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y 2050, an estimated 1.5 million people in the

United States will be living with a major lower-limb

amputation [1], a condition that causes severe dis-

ability, particularly for persons with transfemoral

(above-knee) amputations. These individuals
expend up to twice the metabolic effort to walk at half the
speed [2] of able-bodied persons, and they experience a
higher risk of falls and secondary pathological conditions,
such as osteoarthritis, back pain, and depression [3].

Passive prostheses cannot fully replace the biomechanical
function of intact legs during walking, as they are unable to
provide biologically accurate torque at the joint level [4].
Persons with amputations must compensate for this deficien-
cy by increasing their muscular effort on both the residual

Digital Object Identifier 10.1109/MRA.2014.2360305
Date of publication: 19 December 2014

94 * |EEE ROBOTICS & AUTOMATION MAGAZINE * DECEMBER 2014

limb and contralateral leg [5]. However, these compensatory
strategies result in kinetic and kinematic gait asymmetries
that reduce gait efficiency and cause higher stress on the mus-
culoskeletal system [5].

How a Robotic Prosthesis Can Help

Robotic prostheses can actively regulate joint torque to match
the kinetics and kinematics of an intact leg during walking
[6]-[9], possibly restoring physiological gait efficiency and sta-
bility. The joint torque demand is not fixed but is dependent
on the walking speed [10]. In the stance phase (i.e., with the
foot on the ground), the torque profiles change nonlinearly
with the walking speed to properly support body weight
against gravity and to propel the body mass (BM) forward
[11], [12]. In the swing phase (i.e., with the foot off the
ground), a progressively faster movement must be generated at
increased walking speeds to ensure the timely placement of the
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foot in preparation for the subsequent heel strike, regardless of
the initial swing conditions (i.e., joint torque, angle, and veloci-
ty) generated during the stance phase [13]. Mimicking the bio-
mechanical function of intact legs, therefore, requires adaptive
regulation of the prosthetic joints based on the walking speed.

The available controllers for powered transfemoral pros-
theses cannot generalize across different walking speeds. The
implementation of impedance-inspired control [14] requires
that the joint torque is defined as a parametric function of
angle and velocity, with different stiffness, damping, and equi-
librium angle values for each discrete phase of the gait cycle
(usually five). To obtain biologically accurate torques, this
approach requires an explicit, experimental tuning of all
parameters at a specific walking speed [15]. However, at dif-
ferent walking speeds, the prosthesis does not perform opti-
mally; it provides incorrect body support and propulsion in
the stance phase and movement trajectory and duration in
the swing phase. Most importantly, speed-dependent parame-
ters require patient-specific tuning, as individuals use differ-
ent gait cadences—and therefore different joint velocities—to
walk at the same speed. The need for patient- and speed-spe-
cific tuning diminishes the ability of impedance-inspired con-
trol strategies to adapt to different walking speeds.

Effective speed adaptation has been achieved for ankle—
foot prostheses using two different control approaches. Herr
and Grabowski [6] proposed a biophysically based approach
that imitates muscle reflexes, allowing the device to obtain
inherent speed adaptability by changing the prosthesis
torque output without directly measuring the walking speed
or cadence. The method proposed in [16] relied instead on
preprogrammed ankle-torque profiles, based on a continu-
ous estimate of the gait cycle and an explicit measure of the
gait pace. A nonlinear control approach has recently been
proposed to address the speed-adaptability issue in the
stance phase [17]-[19]. Although these control approaches
could be extended to transfemoral prostheses during the
stance phase, they do not address the need for speed adapt-
ability during the swing phase, which is a fundamental issue
for transfemoral prostheses.

In this article, we propose an alternative control strategy
that imitates the basic speed-adaptation mechanism used by
intact legs and allows the robotic leg to achieve biologically
accurate biomechanics across different walking speeds, with-
out the need for speed- or patient-specific tuning.

For able-bodied subjects, walking speed greatly affects joint
torque demand during both the stance and swing phase [10],
though different speed-adaptation mechanisms seem to be in-
volved in these two gait phases. In the stance phase, a complex
torque modulation takes place, resulting in an overall net ener-
gy increase that is proportional to the walking speed. This
speed-adaptation mechanism is well described by the trend of
quasistiffness [20], [21] (the derivative of the torque—angle re-
lationship with respect to the angle during the execution of the
gait cycle), which changes consistently as a function of walking
speed [22]-[24], resulting in speed-specific torque-angle
curves. In the swing phase, fairly invariant angle trajectories

are observed across different walking speeds after time nor-
malization. When the walking speed increases, the swing-
phase duration decreases proportionally to the stride duration,
maintaining an almost constant ratio between the stance- and
swing-phase durations. As expected for a ballistic position
task, the joint torques increase proportionally with the walking
speed during the swing phase [25]. Based on these observa-
tions, for our proposed prosthesis controller, we propose to en-
force quasistiffness profiles in the stance phase and ballistic
position control in the swing phase.

By directly encoding the quasistiffness profiles of an intact
leg in the stance controller, we eliminate the need to explicitly
tune the stance-phase control parameters. Most importantly,
biologically accurate torque—angle curves can be obtained for
any walking speed by encoding a few speed-specific curves
from able-bodied studies [22] and by interpolating among
them based on measured walking speed. Moreover, quasistift-
ness profiles define desired torque solely as a function of the
current angle. So we can enforce the desired torque-angle re-
lationship independently from joint velocity, which differs for
each subject while walking at the same speed, thus, avoiding
the need for patient-specific tuning.

Quasistiffness profiles have been successtully used for op-
timizing spring placement in powered prosthesis design [8],
[26]. The presence of passive elements improves the prosthe-
sis efficiency by storing rather than dissipating energy in the
negative work phases of the gait cycle. However, passive ele-
ments reduce the ability to modulate stiffness, resulting in re-
duced prosthesis control flexibility [27]. In this article, we
extend the use of quasistiffness to achieve biologically accu-
rate speed adaptation by rendering speed-specific, able-bod-
ied quasistiffness through active control of motor torque.

