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Abstract — The soft exosuit is a new approach for applying
assistive forces over the wearer’s body through load paths
configured by the textile architecture. In this paper, we present
a body-worn lower-extremity soft exosuit and a new control
approach that can independently control the level of assistance
that is provided during negative- and positive-power periods at
the ankle. The exosuit was designed to create load paths
assisting ankle plantarflexion and hip flexion, and the actuation
system transmits forces from the motors to the suit via Bowden
cables. A load cell and two gyro sensors per leg are used to
measure real-time data, and the controller performs position
control of the cable on a step-by-step basis with respect to the
power delivered to the wearer’s ankle by controlling two force
parameters, the pretension and the active force. Human
subjects testing results demonstrate that the controller is
capable of modulating the amount of power delivered to the
ankle joint. Also, significant reductions in metabolic rate
(11%-15%) were observed, which indicates the potential of the
proposed control approach to provide benefit to the wearer
during walking.

I. INTRODUCTION
Over the last decade, a number of lower-extremity
exoskeletons have been developed to assist human gait in
various conditions. Some devices have been designed to assist
impaired [1, 2] or able-bodied [3-6] people, while others have
been designed to make load carriage easier [7, 8].
Conventionally, these devices have consisted of rigid
exoskeleton structures enabling high assistive torques to the
wearer [9]. However, rigid frames can restrict the natural
movement of the wearer and may apply undesired forces when
they are misaligned with the wearer’s biological joints [10].
Moreover, rigid devices may have large inertias particularly
on distal areas, which can hinder the motion of the wearer [11]
and provide challenges from a control perspective.
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In an attempt to mitigate some of these challenges, devices
composed of soft textiles, which are called soft exosuits, have
been designed and studied [12-16]. The soft exosuits transmit
tensile forces over the wearer’s body through load paths
determined by the textile architecture; thus, they are
particularly suitable for assisting locomotion, e.g. walking, as
they have extremely low distal inertia and create torques
intrinsically aligned with the biological joints. These systems
have several potential applications including helping soldiers
or first responders to carry heavy loads with less energy and
enabling impaired people to improve their mobility. While
promising proof-of-concept results highlighting the benefits of
soft exosuits have been shown, there remains much scope to
explore how to control these devices given their inherent
compliant and nonlinear mechanical structure.
Another open research question regarding gait assistive
devices is the optimal assistance to the wearer, which
maximizes the efficacy of the device; in particular, the best
strategy for ankle assistance during the mid-stance phase (i.e.
negative-power phase) is still uncertain. Some studies on
ankle exoskeletons have presented that significant metabolic
reductions are observed when majority of the assistance is
given during the push-off, where the ankle joint power is
positive [17]. More recently, however, a research group has
reported that assisting both negative- and positive-power
phases also results in significant reduction in metabolic cost
[5]. These different results indicate that the underlying effects
of negative-power assistance delivered to the ankle are still

Figure 1 An overview of the study: (a) the soft exosuit (discussed in
Section II), the actuation system (discussed in Section III), and the
experimental setup (discussed in Section V), (b) sensors to measure the
ankle speed and the force (discussed in Section III), and (c) ankle assistive
power profiles with different negative power values (discussed in Section
IV).

