motor friction characterization and closed loop frequency response testing

was able to be performed. Step responses and duty cycles were also performed to determine

the transition responses of each joint actuator system.

Actuation Performance

Prior to installing the motors to the actuator assembly, a motor friction characterization test

was conducted to aid in potential future work for modeling the system. The motor used for

the leg (Section 3.1) was mounted to a vertical faceplate fixture in order to conduct the test.

For identifying a friction model, a formula for the friction effect can be represented in the

following form:

Ff (v) = Fs sgn(v) + Fσv,
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Figure 3.16. An example representation of a Viscous friction with Coulomb friction versus
velocity effect (left). Actual motor torque versus motor rate performed on the Maxon motor
(right) closely resembles the friction force element model on the left.

where Fs is the Coulomb friction parameter and Fσ is the viscous friction parameter [4].

The friction model defines the Coulomb parameter Fs as the normal force times the friction

coefficient to produce a static friction. The viscous friction is a linear force with respect to

the sliding velocity pressing surfaces together. The test consist of commanding a range of

positive and negative motor torque values in torque control mode, while measuring motor

rate. The empirical results in Fig. 3.16 can determine the friction parameters for Ff as

Fs = 0.76 Nm and Fσ = 0.00413E-3 Nm-s, so its possible to use these parameters as part of

the build-up of an actuator model to perform model-based control strategies.

For this is a first generation prototype, a full friction characterization test of the overall

actuator could not be performed due to lack of test equipment availability and the potential of

being a destructive test with large desired rate transitions. Future actuator characterization

can be performed for UTD second generation Leg (Leg 2), which has recently been built

in late 2017 [19]. Each joint for Leg 2 has a rotating actuator design with the ability to

characterize the actuator system itself as it is can be a standalone subassembly unit. Leg 1
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Figure 3.17. Left Column: Knee (top) and Ankle (bottom) angular position step response.
The dotted black line is the desired command at 0.1745 radians and the solid red line is the
joint actuation response output. Right Column: Knee (top) and Ankle (bottom) angular
position step duty cycle response. The dotted black line is the desired step commands at
multiple positions and the solid red line is the joint actuation response output.

was built as an entire assembly and does not have the ability for a single actuator subassembly

unit to test.

Table 3.2. Step Response Characteristics for UTD Prosthetic Leg

Knee Ankle

Rise Time (sec) 0.917 0.205

Peak Time (sec) 2.57 1.64

Settling Time (sec) - 1.48

To evaluate the system performance, a linear Proportional-Derivative (PD) controller was

implemented in position mode to control the leg joints individually. The PD controller consist

of a control law uPD = −Kp(θ − θd) −Kdθ̇, where θd is the desired joint angular position,

θ is the measured joint angular position, θ̇ is the measured joint angular velocity, Kp is the

proportional gain affecting the stiffness of the joint, and Kd is the derivative gain behaving

as a damping term. Gains were manually tuned to achieve small steady-state tracking

error. Step inputs were evaluated at each joint to obtain dynamic response characteristics

63



0 5 10 15 20 25
−0.1

−0.05

0

0.05

0.1

Time (sec)

A
ng

ul
ar

 P
os

iti
on

 (
ra

d)

0 2 4 6 8 10 12
0

0.005

0.01

0.015

0.02

Frequency (Hz)

S
pe

ct
ru

m
 M

ag
ni

tu
de

, |
Y

(f
)|

Figure 3.18. Left: Commanded versus measured angular position of a sinusoidal frequency
sweep for the ankle joint. The pink dashed line is the desired command and the black solid
line is the joint actuation response output. Right: Frequency spectrum analysis between the
commanded signal and the measured signal for the ankle joint.

to evaluate the performance of the system. A position step input of 10 degrees (0.1745

radians) was commanded separately for both knee and ankle (see left column of Fig. 3.17).

Response characteristics were computed and presented in Table 3.2. The ankle step response

has better performance with faster response and settling time than the knee. Note the knee’s

actuation system receives a larger inertia to overcome with the opposing moment due to the

mass of the leg during free swing. Thus, the knee has a slower response time compared to

the ankle, where the settling time could not be computed based on its undershoot response.

Control gains were selected for stable responses. Gains were increased to improve the control

response of the knee, but under disturbances it proved to be unstable so gains were returned

to lower values.

A step duty cycle was commanded to both joints individually to evaluate transient re-

sponses during small time durations (see right column of Fig. 3.17). The desired position

commands applied in order were [0, 0.01745, 0, -0.01745, 0, 0.08727, 0.1745, 0.2618, -0.08727,

-0.1745, -0.2618, -0.1745, -0.08727, 0, 0.08727, 0] radians at various time intervals over time

length of 30 seconds. Again the ankle actuator was able to meet the desired commanded

64



10
1

10
2

−60

−40

−20

0
M

ag
ni

tu
de

 (
dB

)

10
1

10
2

−200

−100

0

Frequency (Hz)

P
ha

se
 (

de
g)

10
1

10
2

−60

−40

−20

0

M
ag

ni
tu

de
 (

dB
)

10
1

10
2

−200

−100

0

Frequency (Hz)

P
ha

se
 (

de
g)

Figure 3.19. Empirical results of closed-loop frequency response of UTD Leg 1 ankle (left)
and knee (right).

position, while the knee had steady-state error due to its undershoot behavior response.

However, experimentation with the leg attached to amputees, an aided torque will be ap-

plied to the knee joint due to the moment created from the thigh motion during swing period.

These results are preliminary benchtop testing. Future work may entail performing system

identification techniques to accurately determine the open loop bandwidth of each actuator.

Its important to note it may potentially be a destructive test, particularly for the knee, if a

full open loop frequency response test is to be performed.

To characterize the closed loop system, a frequency response test was performed at each

joint. For example, the test consisted of commanding a position sine sweep at different

frequency values and measuring the response from the ankle (Fig. 3.18). The frequency

sweep was performed at increments of 1 Hz from 1 to 10 Hz and then afterwards increments

of 10 Hz up to frequency of 100 Hz. Using a joint PD controller to track a position sine

sweep, benchtop experiments determined that the closed-loop position bandwidth (defined

by -3 dB magnitude crossover frequency) exceeds 3.5 Hz at each joint (Fig. 3.19). This

performance is sufficient for tracking human joint trajectories during walking (frequencies

up to 2 Hz) [58, 116].
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Figure 3.20. Photo of able-bodied human subject walking on the powered prosthesis through
a leg-bypass adapter during treadmill experiment. The IMU can be seen attached to a red
mount on the bypass adapter.

3.4.2 Preliminary Able-Bodied Subject Experiments with Fixed Virtual Con-

straints5

Experimental Setup and Protocol

Benchtop experiments were first performed to tune the two control parameters (Kpi, Kdi)

per joint (Eq. 3.10) in order to determine starting parameters for walking experiments.

The parameters were tuned with the prosthesis attached to the bench while an able-bodied

subject walked on a treadmill at their comfortable walking speed (2.0 miles/hour (mph))

with the IMU sensor mounted fixed to their thigh along the sagittal plane to compute the

phase variable. The leg was controlled by the virtual constraints as the subject walked

5 c© 2016 IEEE. Reprinted, with permission, from D. Quintero, D. J. Villarreal, and R. D. Gregg, Pre-
liminary Experiments with a Unified Controller for a Powered Knee-Ankle Prosthetic Leg Across Walking
Speeds, IEEE/RSJ International Conference on Intelligent Robots and Systems (IROS), 2016.
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continuously. Control parameters were then tuned until tracking error was reduced while

observing the prosthesis as it synchronized with the subject’s leg during walking. After the

initial control parameters were determined, the leg was mounted onto the bypass adapter

for the able-bodied subject experiments.

The experimental protocol was reviewed and approved by the Institutional Review Board

(IRB) at The University of Texas at Dallas. Experiments were conducted with an able-

bodied subject wearing the powered prosthesis through a leg-bypass adapter while walking

on a treadmill (Fig. 3.20). Prior to recording data, the subject was given time to acclimate

to the prosthetic leg. During this time only one parameter was adjusted for the comfort

of the human subject. Specifically, the knee joint’s proportional gain Kpk was lowered for

less forceful interaction with the subject. A smaller knee proportional gain was required

during walking because of the thigh motion produced by the human, which created an

aiding moment at the prosthetic knee joint. Note that the subject’s comfortable walking

speed during initial testing with the powered prosthesis was 1.5 mph.

The experiment with variable walking speeds began with the subject at rest on a tread-

mill. Walking was initiated by setting the treadmill speed to 1.0 mph. The treadmill speed

was increased by increments of 0.5 mph after about 15 seconds of comfortable, steady walk-

ing at each speed. The highest walking speed reached was 3.0 mph. After walking at the

fastest speed, the subject lowered speed to 2.0 mph and then 1.0 mph before settling back

to rest. The same controller was used for all walking speeds.

A gait speed classifier is also implemented to automatically update the joint kinematics of

the virtual constraints as walking speed changes for joint specific kinematics. These results

demonstrate that the unified control approach can perform multiple activities for multiple

users without re-tuning control parameters, which could drastically reduce the configuration

time of powered knee-ankle prostheses compared to state-of-art methods [109]. Beyond speed

classifiers, there are many classification techniques that can be implemented for this virtual

constraint control framework for task-specific control [83, 48, 111, 119].
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Figure 3.21. The normalized phase variable over raw time per stride for 40 continuous strides
at various walking speeds (1 to 3 mph). The phase variable is monotonic and approximately
linear for all strides, where the slope of the trajectory depends on the walking speed. Flat
regions can be observed between 0 and 0.4 sec in a few trajectories, which are the result of
a zero-order hold to enforce monotonicity during non-steady walking motions (i.e., the first
few steps after starting from rest).

Experimental Results

A supplemental video of the experiment is available for download in [86]. The video demon-

strates the subject’s control over the prosthetic joints through their thigh motion. Fig. 3.21

shows the phase variable (computed from the phase plane in Fig. 3.13) over time for 40 con-

tinuous strides between 1.0 to 3.0 mph. The trajectories with shallower slopes over a longer

time period correspond to slower walking, whereas the steeper slopes over a shorter time

period correspond to faster walking. The slope of the phase variable trajectory influenced

the speed of the commanded joint trajectory through Eq. 3.9, by which the prosthetic leg

adapted its kinematics to the user’s walking speed. The mean and standard deviation of

the phase variable are shown over normalized time in Fig. 3.22. Overall, the phase variable

exhibited a consistent, linear trajectory, which enabled consistent, smooth behavior for the

prosthetic leg. The small variability about the mean can be attributed to transient changes

in speed between treadmill settings and normal variability between the durations of stance
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Figure 3.22. The normalized phase variable over normalized time per stride at various
walking speeds (1 to 3 mph). The average trajectory (blue solid line) and ±1 standard
deviation (shaded region) are computed across 40 continuous strides. The phase variable is
strictly monotonic and approximately linear across the gait cycle.

vs. swing. For example, gait cycles with a longer stance period and shorter swing period

would account for shallower slopes between 0 and 0.6 normalized seconds in Fig. 3.22.

For the experiments, the DFT virtual constraints in Fig. 3.23 were designed from able-

bodied human data for normal walking speed [116]. Fig. 3.24 displays the mean and standard

deviation of the commanded and measured joint angles over the phase variable. The com-

manded signals exhibit negligible variance, which was expected from the definition of virtual

constraints as functions of the phase variable (the x-axis of Fig. 3.24). The larger variations

of the measured joint angles demonstrate the flexibility afforded by the controller as external

forces change with speed. Some phase delay can be observed in tracking the commanded sig-

nal, which the control gains were tailored for the comfort of the subject and produced more

tracking error. Efforts at shifting the phase variable to compensate for this phase delay did

not prove beneficial in these experiments. For a different perspective, the joint kinematics

are shown over normalized time in Fig. 3.25. The variations in the commanded signals are

associated with variations of the measured phase variable within gait cycles (Fig. 3.22).
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Figure 3.23. The desired joint trajectory and the virtual constraint by DFT with K = 10
(see Eq.2.6) for the knee (left) and ankle (right) with normal walking (NW) speed for an
entire gait cycle. The reference data from [116] is indicated with solid lines and the virtual
constraint is indicated with broken lines. Note, the knee angle is defined from the thigh to
the shank and the ankle angle is defined from the shank to the foot (minus 90 deg). Both
angles follow the right-hand rule.

The motor current commands sent to the motor drivers were measured across the various

walking speeds (Fig. 3.26). These motor commands roughly correspond to output torque

at the joints through a nonlinear mapping based on the dynamics and kinematics of the

actuator transmission. The ankle demanded the highest torque during a noticeable powered

push-off (phase variable between 0.5 to 0.6) at the end of stance. The knee required the

most torque during late stance (knee flexion) and late swing (knee extension).

3.4.3 Gait Speed Classifier Experiments

To emulate joint speed specific kinematics, a gait speed classifier was implemented to demon-

strate the user viability of automatically switching between different virtual constraints as

walking conditions change. This brings the possibility of using our task-specific control ap-
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Figure 3.24. Joint kinematics of the prosthetic knee (top) and ankle (bottom) over the
phase variable at various walking speeds (1.0 to 3.0 mph). The black dashed line is the
average commanded angle for each joint. The red solid line is the average measured angle
for each joint. The shaded regions represent ±1 standard deviation about the mean. The
averages and standard deviations are taken over 40 continuous strides. The control system
reasonably tracked the commanded angles from the virtual constraints, which were designed
from healthy human data in Fig. 3.23.

Figure 3.25. Joint kinematics of the prosthetic knee (top) and ankle (bottom) over normal-
ized time at various walking speeds (1.0 to 3.0 mph). The black dashed line is the average
commanded angle for each joint. The red solid line is the average measured angle for each
joint. The shaded regions represent ±1 standard deviation about the mean. The averages
and standard deviations are taken over 40 continuous strides.