In the swing phase, we exploit a minimum-jerk trajectory
generator to obtain biologically accurate movement of the
prosthesis joints across walking speeds and users. Using this
approach, we can obtain a physiological swing movement tra-
jectory and duration at each step without subject- or speed-
specific tuning. In fact, the minimum-jerk trajectory generator
can automatically take the starting swing angle and velocity at
each step and smoothly drive the prosthesis through a biome-
chanically appropriate trajectory in the desired time, which we
defined proportional to the stance phase duration, thus, gener-
alizing across walking speeds and users. Due to their inherent
speed invariance, quasistiffness in the stance phase and mini-
mum jerk in the swing phase are ideal control variables to
achieve speed adaptability in robotic transfemoral prostheses.

For this experiment, we implemented the proposed control-
lers on the second-generation Vanderbilt transfemoral prosthe-
sis [28] (Figure 1). Prior to testing on amputee patients, an
exhaustive characterization of stance-phase quasistiffness con-
trol and swing-phase position control was performed in an ex-
perienced able-bodied subject wearing a bypass adapter to walk
on the same powered prosthesis. Three transfemoral amputee
patients then tested the speed adaptability of the proposed con-
troller. The patients walked on a treadmill while the walking
speed was gradually increased from 0.5 m/s to their maximum
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comfortable speed (Table 1). The same test was then repeated
while patients used their prescribed passive prostheses.
Experimental results show that regulating these few constraints

(quasistiffness profiles in stance and minimum-jerk trajectory
in swing) successfully restored physiological gait kinematics
and kinetics (e.g., correct torque profiles, power generation, and

gait symmetry) across different walking speeds.

Controller Design

The proposed controller (see Figure 2 for a block diagram
representation) comprises three stages that address the fol-
lowing issues: 1) gait-phase and walking-speed estimates, 2)
planning of joint torques, and 3) attainment of desired torque
at the prosthetic joints.

Finite-State Machine Implementation

The first stage of the controller estimates the state of the user
and prosthesis. A finite-state machine, as shown in Figure 3,
uses the outputs from an inertial measurement unit (IMU)
and a ground reaction force (GRF) sensor to estimate whether
the prosthesis is lifted off the ground (i.e., the GRF is lower
than 5% of the patients BM) or statically supporting the pa-
tient’s weight (i.e., the GRF is greater than 5% of the BM).
When a shank velocity greater than 10°/s is detected while the
prosthetic foot is on the ground, the prosthesis enters into
walking mode, which is divided into a stance phase and a
swing phase. The stance phase is divided into three subphases:
1) early stance, 2) midstance, and 3) late stance—following the
quasistiffness trends observed in an able-bodied subject, as
shown in Figure 4 and discussed in the “Walking Controller”
section. The ankle velocity and shank orientation regulate the
transition between the three stance subphases. Early stance
starts when the prosthesis contacts the ground and ends with
the inversion of ankle movement from plantarflexion to dorsi-
flexion. The midstance phase is characterized by dorsiflexion
of the ankle joint. When ankle movement is again inverted
from dorsiflexion to plantarflexion with a shank angle greater
than 5°, the prosthesis enters late stance. This phase is particu-
larly critical because the contralateral leg is contacting the
ground as the prosthesis starts to deliver the positive energy
needed to propel the body forward. When the prosthetic foot
is lifted from the ground in late stance, the prosthesis enters
into swing mode. Swing mode comprises a single phase, con-
trolled using a minimum-jerk trajectory generator. When the
prosthesis is again consistently in contact with the ground, it
reenters into early stance phase. Similar finite-state machines
have been used in previous studies
[7], [28], although we used a single
state for the entire swing phase.
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Figure 1. The Vanderbilt transfemoral prosthesis (photo courtesy of
Brian Kersey, Associated Press).

Table 1. The patient characteristics and highest comfortable speed
on a treadmill.

. .. Maximum . . Walking-Speed Estimation
Patient Age Height Weight Tested Speed Prescribed Prescribed Walki d estimati nsists of
Number Gender (years) (m) (kg) (m/s) Knee Foot g—spe.e esimal 10r'1 Consists o
1 M 30 186 862 140 KX06, Elteblade tWO steps. First, we obtain an accu-
Endolite  Endolite rate and consistent estimate of the
2 M 66 175 860 125 C-leg 1C60 shank orientation in the sagittal
Ottobock  Triton plane using a complementary filter
| OIHObOCk [29] to fuse data from the accelerom-

3 M 24 1.75 78.0 1.00 C-leg Elite 2 .
Otohoek GHobock eter and gyroscope located in the

prosthetic shank. Then, we derive the
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Figure 2. The block diagram of the robotic prosthesis controller. The controller receives input signals from embedded sensors on the
prosthesis through a high-speed CAN bus. By combining the prosthesis outputs with the joint angle and GRF, the remote walking-speed
estimator computes the forward speed in the sagittal plane (v). At the same time, based on the joint angle, velocity, and GRF, the finite-state
machine segments the gait cycle into four parts: early, midstance and late stance and swing phase. For each stance subphase, two 2-D LUTs,
implementing normalized able-bodied torque-angle curves for ankle and knee joints, provide the desired torques as a function of current angle
(6), walking speed (v), and patient BM. In the swing phase, a minimum-jerk trajectory generator defines the desired angle for the ankle and
knee joints based on the stance-phase duration. The desired joint torques result from the sum of a feed-forward torque command, obtained
through a dynamic model of the prosthesis, and a proportional-derivative (PD) closed-loop position control. Finally, the torque references (Taes)
are transmitted to the closed-loop, low-level, embedded controller on the prosthesis.