unclear.
In line with this, we present an updated version of the soft
exosuit previously described in [14, 15] and a new control
approach that can independently control the level of assistance
that is provided during negative- and positive-power periods at
the ankle joint. We then utilize this controller to perform a
study where we (i) apply consistent assistance to the ankle
during the push-off (i.e. positive-power phase), and at the
same time, (ii) control the amount of the negative power
absorption at the ankle within a gait cycle. While the majority
of the assistance is delivered at push-off, this study allows us
to investigate the effect of the negative-power assistance to the
ankle, which may then provide an insight on the optimal
assistance profile for the soft exosuit and other gait assistive
devices. Here in this paper we describe the exosuit as well as
the theory and implementation of the control approach.
Additionally, we outline the experimental methods and
include results showing the performance of the control
strategy as well as metabolic expenditure of the wearer
through human subjects testing.
II. SOFT EXOSUIT
The soft exosuit used in this study is shown in Figure 2. It
was designed by improving the exosuits for assisting ankle
plantarflexion and hip flexion, which have been previously
reported by our group [12-16, 18].
The suit for this study consists of a spandex base layer, a
waist belt, a calf wrap on each leg, and two vertical straps per
leg. The waist belt is similar to the one previously presented in
[14, 15]. It wraps around the pelvis, which can bear relatively
high forces compared to other parts of the body. It is secured
with Velcro in the front, facilitating donning and doffing of the
suit. The calf wrap fits tightly around the wearer’s lower leg
and helps to bear the load that is applied to the body. To fit the
calf wrap to a range of body shapes and sizes, it was designed
to consist of several Velcro tabs and a lace, and manufactured
in four different sizes from XS to L. The leg straps connect the
calf wrap to the waist belt and assist with distributing the
actuation load between the calf and the waist to maximize the
comfort. One end of the strap is attached to a buckle in front of
the waist belt at the top of the thigh, while the other end is
attached to a hook at the back of the calf wrap. The two leg
straps for each leg were designed to respectively pass through
medial and lateral sides of the knee joint. In addition, a metal
bracket is attached to the wearer’s boot, which bolts into the
back of the heel.
Load paths configured by the suit textile architecture are
similar to the multi-articular load path previously presented by
our group [13]. In general, the load paths create forces on the
body in parallel with the wearer’s muscles; if forces are
applied along the load path at the correct timing, it is expected
that the wearer’s muscles will adapt to the assistance,
decreasing their activations and allowing the suit to do a
portion of their work instead. In this study, the load paths were
designed to apply assistive joint torques for ankle
plantarflexion and hip flexion, simultaneously; more
specifically, when the suit actuates the ankle joint, a portion of
the total force is transmitted to the calf warp and the rest is
transmitted to the waist belt via leg straps, creating a hip
flexion torque (Figure 2). If a tension is created during the

Figure 2 The soft exosuit used in this study. The right-hand-side figure
shows the components of the suit, while the left figure shows the load path
specified by the exosuit architecture.

push-off phase of the gait cycle, activations of ankle
plantarflexors, e.g. gastrocnemius and soleus, and hip flexors,
e.g. rectus femoris and psoas, can be reduced, where both
muscle groups present concentric contractions. For the knee
joint, on the other hand, the suit load path was designed to pass
approximately through the biological joint axis of the knee,
particularly during the push-off, thus minimizing the effect of
the tension in the suit at the knee joint.
III. HARDWARE IMPLEMENTATION
A. Actuation System
For the purposes of this study, we used an off-board
actuation system shown in Figure 3(a), which is similar in
principle to that described in [19, 20], but uses a different
electromechanical design. The actuation system is composed
of two Maxon EC-4 pole 30, 200W motors (part #305015,
Maxon Motor Ag., Sachseln, Switzerland), and each motor
connects to a 55:1 planetary gearbox which drives a 3-cm
radius pulley.
Bowden cables are used to transmit the forces from the
actuation system to the exosuit as shown in Figure 1(a). On the
actuator side, the Bowden cable sheath connects to the outer
frame of the pulley cover and its inner cable attaches to the
pulley (Figure 3(a)). On the human side, the Bowden cable
sheath connects to the back of the calf wrap, while its inner
cable extends further to the metal bracket at the back of the
heel (depicted as red circles in Figure 1(a)). When the motor
rotates, the distance between the two points is shortened,
generating forces not only at the ankle joint but also along the
entire length of the exosuit multi-articular load path. This
off-board actuation approach combined with the exosuit
textile interface to the body enables forces to be delivered to
the wearer with a very lightweight and flexible platform that is
ideal for exploring human-machine interaction principles.
B. Sensors
As shown in Figure 1(b), a load cell and two gyro sensors
per leg are used to measure real-time data of the wearer and
the exosuit. The load cell (LTH300, Futek Advanced Sensor