71



0.1 0.2 0.3 0.4 0.5 0.6 0.7 0.8 0.9
-30

-20

-10

0

10

20

30

K
ne

e 
M

ot
or

 C
ur

re
nt

 (
A

)

0.1 0.2 0.3 0.4 0.5 0.6 0.7 0.8 0.9
-30

-20

-10

0

10

20

30

Phase Variable

A
nk

le
 M

ot
or

 C
ur

re
nt

 (
A

)

Figure 3.26. The commanded motor currents from the controller for the knee (top) and
ankle (bottom) over the phase variable at various walking speeds (1.0 to 3.0 mph). The knee
requires the most current during the swing period (phase variable between 0.6 to 1.0), and
the ankle current peaks during late stance (phase variable between 0.5 to 0.6) as powered
push-off injects energy to propel the prosthetic leg into swing motion. Note, push-off occurs
around phase variable of 0.6.

proach in a higher-level task state machine. A finite state machine classified between slow

(1.5 mph), normal (2.0 mph), and fast (2.5 mph) walking speeds based on the cadence of

the subject. The cadence of each stride was calculated by taking the inverse of the amount

of time between prosthesis heel strikes. The classifier selected the walking speed by compar-

ing the most recent cadence measurement to non-overlapping intervals centered about the

average pre-recorded cadence for each speed. Note, other gait speed classifier methods can

also be implemented, such as the one described in Section 3.3.2.

An “autospeed” experiment was performed separately using the classifier on the prosthe-

sis as the subject accelerated from slow to normal to fast walking in a continuous sequence

(30 s for each condition). This experiment was performed by an able-bodied subject using a

bypass adapter as shown in Fig. 3.20. The best results were obtained with additional damp-

ing (i.e., more compliance) in the knee controller. No other control parameters changed.
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Fig. 3.27 shows the temporal trajectories of the phase variable for all consecutive strides,

demonstrating appropriate changes in slope as walking speed changes. Moreover, the time

duration of each stride is grouped around one of the three averages (i.e., slow, normal, and

fast), which allowed the classifier to choose the correct virtual constraints for the walking

speed. This is confirmed by Fig. 3.28, in which the joint trajectories of each stride are closely

grouped around one of the three kinematic averages. These plots also demonstrate that the

subject was able to seamlessly transition between speed conditions using the classifier.

3.4.4 Discussion

We developed a single, unified prosthesis controller that captures the entire gait cycle using a

periodic virtual constraint driven by a human-inspired phase variable. The unified controller

eliminates the need to divide the gait into different periods with independent controllers,

reducing the control parameters to tune for each individual subject and walking speed.

This could significantly reduce the clinical time and effort to configure a powered knee-ankle

prosthesis for an individual subject. The controller was implemented in a powered prosthesis

and tested with an able-bodied subject using a bypass adapter to evaluate walking at variable

speeds.

The results from Section 3.4.2 used the same controller for all walking speeds, demon-

strating adaptability as the human user initiated, accelerated, decelerated, and terminated

walking with their thigh motion. Although the controller used fixed virtual constraints based

on able-bodied joint kinematics for a specific walking speed, the human subject naturally

forced desirable changes in the prosthetic knee and ankle kinematics as the walking speed

changed (Fig. 3.24). This behavior approximates the slight variations observed in able-bodied

joint kinematics across different walking speeds [116]. The combination of the flexible con-

troller and the subject’s intact hip joint enabled appropriate changes in step length as the

walking speed changed to achieve a comfortable walking gait. Chapter 4 investigates using
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Figure 3.27. Prosthesis phase variable vs. time for a consecutive sequence of strides at
slow (SW, 1.5 mph), normal (NW, 2.0 mph), and fast (FW, 2.5 mph) speeds with the
autospeed classifier. The mean SW, NW, and FW phase trajectories (thick lines) are shown
for reference.
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Figure 3.28. Prosthetic joint angles for a consecutive sequence of strides at slow (SW, 1.5
mph), normal (NW, 2.0 mph), and fast (FW, 2.5 mph) speeds with the autospeed classifier.
The mean SW, NW, and FW joint trajectories (thick lines) are shown for reference.
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task-specific joint commanded trajectories (as in [45]) that could be beneficial to produce

the appropriate joint torque and power for effective walking at a particular speed.

The maximum speed achieved in these experiments is on par with the fastest walking

speed currently reported in the literature [60] for a powered knee-ankle prosthesis, but our

results were achieved with a single controller. This walking speed is substantially faster than

typical finite state machine approaches for walking (e.g., [107]), but not as fast as the running-

only controller in [99]. To our knowledge, no other controller has been reported for a knee-

ankle prosthesis that can vary across such a wide range of walking speeds without adjusting

any control parameters. Future efforts include additional control loops, such as closed-loop

torque control, which can potentially provide better tracking that may enable faster walking.

Preliminary experiments also suggest that comfortable walking can be achieved without

retuning control parameters for different human subjects, which is part of the contribution

work in Chapter 4.

We then demonstrated in Section 3.4.3 that a task-level finite state machine can pick

the appropriate virtual constraints as conditions change, specifically walking speed. A gait

speed classifier was implemented to automatically update the virtual constraints as walking

speed changes. This was done to demonstrate the viability of using our task-specific control

approach in a higher-level task state machine, for which many classification techniques exist

[83, 48, 111, 119].

The proposed control approach can be applied equally well to other locomotion activities

with well-characterized joint kinematics from able-bodied data, such as walking on slopes

or stairs [116]. Furthermore, the clinical viability can be demonstrated by giving clinicians

graphical interface to tune the joint trajectories in this control framework, as opposed to

iteratively guessing several impedance parameters in a state machine to achieve the intended

effect. This will be explored further in Chapter 5. Experiments involving transfemoral

amputee subjects to further validate the performance of the powered prosthesis using the

unified controller is given in Chapter 4.
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CHAPTER 4

TRANSFEMORAL AMPUTEE SUBJECT EXPERIMENTS USING

UNIFIED CONTROL ON A POWERED PROSTHESIS1

This chapter describes the experimental setup, protocol, and results with three amputee

subjects walking at different speeds and inclines. The experimental protocol was approved

by the Institutional Review Board (IRB) at The University of Texas at Dallas. Handrails

and/or a safety harness were provided to prevent falls, though no adverse events occurred.

The hardware knee-ankle robotic leg used during experiments is described in Sections 3.1

and 3.2.

The periodic virtual constraints were parameterized against the thigh phase angle in

order to continuously define the desired joint kinematics across strides. In particular, virtual

constraints defined with the Discrete Fourier Transform (DFT) encapsulate the property

of periodicity [85], which respects the repetitive nature of the gait cycle. The conceptual

design of DFT virtual constraints was studied in simulations of an amputee biped model in

Chapter 2, demonstrating that the continuous-phase controller can produce stable walking for

various walking speeds. Preliminary experiments with this control method were conducted

with an able-bodied subject wearing a powered knee-ankle prosthesis through a leg bypass

adapter in Section 3.4.2. This chapter expands that work with amputee subject users and

investigates the phase-based controller for not just various speeds, but for various slopes of

ascent and descent as well.

1 c© 2018 IEEE. Reprinted, with permission, from D. Quintero, D. J. Villarreal, D. J. Lambert, S. Kapp,
and R. D. Gregg, Continuous-Phase Control of a Powered Knee-Ankle Prosthesis: Amputee Experiments
Across Speeds and Inclines, IEEE Transactions on Robotics (TRO), Accepted on January 2018.
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4.1 Initial Setup and Tuning

The control parameters used in the amputee experiments were determined through benchtop

and able-bodied testing. First, the top of the prosthetic knee joint was mounted to a rigid

bench. The control parameters in Section 3.3.3 were tuned while the joints tracked walking

trajectories based on prerecorded phase variable measurements. After finding a set of control

parameters that reasonably enforced the virtual constraints, the prosthesis was mounted onto

a leg-bypass adapter that allows an able-bodied subject to walk on the prosthesis. The IMU

was mounted above the prosthetic knee joint and aligned in the sagittal plane.

An able-bodied human subject walked on the powered prosthesis as in [86]. After record-

ing several strides of IMU data, a Principal Component Analysis (PCA) was done to compute

a transformation matrix that further decouples the Euler angles of the frontal and sagittal

planes [52]. Control parameters were then retuned as the able-bodied subject walked on

a level treadmill at their comfortable speed. The knee joint parameters were reduced to

account for the aiding hip moment and to produce less forceful interaction with the user,

resulting in slightly more knee angle tracking error. The ankle torque control parameters

(Eq. 3.12) were increased to provide more push-off torque against the weight of the subject.

The friction compensator parameters from Eq. 3.11 remained the same.

Table 4.1. Characteristics of Transfemoral Amputee Subjects
Subject Gender Height (m) Weight (kg) Age (yrs) Post-Amputation Time (yrs) Amputated Side

TF01 Male 1.702 87.1 34 18 Left
TF02 Male 1.69 65.8 29 20 Right
TF03 Male 1.78 70.6 37 7 Left

Table 4.2. Ranges of Activities Performed by Transfemoral Amputee Subjects
Subject Min Speed (mph) Max Speed (mph) Min Slope (deg) Max Slope (deg)

TF01 1.5 2 -2.5 7.5
TF02 1.5 2.7 -2.5 9
TF03 1.5 2.7 -2.5 7.5
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Figure 4.1. Photo of transfemoral amputee subject wearing the powered knee-ankle pros-
thesis. The IMU sensor is mounted on the pylon between the residual limb socket and the
prosthetic knee joint (in the sagittal plane).

4.1.1 Experimental Setup and Protocol

Experiments were conducted with three transfemoral amputee subjects (TF01–03) as re-

ported in Table 4.1. Each subject met the inclusion criteria, e.g., weight less than 113 kg, 18

to 70 years in age, and no neuromuscular disorder or secondary health problems that would

prohibit their ability to participate in the study activities. All subjects had zero to minimal

experience using a powered prosthesis.

A certified prosthetist attached the powered prosthesis to each subject’s current, well-

fitting custom socket (Fig. 4.1) and aligned the prosthesis appropriately. The subjects be-

came acclimated to the powered prosthesis by walking overground along handrails for about

20 minutes. The transformation matrix for decoupling the IMU Euler angles was also com-

puted during this period. Once acclimated, the subject participated in treadmill experiments

with different speeds and inclines. The same control gains were used across all trials.
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The subject first walked on a level treadmill at different speeds with virtual constraints

corresponding to slow, normal, or fast kinematics (Section 2.2). Walking speeds are reported

in the units of the treadmill, miles per hour (mph). Initially, the subject walked as the

treadmill speed incrementally increased to 2.0 mph (0.89 meters/sec) to verify that this was

a comfortable, normal walking speed. Then, the slow and fast speeds were defined at 1.5

mph (0.67 meters/sec) and 2.5 mph (1.12 meters/sec), respectively. Individual slow, normal,

and fast speed trials were performed at the subject’s discretion with the corresponding

kinematics for a minimum of 30 seconds to capture a consecutive sequence of steady-state

strides. The subject was also given the option to walk at a very fast speed of 2.7 mph (1.21

meters/sec) with the fast kinematics. Trials were then performed at these speeds using fixed

normal-speed kinematics to examine the adaptability provided by the phase variable alone.

Next, the subject walked at the normal speed on different treadmill inclines using the

corresponding virtual constraints (Section 2.2). The subject started on a slope of −2.5 deg

(the minimum slope of the treadmill). Then the slope was incremented by +2.5 deg until

reaching the user’s maximum comfortable slope or +9.0 deg (the maximum slope of the

treadmill). Walking data was recorded at each slope condition for at least 15 seconds. The

subjects also walked successfully on variable inclines using fixed joint kinematics, but those

results are withheld for this experimental study.

4.2 Amputee Experimental Results

The range of speeds and slopes achieved by each subject is given in Table 4.2. A supplemental

video of all subjects walking across these conditions is available for download in [87]. We first

highlight results at the normal walking speed on level ground and then present differences

over speeds and inclines.

79



-60 -50 -40 -30 -20 -10 0 10
-300

-200

-100

0

100

200

Angular Position (deg)

A
ng

ul
ar

 R
at

e 
(d

eg
/s

)

 

 

a

Knee - TF01
Ankle - TF01
Knee - AB
Ankle - AB

-60 -50 -40 -30 -20 -10 0 10

-300

-200

-100

0

100

200

Angular Position (deg)

A
ng

ul
ar

 R
at

e 
(d

eg
/s

)

 

 

b

Knee - TF02
Ankle - TF02
Knee - AB
Ankle - AB

-60 -50 -40 -30 -20 -10 0 10
-300

-200

-100

0

100

200

Angular Position (deg)

A
ng

ul
ar

 R
at

e 
(d

eg
/s

)

 

 

c

Knee - TF03
Ankle - TF03
Knee - AB
Ankle - AB

Figure 4.2. Phase portrait of the prosthetic leg (measured joint angular positions versus
velocities) over 20 consecutive strides of steady-state, level-ground walking at the comfortable
speed (about 2.0 mph) for amputee subjects TF01 (a), TF02 (b), and TF03 (c), compared
with averaged able-bodied data (AB) [116]. Note that the prosthetic joints follow similar
orbits to the able-bodied data.

4.2.1 Normal Level-Ground Walking

Fig. 4.2 shows the phase portraits of prosthetic joint angles versus velocities for all three am-

putee subjects walking on level ground at 2.0 mph with the normal-speed virtual constraints.