thigh and foot orientation using the prosthetic ankle and knee
angles. Exploiting a simple three-segment planar model of the
leg, we compute the forward velocity of the hip in the sagittal
plane using gyroscope data during the stance phase and by in-
tegrating accelerometer outputs during the swing phase. As
the forward velocity profile has an almost sinusoidal trend
with half the duration of the stride [22], we estimate the walk-
ing velocity twice during each stride. The first estimate is the
average of the forward velocity during the early and midstance
phases, which accounts for half of the stride duration. The sec-
ond estimate is the average during the late stance and swing
phase, which accounts for the second half of the stride. The
error of the walking-speed estimate on the treadmill has been
estimated experimentally to be 8%, in agreement with findings
of other researchers using a comparable approach [30]. More
accurate walking-speed measurements could be obtained by
segmenting the gait cycle in multiple parts, as shown in [31].

Walking Controller

The second stage of the controller is responsible for defining
the desired torque profiles to be applied at the ankle and
knee joint, based on current estimates of gait phase and
walking speed.

In the stance phase, the torque reference for the ankle and
knee joint is obtained from intact-leg quasistiffness profiles,
as extrapolated from able-bodied studies [22]. In particular,
we encoded intact-leg torque-angle curves for two different
walking speeds, 0.5 and 1.75 m/s, on bidimensional (2-D)
lookup tables (LUTs). Each joint and subphase of stance has

GRF < 5% BM
Lifting ] ) Standing
GRF > 5% BM
Shank o Shank o
Walking Speed< 1o Speed > 108
Shank Angle > 5° Y
Late Ankle Velocity < 0°/s )
Stance Midstance
() (]}
GRF Ankle
< 5% BM Velocity
> 0°%s
) Early
(IS\;V T% Stance
GRF > 5% BM (Usd)

Figure 3. The finite-state machine. Able-bodied ankle quasistiffness is
shown in the center of the figure; ideal transitions are indicated with
roman numerals (I, II, l1l, and V).

a different 2-D LUT that inputs the current joint angle and
walking-speed estimate and outputs the desired joint torque
normalized by the BM of the patient. A specific torque-angle
curve for any possible value of walking speed and angle is
then obtained by interpolation. Saturation occurs for input
values outside the LUT boundaries. Figure 4 shows the
torque-angle curves embedded in the 2-D LUTs for the
ankle and knee joints; different colors represent subphases of
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Figure 4. The quasistiffness curves for (a) the ankle and (b) the knee
joints as implemented in the 2-D LUTs of the stance controller. Solid
lines: low-speed curves. Dashed-dotted lines: high-speed curves. Green:
early stance phase. Red: midstance phase. Blue: late stance phase.

stance, and different line styles identify high and low walking
speed. The output of each 2-D LUT is multiplied by the sub-
jects BM to define the set-point torque for closed-loop,
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low-level control. Finally, a low-pass filter is used to smooth
the desired torque output during the 10 ms following any
transition between different LUT values. Similar approaches
based on LUTs have been previously used [32], [33].

In the swing phase, the prosthesis controller enforces a
minimum-jerk position trajectory that approximates the be-
havior of an intact leg at different walking speeds. As the fi-
nite-state machine enters into swing mode (i.e., with the
prosthetic foot off the ground), the swing-phase controller
computes the coefficients of a fifth-order polynomial func-
tion that generates the desired minimum-jerk position tra-
jectory. The duration of the swing movement is set to be 0.15
and 0.45 times the previous stance duration for the ankle and
knee joint, respectively, based on able-bodied biomechanics
[22]. The initial joint angle and velocity of the trajectory are
equal to their respective measured values at the end of stance
phase. The final joint angle, velocity, and acceleration are
fixed to zero for both the ankle and knee joints. Whereas a
unique minimum-jerk trajectory is used for the ankle joint,
the knee trajectory comprises two parts. The first starts with
the knee angle and velocity measured at the last sample of
stance phase and ends at the point of maximum knee flexion
with zero velocity. The second part starts from the maximum
knee flexion and ends with the knee fully extended and zero
velocity and acceleration. The acceleration at maximum knee
flexion, as well as the starting acceleration of the ankle joint
was optimized based on able-bodied data. The maximum
knee flexion angle is regulated based on patient anthropome-
try to ensure an appropriate foot clearance despite the fixed
shank length of the prosthesis. The desired angle trajectory is
enforced by relying on a strong feedforward torque com-
mand (based on the analytical solution of the polynomial
function and a dynamic model of the prosthesis) and weaker
feedback position control with proportional and derivative
terms. Whereas the feedforward command accounts for the
inertial, gravitational, and frictional components, the feed-
back loop reacts to the contingent disturbances that occur
during swing phase movement and compensates for possible
inaccuracies of the prosthesis dynamic model. The torque
references computed by the stance and swing controllers are
then enforced through low-level closed-loop control.

Implementation on the Vanderbilt Leg

The proposed control framework has been implemented on a
self-contained ankle and knee prosthesis previously developed
at Vanderbilt University [14]. This prosthesis is capable of pro-
ducing biomechanically appropriate torque, power, and range-
of-motion at the ankle and knee joints. It is battery operated
and uses brushless dc motors controlled by custom servo am-
plifiers that are integrated into the embedded control system.
The embedded control system runs the closed-loop torque
controllers for the ankle and knee joint. A remote computer
using a hard real-time operative system (xPC target, Math-
works, United States) runs the algorithms that estimate gait-
phase and walking speed, as well as the stance phase and swing
phase controllers. Communication between the embedded
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and remote systems is handled by a high-speed controller area
network (CAN) bus (CAN-AC2-PCI, Softing, United States).
The embedded controller transmits the local sensing informa-
tion to the remote system, which processes this information,
computes the reference values, and sends them back to the
closed-loop controllers. The remote system also stores all mea-
sured and processed variables. Communication, processing,
and data recording run on the remote control system at the
fixed sampling rate of 1 kHz.

