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Abstract— Transfemoral amputees often suffer from falls and
a fear of falling that leads to a decreased quality of life.
Existing control strategies for powered knee-ankle prostheses
demonstrate only limited ability to react to disturbances that
induce falls such as trips, slips, and obstacles. In contrast,
prior work on neuromuscular modeling of human locomotion
suggests that control strategies based on local reflexes exhibit
robustness to unobserved terrain such as slopes and steps.
Therefore, we propose that a powered knee-ankle prosthesis
governed by reflexive local controls will more competently adapt
to unperceived disturbances. To test this hypothesis, we simulate
a neuromuscular model of a transfemoral amputee walking over
rough ground with a powered knee-ankle prosthesis governed
by the proposed reflexive controller. We show that the proposed
control allows the amputee to walk farther over rough ground
than does the state-of-the-art control. The proposed controller
also more readily rejects deviations from nominal walking gaits
such as those encountered during a trip. These results suggest
that applying the proposed control to a powered knee-ankle
prosthesis will substantially improve amputee gait stability.

B

I. INTRODUCTION
There are currently an estimated six hundred thousand lower
limb amputees in the United States, a number expected
to rise in the coming decades due to a growing diabetes
epidemic [1]. These amputees often suffer from falls that
result in injuries and a fear of falling that can lead to
avoidance of activity and a decreased quality of life [2].
Transfemoral amputees are especially affected by this issue
due to poor prosthesis controls that lead to reduced balance,
compensatory movements, and unnatural gaits [3], [4].
To assist transfemoral amputees, manufacturers have released a number of prosthetic devices such as the Ottobock C-leg and the Ossur Rheo Knee [5]. These devices
employ microprocessor-controlled dampers that improve gait
characteristics over uncontrolled prostheses. However, due to
their use of mechanically passive components, these products
cannot match human performance as they cannot perform
positive net work over a gait cycle. Consequently, transfemoral amputees wearing these prostheses may suffer from
increased energy consumption, slower ambulation speeds,
and an inability to respond to unexpected disturbances such
as trips, slips and pushes [6], [7].
To solve the kinematic, energetic, and robustness problems
caused by mechanical-passivity, researchers have designed
*This work was supported by the National Science Foundation and The
Robotics Institute, Carnegie Mellon University.
1 Nitish Thatte, nitisht@andrew.cmu.edu, and 2 Hartmut
Geyer, hgeyer@cs.cmu.edu, are with The Robotics Institute,
Carnegie Mellon University, 5000 Forbes Ave, Pittsburgh, PA 15213.

978-1-4799-6934-0/14/$31.00 ©2014 IEEE

Fig. 1: Snapshots following a simulated tripping event.
Response of the proposed local reflexive prosthetic control
(A) and impedance control (B) to a 20 N-s impulse applied
shortly after toe-off (red arrow). Local reflexive control
successfully responds to the trip and continues walking.
Impedance control cannot effectively react to the same
disturbance and subsequently falls.

and tested powered knee-ankle prostheses. A notable example is Vanderbilt University’s powered lower limb prosthesis [8]–[10]. This prosthesis uses impedance function control
to drive its knee and ankle actuators. This strategy uses piecewise impedance functions to approximate the torque versus
joint angle relationships for each phase of a healthy human
gait cycle. With this control method, Sup et al. produced joint
angles and torques for the knee and ankle similar to those
seen during normal walking [10]. However, experiments also
show that the required impedance functions vary greatly with
the environment [11] and that impedance control must be
augmented with a separate stumble classifier and recovery
controller in order to respond to disturbances [12].
In contrast, ankle prostheses controlled by neuromuscular
models have shown appropriate adaptations to sloped environments while also mimicking the kinematics and kinetics
of healthy gait [13]. The neuromuscular models employed by
these prostheses simulate muscles and local feedback reflexes
to reproduce the joint torques seen during walking.