Each subject was able to walk comfortably with the prosthesis and achieve a normative pe-

riodic orbit over consecutive strides. The phase portrait of subject TF01 exhibits the least

variance due to more consistent hip motion. However, slower hip motion during swing re-

sulted in slower prosthetic knee extension for this subject.
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Figure 4.3. Powered prosthesis joint kinematics/kinetics for TF01 level-ground walking at
2.0 mph, averaged over 20 consecutive strides with ±1 standard deviation shown by shaded
regions. The commanded (Cmd) and measured (2.0 mph) joint angles are shown over nor-
malized time (a–b) and over the phase variable (c–d). The estimated joint torques (e–f) and
powers (g–h) are normalized by subject mass and compared with averaged able-bodied data
(AB) over the phase variable [116]. The knee torque is estimated with the measured motor
current and the knee actuator model, and the ankle torque is estimated with the measured
linear force and ankle kinematic model (Fig. 3.11). The phase variable over time (i) is strictly
monotonic and nearly linear, where the most variance occurs during early and mid stance.
Box plots of mechanical work per stride (j) show the median (red line), 25th percentile (bot-
tom of box), 75th percentile (top of box), distribution bounds (black whiskers), and outliers
(red plus markers). Ankle work is positive, knee work is negative, and total work is near
zero as expected from able-bodied walking [116].
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Fig. 4.3 displays the prosthesis kinematics and kinetics for TF01 averaged over 20 consecu-

tive strides. The phase variable exhibits a nearly linear, monotonically increasing trajectory

over time (Fig. 4.3i). The small variability about the mean can be attributed to normal

within-stride variability between stance and swing, e.g., the phase variable exhibits a shal-

lower slope during a longer stance period and a steeper slope during a shorter swing period.

This behavior synchronized torque and power delivery with critical phases of the gait cycle

(Fig. 4.3e–h) and resulted in consistent, smooth joint motion (Fig. 4.3a–d).

The commanded versus measured joint angles are shown over normalized time in Fig. 4.3a–

b and over the phase variable in Fig. 4.3c–d. Because virtual constraints define the desired

joint angles as functions of the phase variable, the commanded position only exhibits vari-

ance over normalized time. This temporal variability is associated with temporal variability

in the phase variable based on the user’s progression within the gait cycle (Fig. 4.3i), which

resulted in slower or faster progression through the desired prosthetic trajectories. The

measured joint kinematics exhibit small variance over both time and phase variable, demon-

strating consistency over multiple consecutive strides. Some phase delay can be observed

between the measured and commanded signals, which can be attributed to the reflected

inertia of the actuators and the lower control gains employed for user comfort.

Fig. 4.3e–h display the joint torques and powers over the phase variable, which more

accurately captures the within-stride progression of the user [113]. The knee torque and

power was smaller than normal during stance (sh ∈ [0, 0.6]) because of the non-backdrivable

actuator design, which can support the weight of the amputee without much input from the

motor. During swing period (sh ∈ (0.6, 1.0]), the knee joint provides appropriate torque and

power to help flex and then extend the knee. The ankle torque and power follow the curved

shape of able-bodied data, particularly giving push-off torque and power during late stance.

The measured values are lower than able-bodied averages due to the small control gains.

Fig. 4.3j provides box plots of the normalized mechanical work (J/kg) per stride for each

joint (i.e., the time-integral of normalized joint power (W/kg) per stride). The ankle did
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positive work over the stride, behaving as an energy generator and giving the positive power

needed for push-off [35]. The knee joint did negative work due to the negative power required

for normative swing biomechanics [14]. The total work done by the prosthesis was close to

zero, demonstrating a normative energy balance between the two joints [116].

4.2.2 Variable Speeds

Fig. 4.4 shows the averaged results for TF02 walking at different speeds with matched kine-

matics. The slope of the temporal phase variable trajectory increased with walking speed

(Fig. 4.4g) due to the faster motion of the user’s hip. This resulted in faster progression

through the prosthesis joint patterns to match the shorter stride period. The prosthesis pro-

vided appropriate kinematics by enforcing the different virtual constraints for slow, normal,

and fast walking (Fig. 4.4a–b), where the joint range of motion increased for the faster kine-

matics. The subject also performed a very fast trial (2.7 mph) using the fast kinematics, and

some dynamic adaptation can be seen compared to the fast trial (2.5 mph). For example,

the prosthesis exhibited greater ankle dorsiflexion during early stance (sh ∼ 0.2) in the very

fast trial.

Torque and power delivery (Fig. 4.4c–f) during stance increased at faster speeds as ob-

served in able-bodied data [116]. This resulted in more (positive) ankle work and total work

at faster speeds (Fig. 4.4h), thus providing more assistance to the user. The subject spent

more time in stance (i.e., a later stance-to-swing transition) while walking at the slow speed,

resulting in some differences from the faster speeds. For example, the slow speed exhibited a

longer period of ankle push-off torque and power (with less magnitude). At the slow speed,

the knee had a large peak of negative power during swing flexion (sh ∼ 0.65), possibly to

slow the knee while the user’s hip rapidly accelerated to complete the shorter swing period.

Subject TF02 was able to walk at the same range of speeds using fixed normal-speed

kinematics (Fig. 4.5) due to the temporal adaptation provided by the phase variable. In par-

ticular, the phase variable exhibited speed-appropriate slopes over time (Fig. 4.5g), which
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Figure 4.4. Powered prosthesis joint kinematics/kinetics for TF02 level-ground walking at
multiple speeds with slow, normal, and fast kinematics, averaged over 15-20 consecutive
strides. The measured joint angles over phase (a–b) demonstrate that faster speeds produce
a larger range of motion. The estimated joint torques (c–d) and powers (e–f) are normalized
by subject mass and plotted over phase, demonstrating more torque and power at faster
speeds. The phase variable over time (g) is monotonic with a steeper slope (i.e., shorter time
duration) for faster speeds. Box plots of mechanical work per stride (h) show the median
(red line), 25th percentile (bottom of box), 75th percentile (top of box), distribution bounds
(black whiskers), and outliers (red plus markers) for each speed condition. Ankle work and
total work increase with walking speed as expected [116].
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Figure 4.5. Powered prosthesis joint kinematics/kinetics for TF02 level-ground walking at
multiple speeds with fixed normal-speed kinematics, averaged over 15-20 consecutive strides.
The measured joint angles (a–b), normalized joint torques (c–d), and normalized joint powers
(e–f) are more appropriate for slow and normal speeds than the fastest speed. The phase
variable over time (g) adapts appropriately with all speeds, having a steeper slope (i.e.,
shorter time duration) for faster speeds. Box plots of mechanical work per stride (h) show the
median (red line), 25th percentile (bottom of box), 75th percentile (top of box), distribution
bounds (black whiskers), and outliers (red plus markers) for each speed condition. Ankle
work and total work are appropriate for slow and normal walking but insufficient for the
fastest speed [116].
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appropriately slowed or accelerated the prosthetic leg’s progression through its fixed joint

trajectories. The different load conditions for slow and fast walking resulted in some dy-

namic adaptation in the prosthetic joint kinematics, especially at the slow speed (Fig. 4.5a–

b). However, the fixed kinematics did not allow the joint kinetics (Fig. 4.5c–f) to adjust

appropriately to changing speed. In particular, the ankle did not increase its torque and

power output with walking speed as in the matched kinematics experiments (Fig. 4.4c–f).

This resulted in a relatively flat trend in ankle work and total leg work as speed increased

(Fig. 4.5h). These experiments demonstrate that fixed virtual constraints can provide ade-

quate function at different walking speeds, but speed-matched virtual constraints promote

more natural gait biomechanics, especially energetics.

4.2.3 Variable Inclines

Fig. 4.6 shows the averaged results for the different inclines (-2.5 deg to +9.0 deg) performed

by TF02. Because the treadmill speed was consistent (2.0 mph) across inclines, the temporal

phase variable trajectory remained consistent (Fig. 4.6g). The prosthesis provided appro-

priate kinematics by enforcing the different virtual constraints for each incline condition

(Fig. 4.6a–b), where the knee joint (Fig. 4.6a) has more flexion from heel strike (sh ∼ 0) to

heel rise (sh ∼ 0.45) at steeper inclines. The ankle joint (Fig. 4.6b) exhibited more dorsiflex-

ion during stance to align the foot with the ground slope. Because of the consistent walking

speed, swing knee flexion remained consistent across inclines as expected [20, 67].

Prosthetic joint kinetics at small ground slopes (±2.5 deg) are similar to level ground

(Fig. 4.6c–f). Torque and power delivery during stance increased for inclines greater than

+5.0 deg, providing a greater vertical force to the subject’s center of mass. Ankle work

tended to increase with ground slope (Fig. 4.6h), but the trend is not as obvious as the

variable speed case (Fig. 4.4h). The total work done by the prosthesis was negative for

positive slopes, possibly because the actuators were optimized for level-ground walking or

86



0 0.2 0.4 0.6 0.8 1
-60

-50

-40

-30

-20

-10

0

Phase Variable

K
ne

e 
P

os
iti

on
 (

de
g)

 

 

aaaaaa

-2.5 deg
0.0 deg
+2.5 deg
+5.0 deg
+7.5 deg
+9.0 deg

0 0.2 0.4 0.6 0.8 1

-10

-5

0

5

10

15

20

Phase Variable

A
nk

le
 P

os
iti

on
 (

de
g)

bbbbb

0 0.2 0.4 0.6 0.8 1

-0.3

-0.25

-0.2

-0.15

-0.1

-0.05

0

0.05

0.1

0.15

0.2

Phase Variable

K
ne

e 
T

or
qu

e 
(N

m
/k

g)

c
0 0.2 0.4 0.6 0.8 1

-1

-0.8

-0.6

-0.4

-0.2

0

Phase Variable

A
nk

le
 T

or
qu

e 
(N

m
/k

g)

d

0 0.2 0.4 0.6 0.8 1

-0.8

-0.6

-0.4

-0.2

0

0.2

Phase Variable

K
ne

e 
P

ow
er

 (
W

/k
g)

e
0 0.2 0.4 0.6 0.8 1

-0.6

-0.4

-0.2

0

0.2

0.4

0.6

0.8

1

1.2

1.4

Phase Variable

A
nk

le
 P

ow
er

 (
W

/k
g)

f

0 0.2 0.4 0.6 0.8 1 1.2 1.4 1.6 1.8
0

0.1

0.2

0.3

0.4

0.5

0.6

0.7

0.8

0.9

1

Time (sec)

P
ha

se
 V

ar
ia

bl
e

ggggg

-0.22

-0.2

-0.18

-0.16

-0.14

-0.12

-2.5 0 2.5 5 7.5 9
Slope (deg)

K
ne

e 
W

or
k 

(J
/k

g)

-0.2

0

0.2

-2.5 0 2.5 5 7.5 9
Slope (deg)

A
nk

le
 W

or
k 

(J
/k

g)

-0.3

-0.2

-0.1

0

0.1

0.2

-2.5 0 2.5 5 7.5 9
Slope (deg)

T
ot

al
 W

or
k 

(J
/k

g)

h

Figure 4.6. Powered prosthesis joint kinematics/kinetics for TF02 walking on multiple
ground slopes at 2.0 mph with slope-specific kinematics, averaged over 10-20 consecutive
strides. The measured joint angles over phase (a–b) exhibit more stance ankle dorsiflexion
and stance knee flexion/extension for steeper inclines. The estimated joint torques (c–d) and
powers (e–f) are normalized by subject mass and plotted over phase. The phase variable over
time (g) has a consistent, linear trajectory across ground slopes (i.e., similar time durations).
Box plots of mechanical work per stride (h) show the median (red line), 25th percentile (bot-
tom of box), 75th percentile (top of box), distribution bounds (black whiskers), and outliers
(red plus markers) for each slope condition.
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Figure 4.7. Powered prosthesis joint kinematics/kinetics for TF03 walking on 7.5 deg incline
at 2.0 mph, averaged over 9 consecutive strides with ±1 standard deviation shown by shaded
regions. The commanded (Cmd) and measured (7.5 deg) joint angles are shown over nor-
malized time (a–b) and over the phase variable (c–d). The commanded signals have some
variance at the end of the stride due to the use of a rate limiter as a safety feature. The
estimated joint torques (e–f) and powers (g–h) are normalized by subject mass and shown
over the phase variable. The phase variable over time (i) is strictly monotonic and nearly
linear. Box plots of mechanical work per stride (j) show the median (red line), 25th per-
centile (bottom of box), 75th percentile (top of box), distribution bounds (black whiskers),
and outliers (red plus markers).
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because the kinematic data [20] encoded into the incline virtual constraints did not provide

adequate power delivery (see Section 4.3.2).

For a closer look at another representative subject, Fig. 4.7 displays the mean and variance

of prosthesis kinematics and kinetics for TF03 on a 7.5 deg incline. The averaged results

largely match the 7.5 deg case of subject TF02 (Fig. 4.6), except the ankle provided more

positive work for TF03 (Fig. 4.7j). The ankle push-off torque and power in Fig. 4.7 have

similar amplitudes to the level-ground case of TF01 in Fig. 4.3. The inclined results in

Fig. 4.7 exhibit slightly more variance than the level-ground case, possibly because inclined

walking is a more intense activity.

4.3 Discussion

The goal of this work was to unify the gait cycle in prosthetic leg control using a contin-

uous sense of phase. We showed that periodic virtual constraints can be defined for any

speed/slope condition using the same phase variable, which enabled multiple amputee sub-

jects to walk in those conditions using the same fixed control gains. The phase variable

accommodated different walking speeds with fixed virtual constraints, but utilizing speed-

specific virtual constraints improved leg energetics. These results motivate future imple-

mentation of continuous-phase controllers within task-level finite state machines, leveraging

the rich literature on speed/slope detection [94, 84] and activity mode/intent recognition

[83, 48, 111, 119].