Experimental Characterization and Validation

Characterization of the Stance and

Swing Controllers with an Able-Bodied Subject

The experimental characterization aimed at assessing the ca-
pability of the stance-phase and the swing-phase controllers to
regulate the action of the robotic leg in isolation (i.e., indepen-
dent of walking speed). To this end, an able-bodied subject
gave consent to participate in the experiments, which were ap-
proved by the Northwestern University Institutional Review
Board. The subject walked on the robotic leg using a bypass
orthosis at a constant speed, while we manually changed the
stance and swing controller parameters to observe how they
affected the function of the leg. For each different parameter
change tested, the subject walked on the treadmill for 2 min at
a constant speed of 0.75 m/s. In the first experiment, we as-
sessed the interpolation of the 2-D LUTs used in the stance
phase controller by manually changing the speed input of the
2-D LUTs from their lower (0%) to their upper (100%) bound-
ary in 10% increments. Note that under normal operating
conditions, 0-100% would correspond to 0.5-1.75 m/s, al-
though we tested at a constant speed of 0.75 m/s. In the second
experiment, we assessed the ability of the swing controller to
regulate the desired knee maximum flexion in the swing phase
by manually setting the knee flexion angle to 55, 60, 65, or 70°.
Finally, we evaluated the regulation of the swing-phase timing
by manually setting the swing movement duration to 0.50,
0.75, 1.00, or 1.25 s. For safety reasons, the latter two swing-du-
ration times were tested with a treadmill speed of 0.50 m/s.

Validation of the Proposed

Controller with Three Amputee Patients

We evaluated the proposed controllers on three transfemoral
amputee patients (see Table 1 for patient characteristics) walk-
ing at variable speeds on a treadmill. This experimental proto-
col was approved by the Northwestern University Institutional
Review Board, and participants provided informed consent
before the experiment took place. A certified prosthetist fitted
the patients with the Vanderbilt robotic prosthesis. The pa-
tients’ anthropometric measurements were loaded on the
prosthesis controller prior to the experiment. The patients fa-
miliarized themselves with the prosthesis for about half an
hour by performing a series of short walking sessions (fewer
than 2 min each) at a constant speed on the treadmill, with at
least 2 min of rest between sessions. As the patients’” comfort
and confidence with the prosthesis improved, we increased the

speed of the treadmill, until we identified the highest comfort-
able speed. After this familiarization phase, we performed
three velocity ramps from 0.50 m/s to the highest treadmill
speed tested during the familiarization period by manually in-
creasing the speed of the treadmill over approximately 60 s.
The patients then repeated the variable-speed test using their
prescribed prostheses (Table 1). We added electromechanical
goniometers and a foot-switch sensor to the passive prostheses
to record the ankle and knee joint angle as well as the timing of
ground contact for the heel and toe.

Data Analysis

The prosthesis GRE torque, angle, and velocity profiles were
recorded using the local sensors on the prosthesis. The joint
power was calculated during postprocessing. To attenuate the
sensor noise for a proper data analysis, we filtered all the data
acquired during the experiments offline using a back-and-
forth first-order, low-pass Butterworth filter with a cutoff fre-
quency of 10 Hz. The joint torque, power, and work were
normalized by dividing by the subjects BM. For each experi-
mental session and each test, we separated the raw data into
strides (i.e., the time interval between two consecutive heel
strike events on the prosthesis side) using the output of the
GREF sensor located on the prosthesis. Within each stride, we
computed the maximum and minimum prosthesis angle for
the knee and ankle joint as well as the mean walking speed
and the duration of stride, stance, and swing phase of the in-
tact and prosthetic leg. In addition, we computed the joint
mechanical work for each subphase of stance and overall
stance phase by integrating the torque-angle curves, as de-
scribed in [34]. The first and final three strides for each test
were disregarded from the analysis to eliminate non-steady-
state walking. Finally, we computed the mean angle, torque,
and power profiles for the ankle and knee joint by averaging
these variables over all steady-state strides recorded during
the constant-speed trials. A similar analysis was performed
for the passive prosthesis, except we used the output from the
foot-switch sensors to divide the data into strides, and we pro-
cessed only the ankle and knee joint angle data. All data pro-
cessing was performed using MATLAB (MathWorks, Natick,
Massachusetts, United States).

Results

Characterization of the Controller

In our first experiment, we assessed interpolation capability
of the stance-phase controller using 11 manually imposed
input-speed values (from zero to 100% of the 2-D LUT’s
range, in 10% increments). Figure 5 shows the results of the
stance-phase controller characterization. For the sake of
clarity, we report the ankle quasistiffness profiles recorded
in early and midstance [Figure 5(a)] separately from the
ones recorded in late stance [Figure 5(b)]. The knee quasis-
tiffness profiles are shown in Figure 5(c). The solid-color
lines indicate the averaged profiles; shaded areas represent
one standard deviation computed over 30 gait cycles. The
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Figure 5. The stance-phase controller characterization: (a)-(c) the quasistiffness profiles for the ankle joint in early and midstance, ankle joint
in late stance, and knee joint over all of the stance phases, respectively. Solid lines: average profiles. Shaded areas: +1 standard deviation.
Dashed black lines: quasistiffness curves encoded in the 2-D LUTs. (d) The mechanical work performed by the ankle and knee joints during

each subphase of stance and over all of the stance phases.

black lines represent the quasistiffness curves encoded in
the 2-D LUTs for the lowest (dashed lines) and highest (dot-
ted-dashed lines) walking speeds, as extracted from able-
bodied data [22]. Figure 5(d) shows the mechanical work
performed by the prosthesis for the entire stance phase (for
the ankle and knee joint) and inside each subphase of stance
(for the ankle joint only). Color markers indicate mechani-
cal work averages; error bars represent standard deviations
as computed over 30 gait cycles.