2069

In this paper we present three contributions: First, we
adapt a neuromuscular model in order to represent the
anatomy and physiology of a transfemoral amputee (subsection III-A). Second, we present a preliminary mechatronic
design for a powered knee-ankle prosthesis (subsection IIIB). Last, we modify the neuromuscular model to obtain
a prosthesis control based on muscle reflexes and local
feedbacks (subsection III-C). To evaluate our proposed control, we simulate the coupled amputee-prosthesis system
and perform optimizations to obtain model and control
parameters that lead to robust locomotion over rough terrain
(subsection IV-A). Finally, we compare the performance of
the proposed local and reflexive controller to that of state-ofthe-art impedance controller (subsection IV-C, subsection IVD). Our results suggest that the proposed control may be
more robust to elevation changes and unexpected deviations
from nominal walking, as shown in Figure 1, and therefore
may help prevent trips and falls.
II. R EVIEW OF R EFLEXIVE WALKING C ONTROL
Neuromuscular models simulate the musculoskeletal system
and hypothesised neural feedbacks. Previous work has shown
that these models produce gaits that are kinetically, kinematically, and electromyographically similar to observed human
locomotion patterns and that these models are robust to
environmental changes such as elevation variations [14].
Specifically, here we review a neuromuscular model with
robust foot placement control [15]. This model represents the
musculoskeletal system with seven segments that comprise
the torso and two three-segment legs. We connect these
segments via six revolute joints that act as the hips, knees,
and ankles. To actuate the joints, the model simulates seven
Hill-type muscles [16] per leg: the soleus, gastrocnemius,
tibialis anterior, vastus, hamstrings, hip flexors, and gluteus.
When stimulated, these muscles produce torques
τim = F m (S, l, v)rm (φi )

B. Swing Leg Placement Control
During swing, a leg placement strategy prescribes desired
foot placement locations, thereby increasing the model’s
robustness to trips, slips, and elevation changes. To obtain
desired foot placement locations we use a feedback law,
αtgt = α0 + cd d + dv v,

taken from the SIMBICON control strategy [17]. In this
control law, αtgt is the target leg angle, α0 is the default
leg angle, d is the horizontal distance between the stance
ankle and the center of mass, v is the velocity of the center
of mass, and cd and cv are constants.
The swing leg local control, described in full in [18],
is inspired by hypothesized reflexes in biological legged
systems. The knee control uses a finite state machine to
switch between three phases outlined here. In the following
equations, α is the angle of the leg, defined as the angle
between horizontal and a line connecting the ankle and the
hip, where negative α̇ indicates forwards swing of the leg,
and φk is the knee angle, where negative φ̇k indicates knee
flexion.
i The first phase allows the knee to passively flex in
response to hip moments generated at the onset of swing
(
0,
α̇ > 0
i
.
(4)
τk = i
k α̇, α̇ ≤ 0

(1)

about the joints, where rm (φi ) is the variable moment arm of
muscle m about joint i and F m (S, l, v) is the force produced
by the Hill-type muscle-tendon unit given a stimulation S,
length l, and extension rate v.
A. Neuromuscular Stance Control
During the gait cycle, the muscles of the stance leg are
stimulated by reflexes primarily in the form of length and/or
force feedbacks. In general,
m
m
Sm (t) = S0m + ∑ Gm
n Pn (t − ∆tn )

(3)

(2)

n

where S0m is muscle m’s constant prestimulation, Pnm (t − ∆tnm )
is the time-delayed proprioceptive length or force signal
from muscle n acting on muscle m, and Gm
n is the gain on
that signal. For more information about the specifics of the
muscle and reflex pathway models, see [14], [15].
2070

If the leg angle decreases during this phase, the second
case is active and applies a flexion torque to the knee
in proportion to the leg angle speed, α̇, with a constant
gain of ki .
ii The second phase activates when the leg length contracts
beyond a threshold,

ii

φ̇k ≤ 0
−k1 φ˙k ,
ii
ii
˙
˙
τk = −k2 φk (α − αtgt )(φk + α̇), φ˙k > 0 & φ̇k > −α̇ ,


0,
otherwise
(5)
where αtgt is the target knee angle from Equation 3,
and k1ii and k2ii are damping coefficients. The first case
dampens knee flexion. The second case dampens knee
extension, but allows progressively more extension as the
leg angle approaches its target. The φ˙k + α̇ term prevents
premature landing of the leg by damping the knee if it
extends faster than the overall leg angle.
iii Finally, the third phase engages when the leg angle gets
within a threshold of the target leg angle. In this phase,
the controller applies torque to stop and extend the knee,
 α <α