electronics to read in signals from all of the sensors, and CAN
for communication among all subsystems.
Each processor controls one actuator for each leg,
performing the following tasks: (i) updating information from
all of the sensors in the system over CAN, (ii) high-level
control computations and the gait detection algorithm, (iii)
communicating with low-level controllers (MC) over CAN to
get motor information and to update control commands, (iv)
sending data over serial communication to log system data,
and (v) exchanging information with the other processor for
the opposite leg so as to monitor overall system status.
IV. CONTROL
A. Low-level Control Overview
To accomplish the goals of this study, we require a means
to provide controlled forces to the wearer so as to control the
level of positive power delivered to and negative power
absorbed from the wearer. Given the compliance, friction and
nonlinearity of the exosuit and cable-based transmission, we
elect to perform position control of the motor, by monitoring
the delivered force and iteratively adjusting the motor position
to achieve the desired force in the exosuit. For this study, we
define two different parameters that we wish to control, the
pretension and the active force. In this section, using a
simplified model, the rationale for these terms as well as the
methodology for controlling them is discussed.
Figure 3 (a) A 3-D CAD model of the actuator system. (b) A representative
comparison of the ankle joint speed measured by the sensors to the
reference measured by motion capture. Solid lines indicate averaged
profiles over 10 strides of a subject, while shaded areas indicate their
standard deviations. Vertical lines near 50% of the gait cycle highlight the
zero-crossing timings estimated by the two profiles, respectively (further
discussed in Section IV).

Technology Inc., CA, USA) is located in series with the
Bowden cable and the calf wrap to measure the force on the
cable. In addition, two single-axis gyroscopes (LY3100ALH,
ST Microelectronics, Geneva, Switzerland) are located on the
boot: one at the top of the mid-foot and the other at the anterior
side of the shank. Both gyro axes are aligned with the
medio-lateral direction of the foot and the shank, respectively,
to measure the sagittal angular speed of each segment.
Discussed further in Section IV, the signals from the two
gyro sensors are used to calculate the ankle joint speed in
real-time. Figure 3(b) shows a representative comparison
between the ankle speed measured by the sensors and the
reference measured by a commercial motion capture system
(Vicon Motion Systems Ltd., Oxford, UK; 120 fps). The
figure clearly demonstrates the ability of the gyro sensors to
track the behavior of the ankle. From validation studies we
conducted, we found the correlations between the two curves
were higher than 92% across different subjects.
C. Control System Architecture
The electronics hardware for the system is based on
Arduino Due, but modified and optimized for the exosuit. The
control board integrates two servomotor drivers (Gold Twitter,
Elmo Motion Control Ltd., NH, USA), two ARM-based
processors (Cortex-M3, Atmel Corporation, CA, USA),