As the speed input increased, the measured ankle quasis-
tiffness curves shifted progressively from the bottom (black
dashed lines) to the upper (black dotted-dashed lines)
boundary of the 2-D LUTs. During midstance [Figure 5(a)],
the ankle quasistiffness profile became progressively more
nonlinear as the walking speed increased. This increased
nonlinearity in turn reduced the braking energy exerted by
the ankle during this negative-work phase of the gait cycle
[green markers, Figure 5(d)], thus facilitating the inverted
pendulum movement at increased walking speed. During
late stance [Figure 5(b)], the ankle quasistiffness profile

100 * IEEE ROBOTICS & AUTOMATION MAGAZINE © DECEMBER 2014

shifted toward a more negative ankle angle at higher walking
speeds, increasing the area described by the ankle torque-
angle curve during the stance phase, and therefore resulting
in greater mechanical work production [orange markers,
Figure 5(d)]. As a result of the 2-D LUT interpolation, the
net energy at the prosthesis ankle over all of the stance phas-
es [light-blue markers, Figure 5(d)] increased proportionally
to the walking-speed input. By fitting the ankle energy mea-
sured in the stance phase as a function of the walking-speed
input with a first-order polynomial, we obtained a root-
mean-square error (RMSE) of 0.004 J/kg and R*of 0.9975,
with an estimated trend of 0.201 J/kg by m/s.

Similar to the ankle joint, as the speed input increased,
the measured knee quasistiffness shifted from the bottom
to the upper boundary of the 2-D LUT, resulting in greater
extension torque at a higher speed input. The knee work
became progressively more negative as the speed input in-
creased [dark blue lines, Figure 5(d)]. However, the effect of
speed input on the knee energy was much lower than for
the ankle energy. The fitting of the knee energy as a
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function of the speed input with a first-order polynomial
resulted in an RMSE of 0.003 J/kg and R* of 0.898, with an
estimated trend of 0.016 J/kg by m/s.

The measured quasistiffness profiles [Figure 5(a)—(c)] for
zero and 100% of the speed input (i.e., blue and red lines, re-
spectively) closely matched the quasistiffness curves encoded
in the 2-D LUTS (ie., the upper and lower boundaries of the
2-D LUTs, represented in black dashed and dashed-dotted
lines, respectively).

Figure 6 shows the results of the swing characterization
experiments. Solid lines represent the average knee swing
trajectories, shaded areas indicate one standard deviation,
and different trials are plotted using different colors.
Figure 6(a) shows the effect of regulating the swing move-
ment duration. Figure 6(b) reports the results for different
maximum knee flexion angle settings. Table 2 shows
swing duration and maximum knee flexion angle record-
ed during the tests on the swing controller. The accuracy
in controlling the swing duration, defined as the mean
difference between the desired duration and recorded du-
ration, was 0.048 s. The precision, evaluated by analyzing
the cumulative standard deviation of the swing movement
duration over all the trials, was 0.044 s. By repeating the
same analysis for the regulation of maximum knee angle,
we found an accuracy and precision of 1.04 and 1.10°, re-
spectively. Note that the ankle data were not included in
this analysis, as the ankle swing movement duration is
significantly shorter than that of the knee [21] and, there-
fore, not critical for the completion of the swing phase.

Validation of the Controller

The overall controller, including the walking-speed and ca-
dence estimator, was validated by three amputee patients
walking on a treadmill at continuously varying walking
speeds with either the robotic leg or their prescribed passive
prosthesis. As a representative example, Figure 7 shows the
ankle [panels (a) and (b)] and knee [panels (d) and (e)] joint
kinematics profiles recorded during the third session per-
formed at variable walking speeds by Patient 1 using the pas-
sive prescribed prosthesis and the robotic prosthesis,
respectively. Different colors indicate different speeds, as
shown by the key on the left side of the figure. Figure 7(c)
and (f) shows the measured ankle angle at the transition be-
tween midstance to late stance and late stance to swing
phase, respectively, superimposed on the equivalent values
extracted from able-bodied data (grey-shaded areas) as a
function of the walking speed for all amputee patients
(shown with different markers and colors).

The finite-state machine performed robustly for all tested
speeds and all patients, allowing the correct and timely identi-
fication of all gait phase transitions, as can be seen by the joint
angle and torque trajectory reported in Figures 7 and 8 for the
duration of the experiment. All transitions between different
2-D LUTS in stance phase and from the quasistiffness control
in stance phase to the position control in swing phase were
very smooth, giving patients comfort and confidence while
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Figure 6. The swing-phase controller characterization. Solid lines:
knee swing profiles averaged among all strides completed with the
same parameter regulation. Shaded areas: +1 standard deviation.

(@) The results obtained by manually setting the swing duration to
0.5,0.75, 1, or 1.25 s. (b) The effect of regulating the maximum knee
flexion angle to 70, 65, 60, or 55°.

walking with the robotic prosthesis. Patients had different
maximum comfortable speeds as shown in Table 1.

By comparing ankle and knee joint kinematics recoded for
the robotic prosthesis and the prescribed, passive prosthesis
for Patient 1 (Figure 7), several important differences can be
observed. In general, the maximum ankle plantarflexion in
early stance and dorsiflexion in midstance were greater for the
robotic prosthesis than for the passive prosthesis [Figure 7(a)
and (b)]. Given the presumably similar loading conditions in
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these two phases of the gait cycle, where the prosthesis is basi-
cally absorbing energy, we could then assume that the passive
device had greater stiffness than the robotic prosthesis and
therefore greater stiffness than an intact leg during walking.
Both the maximum ankle dorsiflexion angle in midstance
and maximum plantarflexion angle in late stance
[Figure 7(a)], increased with walking speed in the robotic
prosthesis, in agreement with able-bodied biomechanics [22],
[34]. Conversely, the behavior of the passive ankle
[Figure 7(a)] remained unaltered.