4.3.1 Advantages of the Control Method

The primary clinical benefit of the continuous-phase control approach is a significant reduc-

tion in the dimension of the parameter space, which greatly reduces the configuration time

for each amputee user. Current approaches that use different controllers for distinct phases

of gait [109, 104, 106, 58, 6, 18, 108, 105, 59] have dozens of control gains and switching
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rules that require hours of tuning for each user [100]. The continuous control approach elim-

inates all switching conditions between gait phases and uses fixed PD gains, making it less

sensitive to the ambulation mode and user than existing approaches. The phase variable

provides the temporal synchronization needed to walk at variable speeds even with fixed vir-

tual constraints, but speed-matched joint kinematics provide more appropriate adjustments

in prosthetic leg work. It appears that normative able-bodied joint trajectories are an ade-

quate starting point for different amputee subjects, though better user-specific performance

could possibly be achieved with minimal tuning of the reference trajectories. The four PD

gains could also be quickly modified by a clinician (see Chapter 5) or an automatic tuning

method such as [47, 2, 56, 124, 57]. Hence, the continuous-phase control approach brings

powered prosthetic legs closer to plug-and-play functionality across amputee patients.

These experiments also demonstrate that the human-inspired phase variable (the thigh

phase angle) effectively synchronizes the powered prosthesis with the user’s gait across speeds

and inclines. Because hip motion reflects the natural variability between strides (e.g., some

faster than others), prosthetic joint patterns appropriately accelerated or decelerated to

match and complete each stride in sync with the user (Fig. 4.3). The phase variable also

maintained the correct timing of critical events such as ankle push-off and swing knee flex-

ion as conditions varied (Figs. 4.4 and 4.6), which is difficult to achieve with finite state

machines. The periodic, unified virtual constraints produced very smooth, continuous joint

motion within and across strides, which is also difficult to achieve when switching between

finite states. One exception in the literature [60] has demonstrated similar ankle work and

smoothness over variable speeds using a finite state machine based on quasi-stiffness during

stance and minimum-jerk trajectories during swing.

Several qualitative observations were made during the experiments. The amputee sub-

jects mentioned the prosthetic leg’s synchronization with their intended motion. One subject

mentioned relief of back pain while using the powered prosthesis compared to their passive
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take-home prosthesis, despite the fact that the powered leg was heavier. This feeling of relief

was likely a consequence of the energy input from the powered joints, which minimized the

need for hip compensations to initiate swing knee flexion and extension as required with a

passive prosthetic leg [101, 96, 88]. The powered ankle push-off likely helped propel the leg

into swing, so the user did not notice the extra weight of the leg while walking. The am-

putee subjects were given a post-experiment questionnaire to provide additional feedback,

and they unanimously noted the benefits of the ankle push-off at terminal stance and the

aiding knee moment during swing.

4.3.2 Limitations of the Study

The primary limitation of the presented control approach is the requirement of a well-defined

thigh orbit (Fig. 3.13) to calculate the continuous phase variable (Eq. 3.7). This means

that the control approach works best during rhythmic walking and not during start/stop

transitions. A piecewise continuous version of this control approach was recently introduced

in [114] to accommodate non-rhythmic, volitional motions such as starting, stopping, and

walking backwards. The piecewise phase variable is determined directly from the thigh angle

(without its integral or derivative), where a ground contact sensor determines whether the

thigh angle is in the top or bottom half of its orbit. The piecewise controller can work

in tandem with the continuous-phase controller to accommodate both non-rhythmic and

rhythmic motions [114].

Hardware limitations were more prominent at the larger inclines and faster speeds because

the actuators were optimized for the torque/speed requirements of level-ground walking.

Because inclined walking demands large ankle torques, the ankle motor driver intermittently

disabled itself (for milliseconds at a time) when exceeding its temperature safety threshold.

This behavior caused larger variances in ankle torque/power than knee torque/power in

Fig. 4.7. Because the large reflected inertia of the highly geared knee actuator was not
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compensated by closed-loop torque control, the knee joint was unable to swing freely. As

a result, the knee joint had difficulty keeping up with the desired swing motion at the

faster walking speeds, and the subject experienced stiffer interaction with the prosthesis.

These limitations will be addressed in future designs with purely rotational actuators using

high-torque pancake motors, low-ratio transmissions, and high amperage drivers as in [126].

Series elastic actuators [36, 93, 79] could also make the system more compliant and provide

closed-loop torque control for enforcing the virtual constraints.

The experiments in Section 4.2 demonstrate that leg performance also depends on the ref-

erence trajectories encoded into the virtual constraints. A different able-bodied dataset was

used to define the level-ground, variable-speed walking trajectories [116] than the variable-

incline, normal-speed walking trajectories [20], which might explain why the work done by

the prosthesis was not as favorable over inclines (Fig. 4.6h) as it was over speeds (Fig. 4.4h).

Ankle work and total work were substantially higher for the level-ground condition (using

data from [116]) than the incline conditions (using data from [20]) in Fig. 4.6h, and it is

unlikely that hardware limitations alone would be responsible for the drop in work observed

at small slopes (±2.5 deg) compared to level ground. A post-hoc analysis of the two datasets

suggests that inclines affect the temporal offset between heel strike and the left-most point

of the thigh orbit, which defines 0% gait for the phase variable (Fig. 3.13). Hence, the phase

variable may need to be shifted relative to the incline in order to achieve optimal power

delivery, which is left to future work.

Because activity recognition was outside the scope of this study, the virtual constraints

were manually changed to match the speed/incline condition. The discrete set of virtual

constraints that was validated in this study could be incorporated into a higher-level task

state machine, for which many classification techniques exist [83, 48, 111, 119]. In particu-

lar, a gait speed classifier can be implemented based on the cadence of the prosthesis (see

Section 3.4.3), and the ground slope can be estimated by a foot-mounted IMU when the foot

is flat on the ground (e.g., [94]).
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CHAPTER 5

DEVELOPMENT AND CASE STUDY OF A CLINICAL INTERFACE

This chapter presents a solution to the challenges clinicians (e.g. prosthetists) encounter

when interfacing and configuring a powered prosthesis. Typically powered prostheses use

an impedance-based control scheme that contains several independent controllers each cor-

responding to periods along the gait cycle. This control strategy has numerous control

parameters and switching rules to be tuned per subject, which generally are tuned by re-

searchers or technicians and not by a certified clinician. Furthermore, some of these control

parameters are not clinically intuitive or have no translation from a biomechanical perspec-

tive for clinicians to interpret and prescribe adjustments to the prosthesis. For instance, the

impedance stiffness and damping tunable control gains contain arbitrary values that can be

difficult to understand the direct impact of improving the prosthesis performance. We pro-

pose a clinical control interface that is intuitive for clinicians to tune a powered knee-ankle

prosthesis using a virtual constraint controller, while reducing clinical time. The user inter-

face assists clinicians to tune the controller based on their clinical expertise with regards to

adjusting desired joint kinematic trajectories for the virtual constraints. Experiments with

an amputee subject were performed for level ground walking with a certified clinician. The

clinician tuned the controller with minimal time and improved the amputee’s gait (i.e., gait

symmetry, step length, etc.) compared to a baseline controller. The clinical control interface

provides a bridge between advanced powered prostheses and the clinical environment, which

can aid in having powered prostheses more readily available for amputees in their daily life.

5.1 Overview of a Clinician Control Interface

This section describes the methods in developing a Clinician Control Interface (CCI) and

how it translates to the control of the prosthesis. The desired joint kinematic trajectories
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were created using Catmull-Rom splines from human walking data with an optimization

routine to maximize goodness of fit. The final clinician-designed joint kinematics are then

transformed into virtual constraints by method of DFT from Section 2.2, which is the control

strategy of the powered prosthesis. The phase-based controller presented in Section 3.3.4 was

used to perform the clinical control tuning experiments for overground walking. The algo-

rithms described in this section were integrated in a graphical user interface using Mathworks

MATLAB GUIDE app development tool [66].

5.1.1 Manipulation of Desired Joint Kinematics

The method for direct curvature manipulation prior to the design of the virtual constraints

by DFT was using Catmull-Rom splines. This method comes from a cardinal spline that

interpolates between control points to create a set of piecewise polynomials with matching

tangent slopes at each piecewise boundary [11]. For a set of N control points, we combine

(N − 1) piecewise polynomials to create a C1 continuous, interpolation curve containing all

N control points. This gives no discontinuities in the tangent direction and magnitude. The

control points are defined by a set of N hand-picked (x, y) coordinates

CP =


p1,ρ

...

pN,ρ

 , (5.1)

where CP ∈ RNx2 and the subscript ρ refers to either x or y coordinate. The x-coordinate

indicates a position along the normalized gait cycle and y-coordinate refers to the joint

angular position of either the knee or ankle.

For each piecewise polynomial, the Catmull-Rom spline requires a set of four control

points from CP as [pk−1pkpk+1pk+2]>, where k = 1, . . . , N − 1 and the subscript ρ is sup-

pressed. The spline endpoints are repeated for cases where k = 1 (p0 := p1) and k = N − 1
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(pN+1 := pN), so the tangents for interval data set sharing endpoints are equal. The cardinal

matrix Mk creates the basis polynomial functions with uniform parameter spacing gives

Mk =



−α 2− α α− 2 α

2α α− 3 3− 2α −α

−α 0 α 0

0 1 0 0





pk−1

pk

pk+1

pk+2


, (5.2)

where α = (1 − c)/2 and c is the tension parameter on the interval [0,1] that controls the

curve bend at the interpolated control points. The tension parameter c is set to zero for a

uniform Catmull-Rom spline. Evaluating the k-th piecewise polynomial segment results in

Pk(t) =

[
t3 t2 t 1

]
Mk (5.3)

dPk(t)

dt
=

[
3t2 2t 1 0

]
Mk, (5.4)

where t ∈ [0, 1]. We evaluate all piecewise sections for both x and y dimensions of p1, . . . , pN ,

and obtain the analytical parametric derivative by computing

dPk,y
dPk,x

=
dPk,y
dt

(dPk,x
dt

)−1

(5.5)

with the condition that dPk,x/dt > 0.

Human gait is a periodic sequence. Thus, it is advantageous for the interpolating splines

for the knee and ankle joint kinematics to be periodic with respect to a gait cycle, that

is, to ensure matching curve behavior in the first and last piecewise polynomials P1(t) and

PN−1(t), respectively. We enforce periodicity through removing the original endpoints and

duplicating existing control points to match the y-coordinates of p1 and pN . As a result, p1

and pN have no effect on the final curve other than defining the final x-coordinate range.

First, to ensure the final periodic curve spans the original x-coordinate range, we calculate

xmin = p1,x
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xmax = pN,x

∆x = xmax − xmin,

and discard the original p1 and pN endpoints. Duplicating the remaining four endpoints (p2,

p3, pN−2, and pN−1) transforms the control points matrix to

ĈP = [p̂N−2, p̂N−1, p2, p3, . . . , pN−2, pN−1, p̂2, p̂3]>, (5.6)

where p̂k points are duplicates of the original pk point. The points p̂k are translated in the

x-direction by ∆x to lie outside the original x-coordinate range

p̂N−2 = pN−2 + [−∆x y0]

p̂N−1 = pN−1 + [−∆x y0]

p̂2 = p2 + [∆x y0]

p̂3 = p3 + [∆x y0],

where y0 = 0 to leave the y-coordinate unmodified. The curve generated by ĈP spans from

p̂N−1,x to p̂2,x, so we truncate the regions outside xmin ≤ P1,x(t) and PN−1,x(t) ≤ xmax. The

final curve represents one period of a periodic C1 continuous trajectory with identical values

and tangent slopes at both endpoints.

5.1.2 Initialization of Interface Joint Kinematics

During initial startup of CCI tool, an optimization routine is computed for fitting a cardinal

spline to an existing human joint kinematic dataset in [116]. This optimizer computes the

limited number of control point coordinates (x, y) to create the piecewise cardinal spline,

while minimizing the curve fitting error from the dataset. The fitted spline curve is defined

as the default (Baseline) knee and ankle joint kinematics that clinicians begin manipulating

using the interface tool. Since the cardinal spline curve intersects all control points, our
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curve-fitting approach chooses N control points from the input dataset D ∈ RLx2 consisting

of L data points. We maximize the spline curve’s goodness of fit R2 value against the original

dataset using an iterative approach in Algorithm 2. Throughout the algorithm, R2 and R̂2

are goodness of fit measures calculated from the cardinal spline curve defined by the output

CP and current evaluated ĈP , respectively, and pj refers to the current control point being

operated on.

The while loop in line 2 adds new control points from the dataset D until R2 reaches a

sufficiently high threshold, κ. Line 3 selects the point of largest y-coordinate error in the

dataset with respect to the evaluated spline curve (eval(CP )), and line 4 appends the chosen

point to CP . Next, the algorithm prunes non-essential control points (line 9) after verifying

the maximum R̂2 value calculated in line 7 exceeds κ̂. Finally, we move each control point

(line 18) within its respective piecewise section to the optimal position to maximize R2. The

final control points matrix CP defines the optimized fit for the input dataset D. After the

optimization routine is completed, the clinician can begin manipulating the curve based on

their prescribed joint kinematics for a particular subject. Once the clinician completes their

tuned trajectories, the curve dataset from the piecewise spline is used to parameterize a single

parameterized function using method of DFT (see Section 2.2) against an ideal monotonic

phase variable for the virtual constraint design of prosthetic joint control.

5.1.3 Features for Virtual Constraint Manipulation

The CCI leverages the Catmull-Rom spline to modify joint angle trajectories by adjusting

the location of control points through various methods that affects the prosthesis virtual

constraint design. Fig. 5.1 displays the interface that was created using Mathworks MATLAB

GUIDE as the interactive tool for app development [66].