(
thr
iii (α − α) 1 − α̇
−k
thr
α̇max , α̇ < α̇max
, (6)
τkiii =
0,
otherwise
where α̇max is the maximum leg retraction velocity for
which the stopping knee torque is applied. When this
torque brings the leg velocity to zero, an additional knee
extension torque is added,
0

τkiii = τkiii + kext (l0 − l),

(7)
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Fig. 2: Overview of amputee and prosthesis controls. During stance, the amputee model is controlled via reflex stimulations of
Hill-type muscles. The model has a full complement of muscles on the intact leg and a gluteus, hip flexor, and monoarticular
hamstring on the amputated side shown in red. During swing, the control specifies torques that drive the legs to desired
landing angles. The prosthesis control features the same swing and stance controllers as the amputee model. The stance
control stimulates virtual muscles shown in blue. The torques produced by these muscles, as well as the torques specified
by the swing control, are converted to motor voltages by a series elastic actuator controller.

where l0 is the rest leg length, l is the current leg length,
and kext is a proportional gain.
The swing leg controller also specifies a hip torque in the
form of a PD-controller on leg angle,
τhα

= k p (αtgt − α) − kd α̇.
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(8)
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This hip torque is supplemented by a feed forward term that
neutralizes the disturbance caused by coupling during the
knee’s stop and extend phase (Equation 6).
τh = τhα − 2τkiii .
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(9)

The torques produced by the swing controller augment the
forces produced by the Hill-type muscles and reflexes during
stance. The swing and stance controls for a leg are mixed in
proportion to the amount of weight the leg bears.
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III. A MPUTEE M ODEL AND P ROSTHESIS D ESIGN
A. Amputee Walking Simulator

Fig. 3: CAD render of proposed prosthesis design.

We make several modifications to the neuromuscular model
to represent the anatomy and physiology of a transfemoral
amputee. Viable amputation sites for a transfemoral amputation that allow prosthesis fitting range from 10 cm above
the knee to 7 cm below the hip [19]. In this study, we
assume a transfemoral amputation 11 cm above the knee
and a successful myodesis of the hamstring, in which the
muscle is sutured to the distal end of the femur [20]. As
shown in Figure 2, the amputation converts the normally
biarticular hamstring muscle into a monoarticular muscle that
only spans the hip. Furthermore, we halved the maximum
isometric force of the hamstring in order to model the muscle
atrophy that afflicts many amputees.
B. Proposed Prosthesis Design
Next, we attach a powered knee-ankle prosthesis to the
femoral stump of the amputee model. The prosthesis, shown
in Figure 3, is driven by two series elastic actuators, one