The robotic prosthesis knee joint [Figure 7(e)] remained
locked on the mechanical endstop (located at —2°) from early
through midstance, but it resembled intact leg kinematics
during late stance and the swing phase. As expected from the
swing-controller characterization, the maximum knee flexion
angle of the robotic leg in swing phase remained basically un-
altered across all tested walking speeds [Figure 7(e)]. For Pa-
tient 1, the maximum knee flexion angle ranged between
64.08 and 67.24°, while at the end of the stance phase,
the knee angle ranged between 31.4 and 44.9°, the knee veloc-

ity between 231.5 and

Table 2. The results of the swing-controller characterization.

Swing Phase Controller Characterization

® 355.6°/s, and the knee
torque between 0.54 and
—4.72 Nm. On the other

Experiment 1—Swing movement duration

hand, the maximum knee
flexion angle of the pas-

Swing duration (s) Desired 0.50 0.75 1.00 1.25 sive prosthesis increased

Measured 0.601+0.029 0747 £0027 0947 +0037 1270£0084  proportionally with walk-

Knee maximum Desired 60 60 60 60 ing speed [Figure 7(d)]. In

flexionangle () Measured 6075 £084 6011414  61.12+082  60.58+0.19 particular, it started at

Experiment 2—Maximum knee flexion angle 55.5° for the slowest walk-

Knee maximum  Desired 70 65 60 55 ing speed and reached

flexionangle ) peasured 6820+ 1.5 640+ 103  595+078  56.0+ 1.07 68.2° for the highest walk-
Swing duration (s) Desired 0.70 0.70 0.70 0.70 ing speed.

Measured 071+004  069+003  069+002 070+ 005 Although patients se-

Passive Prosthesis

Robotic Prosthesis

lected different maximum

Robotic Prosthesis
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Figure 7. The robotic and passive prosthesis kinematics performance during the variable-walking-speed test. (a) and (b) The ankle angle
trajectories and (d) and (e) knee angle trajectories for the robotic and passive prostheses, respectively, as recorded from Patient 1's third session.
Time is zeroed at the beginning of each gait cycle, as detected by the finite-state machine entering into early stance phase. (c) and (f) The ankle
angle at the transition between midstance to late stance and late stance to swing phase. The grey shaded areas in (c) and (f) indicate equivalent

data extracted from able-bodied biomechanics.
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Figure 8. The analysis of ankle energetics during the variable-speed test with the robotic prosthesis. (a) and (b) The ankle-torque and power
profiles, respectively, as a function of normalized stance phase time. Vertical shaded lines: transition times from early to midstance (1 - Il) and
midstance to late stance (Il — II). Colors: different walking speeds as indicated by the key at left. (c) The ankle energy produced during stance
phase as a function of walking speed. The grey shaded areas in (c) indicate equivalent data extracted from able-bodied biomechanics.

speeds, the measured ankle angle at the transition from mid-
stance to late stance [Figure 7(c)] and from late stance to
swing phase [Figure 7(f)] approximated to the trend of able-
bodied data as a function of walking speeds (grey shaded
areas). By fitting the measured ankle angle at toe-off as a func-
tion of walking speed with a first-order polynomial function,
we obtained an RMSE of 3.05° and R’of 0.7154 with a trend
of —17.1° by m/s; in comparison, able-bodied experiments re-
ported a trend of —15.5° by m/s and standard deviation of
3.3°. Repeating the same analysis for the ankle dorsiflexion
angle at the transition between midstance and late stance re-
sulted instead in an RMSE of 1.51° and R* of 0.6425 with a
trend of 3.87° by m/s, as opposed to able-bodied data, which
show a trend of 1.61° by m/s, and a standard deviation of 2.6°.

Figure 8 presents a detailed analysis of the robotic ankle en-
ergetics at varying walking speeds. Figure 8(a) and (b) shows
the ankle torque and power profiles, respectively; as a function
of the normalized stance time as measured during the third
trial of the variable-speed test performed by Patient 2 as a rep-
resentative example. Figure 8(c) shows the mechanical work
performed by the robotic ankle for all patients (with different
colors and markers) and all variable-speed test repetitions, su-
perimposed over able-bodied ankle work (grey-shaded area
and line) as a function of walking speed.

The ankle torque profile [Figure 8(a)] changed with walking
speed, as expected from the results of the stance-controller char-
acterization. As the walking speed increased, (from blue to red
lines), the ankle torque profile became progressively steeper
both during midstance (I to II) and late stance (II to 100% of
stance). It is worth noting

that the ankle torque pro-

files saturated at the tran- The proposed swing
sition between midstance

to late stance; this was not controller restored
due to the controller but

rather due to hardware physiological gait

limitations imposed by
the ankle motor strength
of the prosthesis.

As expected from the

symmetry independently of

walking speed.

overall increase in ankle
angular velocity with

walking speed, both the negative and positive peak power
changed during the experiment [Figure 8(b)]. However, be-
cause of quasistiffness modulation as a function of walking
speed, the positive power had a much greater increase than the
negative power. In particular, the negative peak power ranged
between —0.409 W/kg and —0.701 W/kg, whereas the positive
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Table 3. The gait symmetry characterization: the root-
mean-square difference between prosthesis and intact
leg for stride, stance, and swing phase duration.