There are quick tuning buttons that allow the clinician to simultaneously move four

control points to adjust the amplitude and location of key transition regions along the gait
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Algorithm 2 : Optimization Routine using goodness of fit R2

Input: Dataset D = {Di} ∈ RLx2, i = 1, . . . , L
Output: CP ⊂ D

1: Initialize CP = [D1, DbL/4c, DbL/2c, Dd3L/4e, DL]>;
2: while R2 < κ do
3: i = arg max

i∈{1,...,L}
(|eval(CP )i,y −Di,y|);

4: CP = [p1, . . . , Di, . . . , pN ]>;
5: end while
6: while length(CP ) > 4 do
7: j = arg max

j∈{2,...,N−1}
(R̂2 | ĈP = CP − {pj});

8: if R̂2 > κ̂ then
9: CP = CP − {pj};

10: else
11: break;
12: end if
13: end while
14: for j = {2, . . . , N − 1} do
15: ξ = {i | Di = pj−1};
16: ν = {i | Di = pj+1};
17: g = arg max

g∈{ξ+1,...,ν−1}
(R̂2 | p̂j = Dg);

18: pj = Dg;
19: end for

cycle: ankle push-off during terminal stance (45%-60%), and knee flexion during swing (50%-

65%). Left and right arrow buttons shift the curve along x-axis, and plus and minus buttons

increase and decrease the angular amplitude along the y-axis (see Fig. 5.5).

Under the View menu bar is the option to show advanced features to add and delete

control points to the curve. Manually adding and deleting control points gives users more

control over the placement of the piecewise polynomials. While this gives users complete

control, it will override results of the optimization scheme described in Algorithm 2. Inserting

a new control point requires adding a new point pj to the control points matrix

CP = [p1, . . . , pj−1, pj, pj+1, . . . , pN ]>,
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where pj−1,x < pj,x < pj+1,x. Likewise, deleting a control point consists of removing the point

pj from the control points matrix

CP = [p1, . . . , pj−1, pj+1, . . . , pN ]>.

Clicking and dragging any control point displays the modified curve in real-time for visual

inspection of the result. Having the capability to view the joint angular position and velocity

plots, a novice user can gain insight into the full effect of the kinematic modifications. Moving

a control point pj to a new (x, y) location p̃j replaces the corresponding entry in the control

points matrix

CP = [p1, . . . , pj−1, p̃j, pj+1, . . . , pN ]> (5.7)

with the constraint that x-coordinate monotonicity pj−1,x < p̃j,x < pj+1,x still holds. For

finer adjustments, control point (x, y) coordinates p̃j,x and p̃j,y can be specified through a

manual numeric entry window option as well.

A neighboring points feature intuitively converts mouse drag operations into smooth

adjustments across multiple control points. The feature applies part of the user-specified

change (p̃j − pj) to the immediate surrounding control points pj−1 and pj+1 based on the

relative spacing of pj−2, . . . , pj+2, given by the translation scaling coefficients

γ1 =
‖pj−1 − pj‖

‖pj−1 − pj−2‖+ ‖pj−1 − pj‖

γ2 =
‖pj+1 − pj‖

‖pj+1 − pj+2‖+ ‖pj+1 − pj‖
,

which apply the p̃j translation vector to the modified neighbor points

p̃j−1 = pj−1 + γ1(p̃j − pj)

p̃j+1 = pj+1 + γ2(p̃j − pj).

Finally, the modified control points are applied to the control points matrix as in Eq. 5.7:

CP = [p1, . . . , pj−2, p̃j−1, p̃j, p̃j+1, pj+2, . . . , pN ]>.
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To further aid clinicians in using this interface, a feature displays gait period reference

markers within commonly known periods of gait (e.g., Loading Response, Mid-stance, Pre-

Swing, Mid-Swing, and Terminal Swing). When enabled, the interface displays both the gait

period name and highlighted region associated with the gait period hovered by the mouse.

Additionally, the CCI has the ability to compare the current trajectory design to previous

designs with a comparison toolbar, listing previous amputee subject trajectory design files.

For instance, a clinician can review a subject’s current design from a past clinical session to

determine if additional kinematic changes are needed for the subject to improve their gait.

Selecting a previous design file displays the position and velocity curves alongside the current

design. This comparison feature can help clinicians track changes over time for individual

subjects, a vital feature for clinical applications.

5.1.4 Safety Considerations

While allowing the clinician freedom to adjust any control point on the curve, the clinician

interface enforces pre-defined safety constraints. When a safety constraint is flagged while

adjusting the curve, the interface posts a warning message and highlights the offending curve

section in red. This then limits the adjustments the user can perform when manipulating

the curve. Such safety constraints include the following items:

• Range of motion limits for the joint angular positions between two extremes.

• Velocity maximum setpoint limits for the magnitude of the joint angular velocities

obtained in Eq. 5.5.

• Enforce the x-axis monotonicity requirement for Eq. 5.5 to ensure the joint angular

velocities never approach a singularity.

This allows the clinician to adjust the joint kinematics that are feasible for the prosthetic

leg design to perform.

100



Patient InformationSave

Export VC DesignQuick Tune

Drag Point

Figure 5.1. Clinician control interface with default knee (top) and ankle (bottom) angular
position trajectories with respect to gait cycle, fitted to Catmull-Rom spline from Winter’s
dataset for normal walking [116]. Dragging the control points (blue dots) smoothly adjusts
the joint trajectories. Commonly used features such as Save and Patient Information are
easily accessible through large buttons.

5.2 Example of Clinical Tuning for a Powered Prosthesis

The main window of the CCI (Fig. 5.1) displays the knee and ankle angular position trajec-

tories along the gait cycle with click-and-drag handles on the control points. Additionally,

joint angular velocities with respect to gait cycle can also be shown using the Analyze button.

5.2.1 Initialization Setup

To begin the process of defining joint trajectories for a patient, the user must first open

an existing patient file or create a new file. Creating a new file allows the user to enter
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Figure 5.2. Patient information dialog displays the subject ID, gender, height, weight, age,
time post-amputation, amputated leg, and leg measurements.

patient information such as subject ID, gender, age, and lower limb anatomical measurements

(Fig. 5.2) for future retrieval. New files contain the Baseline joint kinematics for a given task

as a starting point to tune the prosthesis for the patient. Opening an existing file displays

the patient information and modified joint trajectories for that patient. All patient data is

stored alongside the designed joint trajectories in a single MATLAB data file. Launching

the help window (Fig. 5.3) guides the user step-by-step through common actions.

5.2.2 Joint Kinematic Adjustment

Fig. 5.4 outlines the kinematic adjustment procedure using the CCI. Once the patient file is

initialized, the user begins interactively adjusting the kinematic trajectories by the methods
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Figure 5.3. CCI Help window guides the user through common actions, such as editing
trajectories and analyzing the kinematics.

in Section 5.1.3 to achieve the desired kinematics for the patient. When finished tuning, the

user saves the modified trajectories and exports them to design trajectories using Eq. 2.6 over

an ideal phase variable to implement virtual constraint control to the powered prosthesis.

After observing the patient’s gait with the new trajectories, the clinician may repeat the

tuning process to further refine the performance of the prosthesis.

Case Example

Assume a patient’s gait needed more push-off and to occur earlier in the gait cycle, then

a clinician may press the ankle plus (+) and left (<) buttons in the quick tuning panel

(Fig. 5.5). The resulting joint trajectories will have more push-off occurring earlier in the gait
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Start

Enter Patient 
Information

SAVE

Open Existing 
Patient .MAT

Quit

Add or Delete 
Control Points

SAVE

EXPORT

Adjust Trajectories

Quick Tune  |  Manual Input  |  Mouse Drag

New ExistingSetup 
Patient

Figure 5.4. Flow diagram for the clinician graphical user interface. Setup begins with either
opening an existing patient file or creating a new file with Patient Information. The user
adds or deletes control points and adjusts the trajectories as desired. When finished tuning,
the user saves the modified trajectories and exports the design for virtual constraint control
to the powered prosthesis.

More 
Flexion

Less 
Flexion

More 
Push‐off

Less 
Push‐off

Shift

Figure 5.5. Quick tuning buttons allow for easily adjusting ankle push-off and knee flexion
during swing. The plus (+) and minus (-) buttons increase and decrease the amplitude of
the angular position, and the left (<) and right (>) buttons move the transition earlier and
later in the gait cycle, both respectively.
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Figure 5.6. Case study of increasing ankle push-off and shifting earlier in the gait cycle. The
modified ankle angular position (top blue dashed line) has more push-off range occurring
earlier than the original trajectory (top red solid line). The modified ankle angular velocity
(bottom blue dashed line) has a larger magnitude than the original angular velocity (bottom
red solid line) as a result of the increased push-off amplitude.

cycle. Fig. 5.6 displays the ankle angular position and velocity before and after performing

the quick tune.

All modifications to the joint trajectories are checked against safety constraints as defined

in Section 5.1.4. If a user attempts to advance push-off earlier by dragging the control point

too far to the left as shown in Fig. 5.7, then the CCI will highlight the offending section

and alert the user that the modification exceeds the prosthesis safety limits for velocity. By

automatically restricting all edits to the furthest extent allowed by the safety constraints,

the CCI helps train users by demonstrating the range of allowed modifications in real-time.
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Figure 5.7. Sample user adjustment beyond safety limits. The user drags the cursor (pointer)
to move the original control point (black circle) to a new location (red cross). Safety features
restrict the modification to the furthest safe control point location (blue circle with yellow
center).
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Gait Metrics
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Adjust 
Design

Yes

No

Tuning 
Complete

Figure 5.8. Block diagram of clinician input into the joint angle trajectories design process.
Clinician visual feedback and other comparison metrics as described in Section 5.1.3 allow
the tuning process to reach better performance for the patient.

5.2.3 Clinical Tuned Control Implementation

Once the joint trajectories are finalized, the user exports the curves to a virtual constraint

representation as discussed in Section 2.2. The final virtual constraint coefficients are saved

by pressing Export VC Design button (see Fig. 5.1), and then compiled to the real-time

processor for testing and evaluation on the powered knee-ankle prosthesis. Fig. 5.8 shows

the iterative process where clinicians may adjust the trajectories and repeat testing to meet

the needs of the patient.
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Figure 5.9. Photo of a transfemoral amputee subject wearing the powered knee-ankle pros-
thesis. Reflective markers placed on the amputee’s lower limbs to collect kinematic data
during walking trials from a motion capture system.

5.3 Clinical Tuning Experiment

The experiments replicated a clinical setting between a certified clinician and an above-

knee amputee fitting a new prosthesis. The prosthesis controller scheme used for volitional

overground walking is described in Section 3.3.4. The goal of the experiments were to have

the clinician apply their professional expertise in tuning a powered knee-ankle prosthesis

using the CCI tool to improve the amputee’s gait. Results of the clinical tuning to adjust

the prosthesis controller will show improvement in the amputee’s gait from several gait

outcome metrics.

5.3.1 Experimental Setup & Protocol

The experimental setup consisted of a 5.3 m long handrail walkway with a force plate located

in the middle to collect ground reaction forces (GRF) at a sample rate of 500 Hz. A ten
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camera motion capture system (Vicon, Oxford, UK) utilizing Nexus Plug-in-Gait software

was used to record kinematic parameters of the subject. Reflective markers were placed

along key landmarks about the subject’s lower limbs (see Fig. 5.9) to measure 3D spatial

coordinates to create a 3D kinematic biped model. Anatomical measurements (e.g., leg

length, hip width, etc.) were taken from the subject to aid in creating the 3D model. The

subject was asked to bring or was provided comfortable clothes so that no markers would be

occlude/obscure in being captured by the cameras.

The experimental protocol was approved by the Institutional Review Board at the Uni-

versity of Texas at Dallas. The transfemoral amputee subject had a height of 1.75 m, weight

of 76.5 kg, post-amputation time of 11 yrs, and left side amputation. The subject and the

clinician had no prior experience using a powered prosthesis. The clinician who partici-

pated in the experiment has been a practicing, licensed prosthetist for 14 years. To begin,

the clinician attached and aligned the powered prosthesis to the subject’s custom socket.

The subject spent a period of time getting acclimated to the powered prosthesis by walking

overground with handrails. The control strategy from Section 3.3.4 was incorporated using

control law from Eq. 3.10 to enforce control at each of the joints. Only the forward walking

control sequence was used as no backward walking was performed as part of this experiment

(see Fig. 3.15). The control gains were tuned prior to this experiment with an able-bodied

subject overground walking for normal walking speed. Note, for these experiments the load

cells placed along the ball screw (see Section 3.2) for closed-loop torque control were not

functional at both joints and too costly to replace. Thus, pure proportional and damping

control terms were tuned (from Eq. 3.10 ẏi was replaced with the measured angular velocity

q̇i for both knee and ankle).

The experiment entailed a subject performing forward walking handrail experiments using

the powered prosthesis described in Section 3.1. A forward walking trial began at one end of

the handrail walkway from rest to walking forward at the subject’s comfortable walking speed
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until reaching the other end of the walkway to complete the trial. The subject began trials

using a default (Baseline) controller with virtual constraint designed from normal walking

joint kinematics in [116], while proceeding with the following steps.

Step 1) The subject walked the full length of the handrail for a forward walking trial

twice while the clinician (e.g., prosthetist) observed the subject’s gait to determine if

adjustments to the prosthesis were required.

Step 2) If the clinician had recommendations to improve the gait of the subject, then

the CCI was used to make the necessary adjustments (see Section 5.1.3).

Step 3) Once the clinician incorporated changes to the joint kinematic trajectory from

the CCI tool for either knee or ankle, then those design trajectories were converted to

virtual constraints using the method in Section 2.2.

Step 4) After the new clinician-designed virtual constraints were implemented and

compiled in the prosthesis software, the subject repeated the forward walking while

the clinician observed if the new prosthesis controller improved the subject’s gait based

on their clinical expertise.

The clinician was a novice user to the CCI and only given a brief introduction prior to its

use. Steps 1) through 4) were repeated until the clinician and the subject were in agreement

that the clinician controller was stable and comfortable for the amputee to perform daily

walking.

5.3.2 Experimental Results

The scope of this study was to emulate a clinical session with a certified clinician adjusting

a prosthesis to a lower limb above-knee amputee. The clinician had the final decision when

the prosthesis was tuned appropriately for the amputee. Thus, the number of trials was

109



inherently limited for this particular experiment, consequently, statistical analysis is not im-

pactful. The experimental results investigate gait outcome metrics, such as spatial-temporal

parameters and gait symmetry. These calculations are evaluated for both the prosthesis

and intact leg within each clinical trial while compared against the Baseline controller. The

trials for each controller are concatenated to produce average and standard deviation of the

results.