for the knee and one for the ankle. The knee actuator
consists of a brushless servo motor (TQ-Group ILM85-26), a
Harmonic Drive gearset (CSF-32-30), and a series composite
leaf spring. The ankle actuator consists of another brushless
servomotor (TQ-Group ILM85-13), a ballscrew transmission
(Nook Industries MBN 8x6 RA V-Thread), and a series
composite leaf spring. The ankle joint also contains a parallel
spring that can perform conservative work during the gait
cycle. We expect this design will achieve peak knee torques
of 270 N-m and ankle torques of 160 N-m, peak knee speeds
of 12 rad-s−1 and ankle speeds of 9 rad-s−1 , and a prosthetic
leg mass of 5 kg with an additional 5 kg carried in a
backpack for batteries and motor controllers. These numbers
envelop the peak torques and speeds seen during stumble
recovery [21], [22].
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C. Proposed Local Reflex Prosthesis Control
To control the prosthesis, we implement a neuromuscular
virtual model controller that simulates five muscles that
span the knee and ankle joints: a soleus, gastrocnemius,
tibialis anterior, vastus, and biarticular hamstring. These
virtual muscles are shown in blue in Figure 2. We stimulate
these muscles with the same stance reflexes as used on the
intact side. The torques generated by the virtual muscles are
then actuated by the prosthesis using a series elastic actuator
controller [23].
To calculate the state and stimulation feedbacks of the
soleus, gastrocnemius, tibialis anterior, and vastus, we only
require joint angle information from the knee and ankle of
the prosthesis, which we can obtain via encoders. On the
other hand, the virtual biarticular hamstring requires measurement of both the knee and hip joints. We assume that we
can obtain hip angle information via an inertial measurement
unit (IMU) mounted on the torso of the amputee.
The prosthetic leg control also includes a modified version
of the swing leg controller described in section II-B. According to Equation 3, the swing leg control drives the leg towards
a target leg angle, αtgt , which is a function of the center
of mass and stance leg ankle positions. As the prosthesis
does not have access to this information, the adaptive leg
placement strategy is replaced by a constant target leg angle.
The last change is made to the hip controller, which has
a feed forward term based on the knee stopping torque at
the end of swing (Equation 9). This feed forward term is not
implemented on the amputated side, thereby requiring that
feedback torques (Equation 8) handle this disturbance.
Finally, we assume we can obtain the leg angle via an
IMU mounted on the prosthesis and that we can calculate
the leg length given the knee angle and lengths of the femur
and prosthetic shank.
IV. E VALUATION WITH S IMULATED E XPERIMENTS
To evaluate our proposed control, we perform optimizations
to find control parameters and then compare the rough
ground walking performance of our controller to that of the
state-of-the-art impedance controller. In a second test, we
compare responses to a simulated tripping event.
A. Optimization
To obtain natural and robust locomotion we use the covariance matrix adaptation evolution strategy (CMA-ES) [24]
in a two step process to optimize the model and control
parameters. In the first step, we seek to find a set of
parameters that produce a natural gait over flat terrain. We
refer to previous work that suggests humans may select gait
for energy efficiency [25]. Therefore, we choose to optimize
a cost function inspired by the cost of transport of the model,
Z

2
2
W+
c1 τswing
+ c2 τlimit
dt
,
(10)
Cost =
mgx
where W is the muscular energy consumption according
to [26], τswing is the sum of torques produced by the swing

controller, τlimit is the sum of joint limit torques in the
amputee model, m is the mass of the amputee, g is the
acceleration due to gravity, and x is the distance travelled in
20 seconds. We initialize the optimization with hand-tuned
gains and run simulations to evaluate the cost function.
In a second step, we use the parameters found in step
one as the seed for an optimization for walking over rough
terrain. We employ the following cost function in this step
Cost = −x + c1

Z

2
τlimit
dt.

(11)

To evaluate this cost function we perform walking simulations over five walkways that are flat for the first 10 meters
and then feature random steps that increase in severity along
the paths. The five sampled walkways are identical across
all iterations of the optimization. We use the average cost
over the five walkways to compute the final cost for a set of
parameters.
B. Comparison to Impedance Control
We compare our controller to the state-of-the-art impedance
prosthesis control [8]–[11]. We found the version presented
in [9] produced the best gait on our prosthesis and thus,
we implement this controller as a baseline. The impedance
control splits the gait cycle into four phases and uses a
passive impedance function of the form
τ = −k1 (θ − θ1 ) − k2 (θ − θ2 )3 − bθ̇

(12)