Root-Mean-Square Difference (s)

Stride Stance Swing
Patient 1 0.039 0.043 0.034
Patient 2 0.042 0.056 0.039
Patient 3 0.055 0.089 0.075

peak power ranged between 0.575 W/kg and 2.81 W/kg;
a range that is 7.6 times greater than the negative peak
power range.

Accordingly, the ankle mechanical work increased pro-
portionally to walking speed [Figure 8(c)]. A linear fitting
with a first-order polynomial on all patients and test repeti-
tions estimated an energy increase rate of 0.194 J/kg by m/s
with an RMSE of 0.018 J/kg and R* of 0.8859. This result
closely matches the rate of ankle energy increase that we
obtained in stance-control characterization (i.e., 0.201 J/kg
by m/s), though this was performed at a constant walking
speed. Most importantly, the measured ankle work
matched the values observed in able-bodied persons, which
equals 0.214 J/kg by m/s [shaded-grey areas, Figure 8(c)]
across all tested walking speeds.

Patient 3

{ Stride—Prosthesis
* Stride—Intact Leg
[ Stance—Prosthesis

2571

O Stance—Intact Leg
2r Swing—Prosthesis

+ Swing—Intact Leg

Duration (s)
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Time (Steps)
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Figure 9 and Table 3 present the analysis of gait symmetry
during the variable-speed test. Figure 9(a) shows the duration
of stride, stance phase, and swing phase for both the robotic
prosthesis and intact leg for each step measured on the third
session of the variable-speed test by Patient 3. Figure 9(b)
shows the average duration of stance and swing phase, nor-
malized by stride duration for all three patients for both the ro-
botic prosthesis and intact leg. Table 3 shows the
root-mean-square difference between the duration of stride,
stance phase, and swing phase for the robotic prosthesis and
intact leg, for all amputee patients.

As shown by Patient 3 in Figure 9(a), as the variable-speed
test progressed, stride, stance phase, and swing phase duration
decreased, indicating an increase in gait cadence. Note that the
robotic prosthesis and intact leg showed a good temporal sym-
metry. The root-mean-square difference between the prosthesis
and intact leg (Table 3) ranged between 0.039 and 0.089 s. In ad-
dition, the proportion of stance and swing duration inside the
gait cycle was very similar for the robotic prosthesis and intact
leg across all variable test durations [Figure 9(b)].

Discussion

Robotic prostheses can restore physiological walking ability in
individuals with transfemoral amputations. However, available
control strategies require subject-specific tuning to provide bi-
ologically accurate torques at a specific walking speed.
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Figure 9. The analysis of gait symmetry during the variable-speed test with the robotic prosthesis: (a) the duration of stride, stance
phase, and swing phase for both the robotic prosthesis and intact leg as measured at each step during the third iteration of the variable-
speed test performed by Patient 3, as a representative example, and (b) the normalized duration of stance and swing phase for the
prosthesis (blue) and the intact leg (red) for all patients and all repetitions of the variable-speed test.
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At different walking speeds, the action of the prosthesis is not
optimal because joint speeds (and tuned joint impedance) do
not linearly correspond to walking speed, forcing amputees to
rely on costly compensatory strategies. To reach the full poten-
tial of robotic prostheses, there is the need to develop a con-
troller that can provide biologically accurate torques across a
wide range of walking speeds without requiring speed-specific
prosthesis tuning. Toward this goal, we developed a new con-
trol framework that automatically adapts prosthesis action to
walking speed based on able-bodied biomechanics.
Preliminary validation in three transfemoral amputee patients
showed that the proposed controller could restore physiologi-
cal gait energetics and symmetry across all speeds without tun-
ing—only patients’ BM and height were input into the
controller before the experiments.

The primary goal of the tests performed with the able-
bodied subject was to characterize how the stance and swing
controllers responded to different parameter regulations inde-
pendently of walking speed. The first test assessed the ability
of the stance phase controller to obtain a desired quasistift-
ness curve independently of joint velocity, which varies for
each subject when walking at the same speed and cadence.
The measured quasistiffness for the highest- and lowest-speed
inputs closely matched the two quasistiffness curves encoded
in the 2-D LUTs, showing that the accuracy and responsive-
ness of the low-level prosthesis controller was appropriate to
virtually enforce the intact-leg quasistiffness during walking.
In addition, the interpolation of the two quasistiffness curves
encoded in each 2-D LUT for the upper and lower boundar-
ies of the walking-speed input allowed the modulation of the
shape of the ankle and knee quasistiffness curves as a function
of walking-speed input, in agreement with able-bodied stud-
ies in [22] and [34]. The measured ankle and knee energetics
quantitatively matched able-bodied values [6], [34], thus
demonstrating the ability of the proposed controller to repli-
cate intact leg energetics through the interpolation of intact
leg quasistiffness profiles. Cumulatively, the results of this test
prove that enforcing quasistiffness profiles allows modulation
of ankle mechanical work independently of the actual joint
speed, which is necessary to achieve effective walking-speed
adaptation without subject- or speed-specific tuning.

The swing characterization experiment assessed the ability
to regulate maximum knee flexion and swing movement dura-
tion independently of initial swing conditions (i.e., joint angle,
velocity, and torque) that vary due to a different regulation of
the stance controller, a different walking speed, or a different
walking pattern. The measured accuracy and precision of the
swing movement were well within able-bodied movement
variability [22], thus satisfying a primary requirement for
the proposed swing controller. Importantly, the regulation
of the swing duration and maximum knee flexion angle are in-
dependent of one another (Figure 7). This provides a notable
advantage of the proposed control approach over an imped-
ance-based strategy, as it allowed us to decrease the swing time
proportionally to the stance time without worrying about foot
clearance. The results of this test prove that the proposed

controller can consistently modulate the range of motion and
duration of swing movement independently of stance phase
control, which is necessary to produce physiological prosthesis
swing at different walking speeds.