Clinician Virtual Constraint Design & Outcome

The clinician performed Steps 1) through 4) from Section 5.3.1 with the amputee subject,

creating two different clinician controllers. After observing the amputee walking with the

Baseline controller, the clinician prescribed that the subject needed more ankle push-off.

This involved using the CCI to increase ankle range of motion in the gait region of terminal

stance to push-off. The clinician did not make adjustments to the knee. This first clinician

controller design was labeled as Controller 1. The amputee repeated forward walking trials

with Controller 1, while the clinician observed the amputee’s gait. The clinician and amputee

discussed together what functional changes needed to be achieved in improving the prosthesis

performance outcome. The amputee provided feedback to the clinician after using Controller

1, that is, requesting additional tuning at the ankle for more push-off. Also, the clinician

observed adjustment in gait phase was needed to improve timing when push-off occurred

with regards to the amputee’s hip motion from the phase variable.

A second clinician controller (Controller 2) was designed with more adjustment to ankle

push-off and small change to knee swing. After the subject repeated forward walking trials

with this new controller, the clinician from a visual inspection and the subject both agreed

that the second controller was tuned appropriately. Fig. 5.10 displays the Baseline joint

kinematics compared to the two clinician controllers from using the CCI tool to create the

final virtual constraint designs to the prosthesis.
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Fig. 5.11 presents the powered prosthesis results of the amputee using the Baseline con-

troller and the final preferred design amputee controller in Controller 2. Observing Fig. 5.10,

it can be seen that the adjustment in more ankle push-off for Controller 2 was realized in

the ankle angular position (see Fig. 5.11). This impacted Controller 2 knee angular mea-

surements by producing a smaller magnitude during swing due to a large increase in ankle

push-off that assisted in an earlier pre-swing compared to Baseline. Furthermore, this also

affected the thigh motion of the amputee during walking with increased thigh angle mag-

nitude when using Controller 2. Fig. 5.12 shows the piecewise phase variable measurement

derived from Section 3.3.4 over the consecutive strides achieved on the handrail walkway.

The following sections will overview the experimental results from a gait analysis point of

view.

Spatial-Temporal Parameters

Spatial-temporal parameters are gait analysis metrics to assess the performance of a hu-

man’s locomotion [116, 77]. Spatial evaluates distance parameters (e.g., step length) and

temporal takes into account time parameters (e.g., stance time). The clinician controllers

brought convergence of these spatial-temporal parameters between the prosthesis and intact

leg, such as step length, stance time, swing time, and stance percentage. These metrics

show confidence of the subject with the prosthesis as well as improvements in gait sym-

metry. Table 5.1 displays the spatial-temporal parameter averages for each controller and

their standard deviation in parentheses. Controller 1 showed a 4.0% increase difference be-

tween the prosthetic and intact leg in step length compared to the Baseline difference, while

Controller 2 had a 75% decrease resulting in an average difference of 2.6 mm (compared to

Baseline’s 40 mm difference). Improvements in symmetry are very apparent; the difference

in stance time, a good marker of uneven gait, decreased by 15% with the first controller and

44% with the second. Controller 1 showed a 30% decrease in swing time compared from the
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Figure 5.10. Clinician joint kinematic design for Controller 1 (Ctrlr 1) in blue dotted line and
Controller 2 (Ctrlr 2) in red solid line versus the Baseline controller in black dashed line over
phase variable. The knee (top) trajectories had very minor adjustment with the Baseline
and Controller 1 remained the same (on top of each other), and Controller 2 was slightly
shifted in phase to the left for earlier swing. The ankle (bottom) trajectories each had some
variance from Baseline controller with increase in ankle push-off between sh = 0.5 to 0.78,
where Controller 2 had the largest push-off difference and earlier start of push-off occurring
at sh = 0.42. Both controllers have an increase in plantarflexion to have the foot give higher
loading response (sh = 0.075) after heel strike (sh = 0.0). All these trajectories were exported
from the CCI tool into the prosthesis virtual constraint controller for experimentation.
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Figure 5.11. Powered prosthesis measured signals over consecutive strides for a forward
walking trial when the amputee is using the Baseline controller in black dashed line and the
clinician Controller 2 (Ctrlr 2) in blue solid line. Baseline and Controller 2 were separate
test trials, so the results are compared by having their time sequence aligned with respect to
their first phase variable measurement (see Fig. 5.12). The knee angular position (top left)
for both controllers have similar responses with the exception of a phase shift, likely from the
increase ankle push-off (top right) for Controller 2. FSM states (bottom left) shows that each
state was achieved in sequence with some states occurring in longer duration. Thigh position
(bottom right) gives larger magnitude when ankle push-off is increased using Controller 2 (t
= 2.25 to 3.1 s).
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Figure 5.12. The phase variable measurement over time shows Controller 2 (Ctrlr 2) com-
pared to Baseline occurring faster with respect to time as the amputee is getting aided
assistance from increase in ankle push-off along gait.

Baseline and Controller 2 presented a 58% decrease. The change in stance and swing time

have repercussions in stance percentage, the percent of the gait cycle that the ipsilateral foot

is on the ground during the gait cycle, causing the percentages to gradually converge closer

to the accepted textbook value of 60% for normal walking [9].

Table 5.1. Spatial-Temporal Parameter Results

Stance Time [s] Swing Time [s] Step Length [m] Stance Percentage [%]

P I P I P I P I

Baseline 0.82 (0.08) 1.11 (0.06) 0.72 (0.01) 0.40 (0.00) 0.51 (0.01) 0.47 (0.01) 54.9 (1.7) 70.9 (1.6)
Controller 1 0.91 (0.12) 1.17 (0.11) 0.65 (0.06) 0.41 (0.02) 0.48 (0.03) 0.45 (0.10) 58.2 (4.9) 73.7 (2.6)
Controller 2 0.88 (0.05) 1.07 (0.19) 0.65 (0.07) 0.47 (0.06) 0.54 (0.04) 0.54 (0.03) 57.6 (3.5) 69.2 (3.4)

Ground Reaction Forces

Table 5.2 shows the peak ground reaction forces (GRF) measured in terms of Body Weight

(BW) units (force divided by subject’s weight) by a force plate located in the middle of the
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Table 5.2. Analysis of Ground Reaction Forces

Peak GRF [BW] Braking [BW] Propulsive [BW]

P I P I P I

Baseline – 1.23 – 0.06 – 0.085
Controller 1 1.02 1.13 0.064 – – –
Controller 2 1.08 1.21 0.067 0.073 0.057 0.098

walkway. It was imperative that the subject was not informed of the force plate location, so

to not alter their gait when performing walking trials. Thus, any table cell with ‘–’ indicates

an incomplete or bridged step over the force plate and the reading was invalid for that test.

Table 5.2 gives a lower peak GRF for the Baseline compared to Controller 1. Both the

intact and prosthetic sides with this controller were close to reported values for transfemoral

amputees (1.02 BW prosthetic, 1.13 BW intact) [97], while Controller 2 showed higher peak

values (1.08 BW prosthetic, 1.21 BW intact). These results are single step outcomes and

more trial passes would of reduced the number of invalid force plate readings to give clinical

significance in the results. Fig. 5.13 shows GRF for both the prosthesis and intact leg when

using Controller 2.

To continue, Table 5.2 showed Controller 2 having comparable braking and propulsive

forces, an indicator of gait with no acceleration, on the prosthetic leg [128]. Along the

axis of motion, braking pushes forward as the foot stops and propulsion pushes backward

’propelling’ itself into the swing period [78]. Similarities are seen between Baseline and the

clinical controller trials showing no significant difference between the trials for braking and

propulsive forces. Furthermore, Controller 2 produced higher forces on the intact leg: 0.01

BW higher for braking and 0.025 BW higher for propulsive forces, which is consistent with

expected trends [97].
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Figure 5.13. This figure shows vertical normalized GRF for Controller 2 with respect to
units of Body Weight (BW). The blue solid line refers to the prosthetic side (Controller 2
Pros.) and in black dashed line is the intact side (Controller 2 Intact). The initial sharp
peak on the prosthetic side is due to impact force before loading and the relative peak on
the intact side at t = 1.0 s corresponds with the subject’s vault. The difference in duration
is a good representation of the difference in stance time between the prosthetic and intact
limbs.

Gait Pathology Results

Powered knee-ankle prostheses mitigate compensatory mechanisms by actively providing

energy during toe-off and lifting the toe during swing period. This increases clearance of the

affected limb; associated values are reported in Table 5.3. Vaulting, excessive plantarflexion

during stance, is often seen in combination with other compensatory gait methods such as

increased range of motion of the hip and pelvis frontal plane for aid in toe clearance of the

prosthesis. It is most commonly quantified by measuring peak ankle plantarflexion power

during single support [17] and can be seen in Fig. 5.13, but the data did not have consistent

force data so that metric cannot be used. This work presents an alternate approach to

kinematic quantification. This approach measures peak plantarflexion by tracking the foot
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Figure 5.14. Intact leg foot progression angle in the sagittal plane over a gait cycle that
identifies the peak angle of plantarflexion (thin black lines) in the single support period
(shaded region) using the powered leg to illustrate the method of vaulting quantification.
The subject is trying to create as much space as possible for toe clearance during contralateral
swing period.

progress angle in the sagittal plane during single support at the point of minimum angular

velocity. This can be identified in Fig. 5.14 for the magnitude and location of peak joint

power. The clinical tuning showed an overall decrease in vaulting compensation. Table 5.3

shows Controller 1 produced a 6% decrease in this compensation compared to the Baseline

controller, while Controller 2 showed a 3% decrease. Both clinician tuned controllers were

able to reduce vaulting amount due to more assistance from the powered prosthesis with

increase ankle push-off.

Frontal plane range of motion measures pelvic obliquity and hip abduction, which are

good metrics for quantifying hip-hiking and circumduction. These are additional strategies

to increase toe clearance for a passive leg or lifting the weight of a powered leg [3]. Table 5.3

gives quantified gait pathology metrics for range of motion (ROM) of the hip and pelvic in
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frontal plane as well as the vaulting amount the subject has taken along the sagittal plane.

The non-parenthesis numbers are the average values and the parenthesis numbers are their

standard deviation. In Table 5.3, the first controller shows an average decrease in hip motion

on both intact and prosthetic sides, while a slight decrease in range for pelvic obliquity on

the prosthetic side. The second controller also showed a decrease in hip abduction on the

prosthetic side, but increases in pelvic range of motion on both sides. The decreased vaulting

along the sagittal plane is accounted for in the second controller by an increased range of

motion on the frontal plane.

Table 5.3. Quantifying Gait Pathology

Hip ROM [deg] Pelvic ROM [deg] Vaulting [deg]

P I P I I

Baseline 7.09 (0.32) 10.61 (0.74) 7.68 (1.07) 3.35 (0.80) 14.50 (1.57)
Controller 1 5.44 (1.33) 9.06 (1.15) 6.58 (1.25) 3.77 (0.36) 13.61 (2.28)
Controller 2 6.35 (1.24) 12.27 (1.77) 8.14 (2.48) 5.18 (1.26) 14.03 (1.50)

Gait symmetry ratio (SR) is a powerful measurement for identifying gait asymmetry in

relation to spatial-temporal parameters. A perfectly symmetrical gait will have a value of

unity. A metric with a ratio greater than one favors the prosthetic side and these can be

judged by the magnitude of deviation from perfect symmetry

SR =
ΥProsthetic

ΥIntact

,

where Υ refers to the spatial-temporal parameter [95]. As shown in Table 5.4, computing

SR from step length shows a positive trend from the Baseline of 0.93, to the successive

first and second controllers, 0.94 and 1.02, respectively. Stance and swing time also show

the progression towards a more symmetrical gait with Baseline controller SR stance time

at 1.33, and then Controllers 1 and 2 at 1.28 and 1.23, respectively. The trend towards

symmetry continues with swing time: the Baseline and Controller 1 were similar at SR of
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0.65 and 0.64, respectively, while Controller 2 greatly improved symmetry with value of 0.73

for a 11.6% improvement.

Another important outcome measure for overall gait pathology is Gait Deviation Index

(GDI). GDI is a multivariate metric of gait pathology taken for each side of the subject

that accounts for measurements of leg, hip, and pelvic movement [98]. A GDI ≥ 100 reveals

an absence of gait abnormality, and every 10 points below a 100 corresponds to a standard

deviation away from ideal gait. Measurements of both the prosthesis and intact legs from

Vicon, where GDI was computed for each controller concatenating all the strides. All the

prosthetic controllers had no significant change, since there were no drastic changes in the

joint kinematics between controllers from the clinician adjustments. The intact side had

small differences in GDI averages ranging from 76.8 to 80.5. The standard deviation is

the highest in the Baseline Controller at 2.98 and reduces as the clinical controllers were

used with the lowest value at 1.32 from Controller 2. This conveys that the intact side

gait pathology was performing more consistently using Controller 2 compared to the other

controllers with smaller variance.

Table 5.4. Overall Gait Performance Evaluation

GDI Symmetry Ratios

P I Step
Length
[m]

Stance
Time
[s]

Swing
Time
[s]

Baseline 75.2 (1.49) 80.5 (2.98) 0.93 (0.01) 1.33 (0.08) 0.65 (0.05)
Controller 1 75.0 (1.53) 76.8 (2.78) 0.94 (0.11) 1.28 (0.06) 0.64 (0.05)
Controller 2 75.2 (1.75) 78.6 (1.32) 1.02 (0.05) 1.23 (0.04) 0.74 (0.09)
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5.4 Discussion

5.4.1 Convergence of Spatial-Temporal parameters increases gait fluidity

The clinician controllers had various kinematic strengths that increased the subject’s comfort

and the fluidity of gait. On the whole, it is easy to see that the strides became smoother

because the spatial-temporal parameters converge with each successive, clinician-tuned con-

troller. However, the standard deviation is relatively high because each controller was tested

with only two passes across the walkway. The decreasing difference between both sides in-

dicates that the gait is more symmetrical, the subject has more control of walking [76] and

the loading of each limb have more even–minimizing pain and joint degeneration [71]. These

improvements were achieved by changing the instance and magnitude of push-off to restore

healthy locomotor function and energetics during human walking when using a powered

prosthesis [110, 121].