Simple position control model
Figure 4(a) shows a
schematic diagram of position control of the exosuit. Although
the force on the cable ( 𝐹𝑐 ) depends on many factors, a
simplified model is considered here in this study to explain the
concept how controlling the motor (and thus cable) position
enables the force to be controlled.
First, assume that a person is wearing the suit while
standing still without any joint motion. As the dynamics of the
suit can be ignored, only the position change of the cable (𝑥𝑐 )
can affect the force. As 𝑥𝑐 increases, i.e. as the actuator pulls
the cable further, 𝐹𝑐 will also increase in reaction to the
tensioning due to the effective human-suit stiffness that is a
combination of the suit and the wearer’s body as previously
described in [18]; thus, 𝐹𝑐 can be explained as an increasing
function with respect to 𝑥𝑐 .
𝐹𝑐 ~𝑓𝑖𝑛𝑐 (𝑥𝑐 )
Next, assume that the wearer is now in the “push-off
posture” and is able to move the ankle joint only. This
assumption is reasonable because the motion of the ankle is
relatively greater and faster than the other parts of the body
during the push-off. Similarly, 𝐹𝑐 can be explained as an
increasing function, but in this case, it is not just of 𝑥𝑐 but of
the relative motion between the cable and the ankle, i.e.
(𝑥𝑐 − 𝑥𝑎 ).
𝐹𝑐 ~𝑓′𝑖𝑛𝑐 (𝑥𝑐 − 𝑥𝑎 )
As the displacement of the heel attachment (𝑥𝑎 ) can be
approximated as the product of the plantarflexion angle (𝜃𝑎 )
and the lever arm from the ankle joint center (𝑑𝑎 ), 𝐹𝑐 can be
roughly expressed as follows.
𝐹𝑐 ~𝑓 ′ 𝑖𝑛𝑐 (𝑥𝑐 − 𝜃𝑎 𝑑𝑎 )

Active force
If higher forces are required during a
given period of time, 𝐹𝑐 can be enhanced by actively pulling
the cable for the given phase, which will directly increase 𝑥𝑐 ;
this is called active force. As depicted as red curves in Figure
4(b), the level of active force can also be controlled by
adjusting the amplitude of 𝑥𝑐 from its initial value for the
given interval. (Note that, some amount of the active force
remains even after 𝑥𝑐 is decreased by pushing the cable out;
this is because the force on the suit cannot decrease
immediately due to the dynamics of the suit, which was
ignored from the above equation so as to simplify the
analysis.)
B. High-level Control Approach
In the proposed high-level control approach, the controller
performs position control of the cable on a step-by-step basis
with respect to the power delivered to the wearer’s ankle. For
this, the controller conducts a series of real-time computation,
while the wearer is walking with the suit: (i) ankle speed
zero-crossing detection, (ii) assistive power integration, and
(iii) power-based position control. In this section, details about
each step of these calculations and how it influences the
high-level control is described.
Ankle speed zero-crossing detection As discussed in
Section III, gyros are used to measure the ankle joint speed,
and with this, we can estimate its zero-crossing that represents
the transition from dorsiflexion to plantarflexion. Figure 5(a),
(b), and (c) show typical patterns of the ankle joint kinematics
and kinetics within a normal gait cycle. As shown in Figure
5(a), there are two distinct intervals where the biological ankle
power is negative (30% to 50% of the gait cycle) and positive
(50% to 70% of the gait cycle) during the stance phase [17].
As the joint power is the product of the joint speed and the
joint moment, and also because the ankle joint moment is
always positive (i.e. towards plantarflexion) during the midand the late-stance phases (Figure 5(b)), the transition from
negative power to positive power corresponds to the
zero-crossing of the ankle joint speed (Figure 5(c)).
Figure 4 (a) A schematic diagram of position control model of the soft
exosuit used in this study. (b) The methodology for controlling the
pretension and the active force. The plots illustrate the force, the cable
position (commanded), and the ankle plantarflexion angle within a gait
cycle, respectively.

From this equation, the force generation can be classified
into two, i.e. the pretension and the active force, with respect
to the role of the cable position (𝑥𝑐 ).
Pretension If the motor is just holding the cable in a
position (𝑥𝑐 is a constant), 𝐹𝑐 will be solely defined by 𝜃𝑎 .
Thus, while walking with the suit, forces can be generated
even without pulling the cable actively; this passive force is
called pretension. As illustrated as blue curves in Figure 4(b),
if 𝑥𝑐 is kept constant while walking, the pretension is created
when 𝜃𝑎 is negative, i.e. during the region of pretension,
showing its maximum near 50% of the gait cycle when 𝜃𝑎 is
minimized. In addition, the overall level of pretension can be
controlled by adjusting the hold position of the cable, which
makes 𝑥𝑐 a bigger or a smaller constant in the above equation.
(Note that, not to create undesired force or hinder the wearer’s
natural motion during the swing phase, 𝑥𝑐 is decreased after
60% of the gait cycle by pushing the cable outward.)