Three transfemoral amputee patients tested the proposed
controllers by walking on a treadmill at a continuously vari-
able speed. Analysis of the robotic prosthesis kinematics
(Figure 7) highlights the

ability of the proposed

control framework to fair- By modulating

ly approximate the biome-

chanical behavior of intact  quasistiffness based
legs at different walking

speeds. However, the ro-  on walling speed, we

botic prosthesis lacked
stance knee flexion (i.e.,
the prosthesis knee joint
remained fully extended
in early and midstance).
This phenomenon has
been previously attributed
to the patients’ tendency to

achieved physiological
prosthesis energetics for all
patients without the need

for tuning.

exaggerate hip extension ®
during the weight accep-
tance phase, together with the compliance of the human thigh
at the interface with the prosthesis socket [14]. Our results
confirm these observations, although exploring this phenom-
enon was not a focus of this study. Prosthesis ankle kinemat-
ics changed with walking speed as a result of quasistiffness
modulation. Ankle maximum dorsiflexion and plantarflexion
angle (Figure 7) in the stance phase followed the trend ob-
served on able-bodied subjects [22], [34], [35] for all patients,
suggesting that the stance controller adequately adapted joint
torque to walking speed, despite the ankle torque saturation
occurring at the transition between midstance to late stance
(Figure 8). The measured kinematics variability was also very
close to able-bodied variability, which is interesting as it has
been previously observed that amputees tend to have higher
variability in walking. These results suggest that the proposed
quasistiffness-based controller promoted a natural dynamic
interaction of patients with the prosthesis at different speeds.

The adaptation of quasistiffness with walking speed re-
sulted in a nonlinear modulation of joint torque inside the
gait cycle (Figure 8). The modulation of temporal torque
profiles in turn increased both the negative and positive
power peaks with walking speed. However, in agreement
with several able-bodied studies [22], [34], [35], the posi-
tive power increased more than the negative power. Most
importantly, by modulating quasistiffness based on walking
speed, we achieved physiological prosthesis energetics for
all patients without the need for tuning. This is particularly
important because providing physiological energy reduced
the metabolic cost of walking in a powered ankle-foot
prostheses [6]. Robotic transfemoral prosthesis able to pro-
vide physiological energetics might also reduce the meta-
bolic cost of walking.
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As expected from the swing controller characterization,
the maximum knee flexion angle in the swing phase re-
mained unaltered at different walking speeds. This result is
particularly significant if we consider the high variability of
the swing starting conditions in terms of torque, angle, and
velocity. On the other hand, passive prosthetic knees were un-
able to entirely compensate for the variation of the inertial
torque following the change in walking speed, as shown by
the variation of knee maximum flexion angle. Unlike passive
prostheses, the proposed controller allowed a biomimetic
swing trajectory at any walking speed [22].

The analysis of the stride, stance, and swing phase dura-
tions shows that the proposed swing controller restored phys-
iological gait symmetry independently of walking speed. This
result is significant because the effective swing phase duration
depends not only on swing movement duration, but also on
the volition of the patient. If patients had waited too long at
the end of the swing movement before loading their body
weight on the prosthesis, physiological gait symmetry would
have not been achieved. Our results show not only that swing
movement duration was properly adapted at each step but
also that patients trusted the variable cadence control and
moved in synchrony with the robotic prosthesis.

The time needed to tune a powered transfemoral prosthe-
sis for each patient has been identified as a main obstacle to
their clinical viability [36]. Our control framework can pro-
vide physiological function without any need for tuning; we
only had to input patients BM and height into the controller.
All patients could walk comfortably with the prosthesis at
varying speeds after minimal training—about 15 min of
walking practice—with no tuning. This result encourages us
to test the proposed controller on a larger population, focus-
ing on clinical outcomes.

A limitation of this article is the lack of a direct compari-
son with previously proposed powered prostheses and con-
trol methods. Nonetheless, the goal of this article was to
thoroughly assess the control performance of the proposed
framework and to obtain a preliminary validation on a limit-
ed sample size that could justify a larger clinically oriented
study. Future work will aim to assess the clinical benefits of
the proposed approach in comparison to other powered
prostheses and control methods. Future studies will need to
include a larger sample size to properly verify the ability of
the proposed controller to generalize across different individ-
uals. In addition, further insights could be gained through
additional outcome measurements, for example, by record-
ing kinematics, kinetics, and electromyography signals from
the residual limb and contralateral leg. Moreover, heart rate
and metabolic consumption measurements would be desir-
able to verify possible systemic benefits.

Conclusions

Providing positive net energy over the gait cycle is one of the
biggest advantages of powered prostheses over passive devic-
es [26], [37]. Positive net energy is needed to walk on level
ground at moderate to high speeds [11], [38], to properly
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propel and support the body [39], and to accelerate the leg
into swing [40], [41]. However, the amount of positive net
energy required depends on walking speed, which imposes a
complex, nonlinear modulation of torque [42]. For the first
time, the proposed stance phase controller enabled a trans-
femoral prosthesis to restore physiological gait energetics
over a wide range of walking speeds without any subject- or
speed-specific tuning by relying on able-bodied intact leg
quasistiffness profiles. In addition, the proposed swing con-
troller enabled the robotic prosthesis to provide a smooth
swing movement that drove the prosthetic leg through a
physiologically appropriate trajectory independently of the
stance-phase controller. By timing the swing movement
based on the duration of the previous stance phase, the ro-
botic prosthesis was able to restore physiological gait symme-
try, which is fundamental to restore natural gait stability and
efficiency to persons with transfemoral amputations [43].
Future work will be dedicated to embedding the controller
onto the onboard electronics of the prosthesis and evaluating
its performance in a larger clinical population, to assess im-
provements in walking stability and metabolic efficiency
compared to passive prostheses and powered prostheses
using other control approaches.
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