5.4.2 Clinical tuning influences limb loading

The vertical GRF seen in the Baseline trial shows a higher loading of the body weight on

the intact leg, a common occurrence in unilateral transfemoral amputees [97]. The decrease

in intact leg forces between the Baseline and two clinician controllers is a good assessment;

Controller 1 gave much improvement in peak GRF on the intact side, but additional trials

would be needed to prove significance. On the prosthetic side, the Controller 1 shows ac-

ceptable loading, while the Controller 2 skews slightly higher than normal [70]. This is in

good agreement with the loading on the intact leg for the second controller. The braking and

propulsive forces are predominantly used to determine whether forward momentum is lost

during stance period. We are looking for symmetry between braking and propulsive forces

to indicate that the gait is smooth for the subject, as that conserves energy. Amputees

typically present a smaller propulsive force than the braking force on the prosthetic side and
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higher on the intact side to compensate. The GRF and force data from this subject follows

this trend well within normal ranges [54, 26].

5.4.3 Compensation moves from the ankle to the hip

Upon switching from the subject’s take-home passive leg to our powered prosthesis, the

subject began to use the active push-off and was able to create the space and propulsion

needed without the same degree of vaulting compensation. Due to the unfamiliarity with

a powered prosthesis and the brevity of the trial, the subject was letting this propulsion

push his pelvis as evidenced by the increased ranges of motion in the frontal plane on the

prosthetic side [3]. In comparison, a passive leg with a solid, stiff ankle and a passive knee

requires more compensatory action because the foot cannot dorsiflex to allow the passive

knee to swing unimpeded; an active push-off from a powered leg should create the energy

needed to propel the step instead of using the height of the vault to swing the knee and

clear the toe [49]. Though, this may only happen after being acclimated to the leg over a

longer period of time than this study allowed. This is evidenced in Fig. 5.13–the final local

maximum on the clinical prosthetic side is caused by the push-off not being fully utilized.

With further acclimation, the subject might learn to lean into this push-off and decrease

compensation.

The increase in pelvic obliquity on the intact side is caused, in most part, by having to

leverage a heavier leg as well as the disruptive kinematics of vaulting on the pelvic floor.

Increased hip abduction is caused by the weight differential between the subject’s take-home

leg and our powered leg, the subject seems to be hefting it off the ground and jerking hip

with the core instead of fully utilizing the powered push-off due to his unfamiliarity with

powered joints in general. We hypothesize that with a longer term study with multiple

clinical sessions, these compensations would decrease in the frontal plane as the subject

began to walk in a more energy efficient manner. Furthermore, hardware concerns have
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been identified for this prosthesis in [87], where the actuator torque budget reached near

maximum so variance in the amount of ankle and knee torque was limited. Thus, a more

significant effect with adjustment to ankle push-off by the clinician controller would be more

apparent with a high-torque/low-speed actuator system. Another powered prosthesis design

is currently in the works to specifically address this issue [19].

5.4.4 Metrics for overall gait pathology

Though, there are several metrics for determining symmetry, the SR was used for its ease

of understanding and its good representation of the data [95]. Each of the spatial-temporal

parameters showed movement towards more symmetrical gait as the clinician progressed with

adjusting the prosthesis controller. The stance and swing times have the appropriate trends

with the stance time favoring the prosthetic leg and swing time favoring the intact leg, but

both temporal measures move towards a more symmetric gait from Baseline to Controller

2. These trends can be well explained by two factors. First, the clinical environment and

frequent tuning led the subject to spend more time on the prosthetic leg in stance time to

fully explore push-off, which amputees lack from their conventional passive leg. Second, the

small changes in actuation during the gait cycle, as per swing time, the weight of the leg and

the effort exerted to increase clearance are significant factors in shortening the swing time.

The convergence of both of these metrics towards a SR of unity is indicative of the clinical

tuning to help offset the weight of the leg and ease the compensatory methods as typically

required with an amputee’s conventional leg.

GDI is particularly important because it takes into account many lower limb joint vari-

ables. It is understandable that the values on the prosthetic side are lower than those of the

intact leg, but the lower values for the intact leg can be explained by compensatory methods.

Vaulting and hip-hiking are unnatural gait pathologies that cause significant deviations and

are factors that are included in the overall measure of gait symmetry and fluidity. Finally,
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more acclimation time beyond one clinical session would be necessary to determine the true

significance of powered prostheses on long-term gait pathology [25].

123



CHAPTER 6

CONCLUSION

This dissertation takes a different approach in terms of controls for powered prostheses

from current control schemes using multiple impedance-based controllers to a single, unified

controller using method of virtual constraints. The idea of virtual constraints has a significant

influence in the field of biped robot controls. Virtual constraints are a phase-based control

strategy that have desired joint trajectories parameterized over an unactuated degree of

freedom known as a mechanical phase variable. This allows synchronization of kinematic

constraints for a multi-joint system, such as a powered knee-ankle prosthesis, driven by a

phase variable. The method of virtual constraints for a powered prosthesis was implemented

by Discrete Fourier Transformation, which is a polynomial function against a monotonic

phase variable over the entire gait cycle. The phase variable is computed from residual

thigh motion, giving the amputee control over the timing of the prosthetic joint patterns.

This reduced the number of controllers and control parameters to become a “plug-and-

play” approach for a powered prosthesis that minimized clinical tuning time and allows this

technology to be more readily available in a clinical setting for amputees.

Chapter 2: The current state of control methodology for lower limb powered prostheses is

to have multiple switching controllers implemented over discrete periods between the stance

and swing period. To go beyond the current status quo, a novel unified controller over

the entire gait cycle was developed using virtual constraints encoded by method of Discrete

Fourier Transformation parameterized by a phase variable. This phase-based prosthesis

controller was validated in simulation for an above-knee amputee biped walker, where various

walking speed controllers were accomplished with the biped reaching stable gaits. The

simulation results verified the control strategy to eventually be implemented on a powered

knee-ankle prosthetic leg.
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Chapter 3: To implement novel control strategies on an actual control system, a robotic

leg test bed was designed and built. The robotic leg is a two degree of freedom system

containing linear actuators with translating rotation at the knee and ankle joints that in-

cludes the range of motion required to meet desired human walking. Both joint actuators

had specified torque requirements similar to torques an able-bodied human produces for

normal walking. The robotic leg was designed to be weight conscious and compact, and it

can be worn by able-bodied subjects using a bypass adapter or above-knee amputees with

a prosthetic socket. Multiple sensors were integrated onto the robotic leg as feedback sig-

nals to the control algorithms. A real-time control architecture and data acquisition using

dSPACE was developed for both the unified and piecewise phase-based controllers to handle

rhythmic and non-rhythmic motion, respectively. Preliminary experiments of leg benchtop

testing and able-bodied experiments were performed in evaluating the control performance

prior to achieving experiments with lower limb amputee subjects.

Chapter 4: The overarching goal of this dissertation was to validate the novel control

strategy with amputee subjects. Three transfemoral amputee subjects were part of a large

experimental study to perform various walking speeds (1.5 to 2.7 miles/hr) and different

slopes (-2.5 to +9.0 deg). The virtual constraints were systematically designed for task-

specific kinematics and no control gains were required to be tuned between subjects, which

reduced configuration time during experiments. A number of kinematic and kinetic results

were captured from the amputee subjects using the powered prosthesis that were comparable

to normative data for these various ambulation modes.

Chapter 5: Demonstrating clinical feasibility is an ongoing problem with the advance-

ment of control strategies for powered prosthesis. The presented “plug-and-play” control

approach with minimal tuning parameters can potentially minimize time for amputees to be

fitted and begin walking with a powered prosthesis. Experiments were conducted between a

certified prosthetist and a transfemoral amputee, where the prosthetist tuned the prosthesis
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controller with a clinical interface that adjusts the virtual constraint designs to aid in im-

proving the amputee’s gait. Our control scheme explored the capability prosthetists have in

meeting their requirements to fitting a powered prosthesis with minimal effort, while allow-

ing immediate adjustments with the leg for any one amputee subject. Many gait outcome

metrics were evaluated showing the amputee’s gait was improving by way of intervention

from the prosthetist adjusting the controller.

To conclude, this dissertation work has encapsulated many concepts and disciplines.

Control theory was investigated for a unified phase-based controller using the theoretical

derivation of virtual constraints for amputee locomotion. An amputee biped simulator was

used to verify the control strategy, and stability analysis was presented prior to real-world

application. Mechanical design and manufacturing was involved in developing the actuation

system and structure of the powered knee-ankle prosthesis test bed for control development.

Electrical and software engineering were applied in the electronic build-up of the robotic leg

with motor and sensor integration as well as the controls algorithm software implementation

for real-time control. The field of biomechanics and clinical research was adapted with

human subject experiments to validate the control strategy. This dissertation has also laid

the groundwork for other controls research, such as auto-tuning of control parameters [57]

and high-level task-specific control for different ambulation modes [20]. Future work is

also needed to make the unified control approach amenable to both rhythmic and non-

rhythmic locomotion, which will mitigate the need for two different controllers to achieve

both locomotion types. The need to include the clinician’s expertise to adjusting prosthetic

controllers is important and the research topic can only grow from here. Future work for

the CCI would be to incorporate gait pathology feedback information as output results.

Potential information to provide could be gait symmetry ratio, GDI, step width, etc. This

can aid the prosthetist to make more informative decisions to adjust the prosthetic controller

during the clinical session.
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APPENDIX A

UTD LEG 1 DESIGN BUILD OF MATERIAL

Table A.1 shows the UTD Leg Build of Material used to manufacture the powered device.

Here it provides description of the COTS and the custom machined parts for the powered leg.

Key items are listed such as part name, material, quantity, and weight of the components.

Table A.1. UTD Leg 1 Bill of Materials
ITEM
NO.

PART NAME DESCRIPTION PART NUMBER VENDOR MATERIAL Weight QTY. Total
Weight

1 SIde Plate UTD Side Plate N/A UTD Machine
Shop

6061
Alloy

0.52 2 1.04

2 Joint Base, Ankle UTD Encoder Joint Base to Side Plates N/A UTD Machine
Shop

6061
Alloy

0.07 1 0.07

3 Joint Base, Knee UTD Encoder Joint Base to Side Plates N/A UTD Machine
Shop

6061
Alloy

0.07 1 0.07

4 Joint, Ankle UTD Joint Lever Arm N/A UTD Machine
Shop

7075-O
(SS)

0.24 1 0.24

5 Joint, Knee UTD Joint Lever Arm N/A UTD Machine
Shop

7075-O
(SS)

0.29 1 0.29

6 Joint Base, Ankle UTD Bearing Joint Base to Side Plates N/A UTD Machine
Shop

6061-T6
(SS)

0.07 1 0.07

7 Joint Base, Knee UTD Bearing Joint Base to Side Plates N/A UTD Machine
Shop

6061
Alloy

0.07 1 0.07

8 Bearing Support Shoulder
Bolt UTD

Supports Bearings N/A UTD Machine
Shop

6061
Alloy

0.02 4 0.08

9 Cross Brace UTD Supports side plates N/A UTD Machine
Shop

7075-T6,
Plate
(SS)

0.03 1 0.03

10 Encoder Mount UTD Encoder Mount N/A UTD Machine
Shop

7050-
T73510

0 2 0

11 Motor Rail UTD Holds Motors N/A UTD Machine
Shop

6061-T6
(SS)

0.05 2 0.1

12 Motor Plate w Rails UTD Connects Motor to Rail N/A UTD Machine
Shop

7075-T6,
Plate
(SS)

0.02 2 0.04

13 Rod End Bearing UTD Bearing holder for end of ball screw
rod

N/A UTD Machine
Shop

6061-T6
(SS)

0.04 2 0.08

14 Sleeve, Knee Ballscrew
UTD

Ballscrew Sleeve over rod N/A UTD Machine
Shop

6061-O
(SS)

0.15 1 0.15

15 Sleeve, Ankle Ballscrew
UTD

Ballscrew Sleeve over rod N/A UTD Machine
Shop

6061-O
(SS)

0.15 1 0.15

16 Cross Brace and Hard stop
UTD

Knee Cross Brace and Hard stop N/A UTD Machine
Shop

7050-
T73510

0.09 1 0.09

17 Hard Stop addition Additional height to knee hard stop N/A UTD Machine
Shop

7075-T6,
Plate
(SS)

0.01 1 0.01

18 Hard Stop rubber Rubber stop for Knee hard stop N/A UTD Machine
Shop

Rubber 0 1 0

19 Bearing, Ball Screw Nook
compact universal

Ball Screw Journal Bearing EZBK10-SLB Nook Plain
Carbon
Steel

1.2 2 2.4

20 Ballnut Nook MBN12x2R-
3VW

Ballnut MBN 12x2R-3VW Nook Plain
Carbon
Steel

0.15 2 0.3

21 Ball Screw, Ankle Nook Ball Screw PMBS12x2R-
3VW/0/T10/00/6K/184/0/S

Nook Plain
Carbon
Steel

0.25 1 0.25

22 Ball Screw, Knee Nook Ball Screw PMBS12x2R-
3VW/0/T10/00/6K/200/0/S

Nook Plain
Carbon
Steel

0.25 1 0.25

23 FUTEK Load Cell Futek Load Cell LCM200 FUTEK Plain
Carbon
Steel

0.06 2 0.12

24 Encoder, Joint US Digital
EC35-4000-4-375-H-D-DM-B

EC35 Optical Commutation Kit
Encoder

EC35-4000-4-375-H-D-DM-B US Digital Plastic 0.02 2 0.04

25 Motor Maxon EC-
4pole 30-305013

Maxon EC-4pole 30 30 mm,
brushless, 200 Watt

305013 Maxon Plain
Carbon
Steel

0.66 2 1.32
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Table A.1. Continued UTD Leg 1 Bill of Materials
ITEM
NO.