for each joint in each phase. In this function, θ is the
joint angle, θ1 and θ2 are the angle offset positions and k1 ,
k2 , and b, are the impedance parameters. We optimize this
controller’s parameters using the procedure described in the
previous section.
C. Rough Ground Locomotion
To compare the robustness of the two controllers, we tested
the amputee walking model on eleven 90 meter long walkways featuring random steps with heights ranging from 0 cm
(1st walkway) to ±10 cm (11th walkway). Figure 4 shows
the distribution of distances achieved by both controllers
over forty-five trials at each ground roughness. The two
controllers traverse the full distance of the course up to a
roughness of ±3 cm. At ±4 centimeters, the performance
of the impedance controller begins to fall off and very
few samples successfully complete the entire course. In
contrast, at this roughness level, most of the reflex controlled
prostheses traverse the whole course and over 75% surpass
the median performance of the impedance controller. By the
5 centimeter roughness level, most of the impedance function
controlled prostheses fall within eighteen meters, whereas
several reflex controlled prostheses still manage to negotiate
the entire course.
The performance gap between the amputee model and
a non-amputee model remains quite large, with the intact
model traversing up to ±8 centimeters with a 100% success
rate as shown by the blue line in Figure 4. A possible reason
for this difference is the constant target leg angle used for
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Fig. 4: Distances walked by an intact neuromuscular model, an intact model with a constant target leg angle for one knee,
and the amputee model with local reflex and impedance controlled prostheses. Tests are performed on 90 m walkways with
random steps drawn from uniform distributions with widths ranging from 0 to ±10 centimeters. Forty-five walkways are
sampled for each roughness level. The trend lines show the median distances walked at each roughness. The bottoms and
tops of the boxes mark the 25th and 75th quartiles respectively.
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Fig. 5: Prosthetic toe trajectory with reflex control (A) and impedance control (B) during undisturbed gait and when disturbed
by a 20 N-s impulse. The impulse is applied as a 2000 N force for 10 ms beginning at 5% of the swing duration. The shaded
areas denote the portions of the trajectories along which this impulse acts. The local reflex control effectively responds to
the disturbance and maintains a qualitatively similar toe trajectory. In contrast, the impedance controller does not apply
appropriate torques resulting in foot scuffing and an eventual fall.

the prosthetic knee control as described in subsection IIIC. To explore this possibility, we tested an intact model
with this same limitation in one knee. Its performance lies
in between that of the reflex controlled prosthesis and the
normal intact model. Therefore, the constant target angle
used in the prosthesis control is likely responsible for some
of the performance gap. Obtaining estimates of the center of
mass velocity and stance ankle position should be a focus of
future work so this restriction can be lifted. Other sources
for the performance difference may be inertial differences
between the prosthesis and the healthy leg, the reduced
strength of the amputee model, lag in the series elastic actuator torque tracking, and the increased number of parameters
in the amputee models, which may reduce the quality of the
optimized solutions.

D. Simulated Trip Response

A possible reason why local reflex control may result in more
robust locomotion is that it attempts to reproduce the actual
human motor control instead of controlling around nominal
joint patterns. To investigate this hypothesis, we subjected the
amputee model to a simulated tripping event by applying a
2000 N force in the negative-x direction to the prosthetic
ankle for 10 ms at the onset of swing. The toe trajectory
produced by the reflex controller is shown in Figure 5A.
The disturbed trajectory, from mid-swing onwards, is qualitatively similar to the undisturbed trajectory. Consequently,
the amputee is able to recover from the stumble and continue
walking. The improvement in robustness may be due to
the control’s feedback loops about global angles, which is
important for achieving an appropriate landing leg angle.

2073

In contrast, the impedance control strategy does not attempt to expose underlying control and instead tries to drive
the prosthesis around a nominal trajectory corresponding to
steady state walking. When perturbed from this nominal
trajectory, as is often the case during rough ground walking,
these impedance functions may not provide the correct
torques to return to the nominal trajectory or recover from
the disturbance on subsequent steps. Figure 5B illustrates
this effect. When subjected to the impulse, the impedance
controller applies the same joint torques as functions of joint
angles as in the undisturbed case. As a result, the knee does
not extend, the foot scrapes the ground, and the amputee
falls, as shown in Figure 1B.
V. CONCLUSION
Our goal is to build a transfemoral prosthesis with automatic
stumble and push recovery that would help prevent falls
and encourage amputees to live more active, unfettered
lives. In this work, we have shown the potential of reflex
control to achieve this goal via simulated amputee walking
trials in which our controller outperforms the state-of-the-art
impedance controller by walking farther, over rougher terrain
and rejecting disturbances with greater ease.
Before advancing to hardware development, we intend
to replace the ideal torque implementation of the swing
leg controller with a recently developed muscle reflex version [27]. Integrating the muscle reflex swing control into the
amputee model and prosthesis control will allow for direct
minimization of muscular energy consumption without the
penalty terms on swing torques present in Equation 10. This
should produce a more natural gait while requiring less handtuning of the cost function.
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