PART NAME DESCRIPTION PART NUMBER VENDOR MATERIAL Weight QTY. Total
Weight

26 Encoder, Motor Maxon
ENC16

Maxon Motor Encoder 461214 Maxon Steel 0.03 2 0.06

27 Motor Controller Copley
Controls ADP-090-36

DIGITAL SERVO DRIVE for
BRUSHLESS/BRUSH MOTORS

ADP-090-36 Copley Controls Steel 0.94 2 1.88

28 Bearing, Flanged MCM
4262T170

Type 440C Stainless Steel Flanged 4262T170 McMaster Stainless
Steel
(ferritic)

0.01 12 0.12

29 Bushing, 0.25id 0.25lg
MCM 91786A200

Bushing 0.25id, 0.25lg 91786A200 McMaster 6061
Alloy

0 4 0

30 lo rider v2 Lo Rider Prosthetic Foot 1E57 Octobock Hexcel AS4C
Carbon Fiber

0.77 1 0.77

31 gates 3mr-17s-09 Sprocket, Ankle Driver. 17 Teeth,
9mm belt size

3MR-17S-09 Gates 6061
Alloy

0.02 1 0.02

32 gates 3mr-68s-09 Ankle Sprocket, Driven. 68 Teeth,
9mm belt size

3MR-68S-09 Gates 6061
Alloy

0.27 1 0.27

33 gates 3mr-32s-09 Knee Sprocket, Driven. 32 Teeth,
9mm belt size

3MR-32S-09 Gates 6061
Alloy

0.06 1 0.06

34 gates 3mr-16s-09 Knee Sprocket, Driver. 16 teeth,
9mm belt size

3MR-16S-09 Gates 6061
Alloy

0.02 1 0.02

35 Powergrip GT3 Belts Timing Belt 165-3MGT-09 Gates Rubber 0.01 2 0.02

36 Pyramid Adapter FSR
rubber

Rubber spacer for FSR device
(HARD 70A)

1310N13 McMaster Rubber 0.02 1 0.02

37 Female Pyramid Adapter 4-hole Pyramid Adapter (standard) CPR18 Bulldog Stainless
Steel
(ferritic)

0.03 1 0.03

38 Male Pyramid Adapter 4-hole Pyramid Adapter (standard) P2-NH Bulldog Stainless
Steel
(ferritic)

0.03 1 0.03

39 Pyramid Adapter Plate Pyramid Adapter Plate without
center hole (not standard)

N/A UTD Machine
Shop

Stainless
Steel
(ferritic)

0.05 1 0.05

40 Bumper, Standard MCM
93115K872

Load-Rated Bumper with Threaded
Stud

93115k872 McMaster Rubber 0 3 0

41 Locknut, 0.25x20 Pyramid Adapter Screw Nuts 95615A120 McMaster Zinc Plated
Steel

0.018 8 0.144

42 Shoulder Bolt, 0.25od x 0.5
threadlock MCM
93996A847

Thread-Locking Tight-Tolerance
Shoulder Screw

93996A847 McMaster Plain
Carbon
Steel

0.014 2 0.028

43 Shoulder Screw, 0.25od x
0.3125 thread loc MCM
93996A838

Thread-Locking Tight-Tolerance
Shoulder Screw

93996A838 McMaster Plain
Carbon
Steel

0.011 4 0.044

44 Screw, 0.25x0.75L MCM
92220A185

Low-Profile Alloy Steel Socket Head
Cap Screw

92220A185 McMaster Plain
Carbon
Steel

0.01 5 0.05

45 Sholder Screw, 0.25id 1L
MCM 93996A856

Thread-Locking Tight-Tolerance
Shoulder Screw

93996A856 McMaster Plain
Carbon
Steel

0.021 2 0.042

46 Spacer, 0.25id 0.375od 0.5l
MCM 6389K113

Rubber Spacer 6389K113 McMaster Rubber 0 2 0

47 Bolt, M3X12, Low Profile,
MCM 90666A106

Bolt, M3X12, Low Profile, MCM
90666A106

90666A106 McMaster Plain
Carbon
Steel

0 8 0

48 Screw, M5x40, LoProfile
MCM 93070A133

Low-Profile Alloy Steel Socket Head
Cap Screw

93070A133 McMaster Plain
Carbon
Steel

0.015 8 0.12

49 Screw, 0.25x20 0.5L MCM
92220A183

Low-Profile Alloy Steel Socket Head
Cap Screw

92220A183 McMaster Plain
Carbon
Steel

0.01 14 0.14

50 Screw, M3x8L MCM
91290A113

Screw, M3x8L 91290A113 McMaster Material
¡not
specifie
d¿

0 16 0

51 Spacer, 0.10id 0.25od
0.10l

Spacer behind electronics
board, 0.1id, 0.25od

6389K113 McMaster 6061
Alloy

0 6 0
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APPENDIX B

UTD LEG 1 KINEMATIC ANALYSIS

Fig. B.1 is a schematic of a planar view for UTD Leg 1. Below is derivation to determine

the kinematic motion of each joint’s lever arm. Constants were measured from the Leg CAD

model as shown in Fig. 3.1. This can assist in estimating the torque at each joint produced

by the motion of the linear ball screw.

General Variables

Li = ball screw column length

Θi = measured joint angle (Right Hand Rule)

θi = inside lever arm angle

αi = angle between lever arm and force line of action from ball screw

Ankle Constants

β1 = 16.62◦

β2 = 18.96◦

l1 = 0.200914 m

l2 = 0.060452 m

Knee Constants

β = −15.33◦

l1 = 0.22733 m

l2 = 0.05969 m
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Figure B.1. UTD Leg 1 schematic for declaring mechanism parameters of angles and lengths
to derive kinematic equations.
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Estimating Joint Torque Derivation

The angle for the ball screw line of action αi does not have an external sensor to measure.

Note, the subscript i depends on the joint where a is for ankle and k is for knee. Applying

Law of Cosines for the triangle l1l2Li and rearranging terms for obtaining the lever arm angle

line of action αi to give the following form:

l21 = L2
i + l22 − 2l2Li cos(αi) (B.1)

αi = arccos
l21 − L2

i − l22
−2l2Li

.

Now substitute L2
i from Eq. B.1 to give

αi = arccos
−2l22 + 2l1l2 cos θi

−2l2
√
l21 + l22 − 2l1l2 cos θi

. (B.2)

The estimated torque at the joint is

Ti = FLl2 sinαi, (B.3)

where FL is the linear force along the ball screw measured from a uniaxial load cell as

described in 3.2.

Ankle Joint Kinematic Derivation

The ankle joint angle can be estimated by the motor input measurement. Comparing angles

about the ankle joint

θi + β1 =
π

2
−Θi + β2. (B.4)

Combining Eqns. B.4 and B.2 to solve for Θa gives an estimated function of the ankle joint

angle

Θa = − arccos
−L2

a + l21 + l22
2l1l2

+
π

2
+ β2 − β1. (B.5)

An external sensor is not available for measuring the linear displacement of the ball screw.

However, the linear displacement is a direct result of the motor’s rotary motion connected
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to the timing belt. The following are mechanical transmission constants for the ball screw

and timing belts.

Ph = 2 mm/rev, ball screw lead

Loa = 0.21209 m, length of La when ankle joint angle is at 0◦

Lok = 0.21920 m, length of Lk when knee joint angle is at 0◦

na = 4, timing belt sprocket ratio for the ankle

nk = 2, timing belt sprocket ratio for the knee

The ball screw displacement ∆L is derived from the motor rotary θmi input to ball screw

linear conversion is

∆L = θmi
Ph
ni

(B.6)

∆L = Li − Loi,

where θmi is the motor angles per i joint. Solving for L from Eq. B.6 gives a function with

variable of motor angle for the travel length of the ball screw as given

Li =
Phθmi
2πni

+ Lo. (B.7)

Substitute Eq. B.7 to B.5 to give a closed form solution of motor angle input to the joint

angle output from the actuator system

Θa = − arccos
−(Phθma

2πna
+ Lo)

2 + l21 + l22

2l1l2
+
π

2
+ β2 − β1. (B.8)

Knee Joint Kinematic Derivation

Similar to the ankle, compare angles about the knee joint gives

θi + Θi + β = −π
2
. (B.9)
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Applying to the Law of Cosines to input variable θi to give an estimate of the knee joint

angle

Θk = − arccos
−L2

k + l21 + l22
2l1l2

− π

2
− β. (B.10)

A closed form solution for the knee joint angle can be given by substituting Eq. B.7 to give

Θk = − arccos
−(Phθmk

2πnk
+ Lo)

2 + l21 + l22

2l1l2
− π

2
− β. (B.11)
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APPENDIX C

UTD LEG 1 MATLAB/SIMULINK CONTROL SYSTEM

The following are key subsystem blocks for the UTD Leg 1 control software using MAT-

LAB/Simulink compiled to dSPACE for rapid control development. If shown either the

knee or ankle model subsystem, then it is similar to the other respective joint.
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dq171116_Single_Tasking_Configured_for_FSM_PW_PV_Ctrlr

03.  SENSORS

RTI Data

Figure C.1. UTD Leg 1 Control System: Model Main

   01.00c.02  Phase Variable Measurement

This is the newer "Advanced" subsystem
(not the old  "Angles-Only" subsys)

Rate Transition
to SIM Rate

Rate Transition
to SIM Rate1

Rate Transition
to SIM Rate2

Rate Transition
To Filtering Rate

Rate Transition
To Filtering Rate1

0

PV MEASURE ENABLE AND

Logical
Operator

Terminator2

1
Final PV

2
Final PV Deriv

1
Hip Angle

(deg)

IMU_Packet_Health

From1

Manual_Stance_Push_Button

From2

Rate Transition
to SIM Rate5

3
Speed Detector

 >= 0

Switch

FSR
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0

PV PHASE DETECT SELECTOR

Rate Transition
To Filtering Rate2

Sensor Health

IMU Angles in
PV Health

PV Health

Rate Transition
to SIM Rate3

4
Slope Detector

Rate Transition
to SIM Rate4

5
PW/Unified PV

Angles in

Stance in

Joints Fade Amount

Final PV

Final PV Derivative

Gait Speed Detect Selector

Slope Detector

PW/Unif ied PV State

PV Subsystem

Figure C.2. UTD Leg 1 Control System: Phase Variable Main
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Figure C.3. UTD Leg 1 Control System: Phase Variable Subsystems
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   01.03  Knee & Ankle VC DFT Coefficients

Gait Speed Detector

1
VC Knee Cos Coeff

2
VC Knee Sine Coeff

3
VC Ankle Cos Coeff

4
VC Ankle Sine Coeff

 ~= 0

Switch

GUI_DESIGN_MODE_SELECTOR

1 = Clinician VC Select
0 = Manual VC Select

U Y

ROW1_ak_kne_11
zeros(5,11)

GUI_VC_COEFF_MATRIX

 ~= 0

Switch1

 ~= 0

Switch2

 ~= 0

Switch3

SCOPE

Figure C.4. UTD Leg 1 Control System: Virtual Constraint DFT Coefficients

   02.03  Knee Virtual Constraint Controller

1
Knee VC Pos CMD In

3
Knee Joint Pos

(deg)
Knee Joint Torq Error (Nm)

Knee Joint Pos (deg)

Knee Joint Vel Filter (dps)

Mtr Torq Cmd

02.03.02  Knee VC Closed Loop Torque Cntrlr

4
Knee Joint Vel Filt

(deg/s)

Knee VC Curr Cmd (A)
SCOPE

1/10

dSPACE Gain

10/30

Curr SF Gain
from Mtr Driver

(V/A)

1
Knee VC Curr Cmd (V)

Knee VC Est Mtr Torq CMD (Nm)
SCOPE

Knee VC Est Joint Torq CMD (Nm)
SCOPEKnee_GR_rev

From4

Product

2
Knee VC Vel CMD In

VC Pos, hd(s(phi)) (deg)

VC Vel, hd_dot(s(phi)) (deg/s)

Knee Joint Pos (deg)

Knee Joint Vel Filt  (deg/s)

tau_d

02.03.01 Knee VC Conventional PI+D Control

5
Knee Joint Torque

(Nm)

Knee_GR_rev

From1

Divide1

1

2

*, 3

Multiport
Switch

Knee VC Torque Cntrl Cmd (Nm)
SCOPE

Kt

From6 Product1

Divide2
Kt

From2

Knee_Mtr_Torq_VC_CMD

Goto

Knee_Joint_Torq_VC_CMD

Goto1

Knee Current Cmd Sat Lim
(A)

Knee Torq Cmd Sat Lim
(Nm)

DOC
Text

Knee Virtual Constraint Controller Gains Selection KNEE_VC_OVERALL_CNTRL_MODE

From7

Figure C.5. UTD Leg 1 Control System: Virtual Constraint Outer and Inner Control Loops
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Figure C.6. UTD Leg 1 Control System: User Interface Control Options
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Figure C.7. UTD Leg 1 Control System: Joint Torque Estimation Main
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Figure C.8. UTD Leg 1 Control System: Joint Torque Lever Arm Angle Estimate
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   03.  SENSORS
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Figure C.9. UTD Leg 1 Control System: Sensors Main
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Figure C.10. UTD Leg 1 Control System: Power Safety
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Figure C.12. UTD Leg 1 Control System: dSPACE Control Interface
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Figure C.13. UTD Leg 1 Control System: dSPACE Measurement Interface
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