Assistive power integration
By using the timing of the
zero-crossing, negative and positive power delivered within
the current stride can be calculated. As the zero-crossing
corresponds to the biological power transition from absorption
to generation, the force applied before the zero-crossing will
contribute only to the negative power; on the other hand, the
force delivered after the zero-crossing will affect only the
positive power at the ankle. In this study, the assistive power
was calculated from the ankle speed and the force measured
by the load cell, and then, it was integrated respectively within
positive- and negative-power intervals and normalized by the
stride time.
Power-based position control
The controller then
performs position control of the cable on a step-by-step basis
using the two power integration values. To control the
negative and the positive power respectively, the controller
was designed to start pulling the cable right at the estimate of
the zero-crossing of the ankle speed (Figure 5(d)). By doing
so, the negative power for the next stride can be controlled by
adjusting the level of pretension (as depicted in blue in Figure
5(d)), while the positive power can be changed by controlling
the level of active force similarly to [6, 21, 22] (as depicted in
red in Figure 5(d)). For example, if the negative power

soft exosuit, the participants walked on a treadmill at 1.5 m/s
for 8 minutes per condition, carrying a 23-kg backpack
(Figure 1(a)). The order of the conditions was randomized.
Figure 6(a) shows representative profiles of ankle assistive
power segmented with the gait cycle, with the three different
negative power values. As shown in the figure, the negative
power to the ankle joint was clearly varied by the controller
during the mid-stance phase (from 30% to 55% of the gait
cycle) across the three different conditions, while the positive
power kept constant during the push-off phase (from 55% to
70% of the gait cycle). Figure 6(b) highlights the performance
of the controller more distinctly; the figure shows averaged
positive power values (upward bars) and negative power
values (downward bars) applied to the seven different subjects
over the three different conditions, normalized by the desired
positive power for each subject. As shown, different amount
of negative power, i.e. 10%, 20%, and 30% of the positive
power, were accurately delivered to all of the subjects, while
the positive power was very close to 100% of the desired value
for all subjects and conditions.
Figure 7 shows the peak pretension and the peak active
force measured in the three conditions across the seven
subjects. As shown in Figure 7(a), the peak of the pretension
increased as the desired negative power increased. This
indicates that, while the subject was walking with the suit, the
controller properly increased the cable holding position to
achieve the target negative power value, as desired.
Interestingly, the peak active force also showed an increasing
tendency with increasing negative power values, even though
the positive power remained similar (Figure 7(b)). This may
suggest that wearers tend to be adapted to the assistance to
Figure 5 The rationale of the proposed high-level control approach.
Typical kinematic and kinetic patterns of the ankle joint during a normal
gait cycle: (a) joint power, (b) joint moment, and (c) joint speed. (d) A
typical commanded cable position profile. (e) A typical ankle assistive
force pattern resulted by the proposed control approach. (Gen: generation,
Abs: absorption, PF: plantarflexion, DF: dorsiflexion)

integration during the current stride was less than the desired,
the controller would increase the holding position of the cable
to increase the pretension for the next stride; on the other hand,
if the actual positive power for the current stride was greater
than the desired value, the controller would reduce the
amplitude of the cable position to decrease the active force for
the next stride.
V. HUMAN WALKING EXPERIMENTS
Human subjects testing, approved by the Harvard Medical
School Institutional Review Board, was performed to evaluate
the proposed control approach and its effect on metabolic
expenditure of the wearer. Seven male subjects (26.3 ± 4.7
years; 79.9 ± 9.5 kg; 1.78 ± 0.06 m) with load-carrying
experience participated in this study. To evaluate whether the
controller was able to control the amount of negative power,
the desired negative power was varied as 10%, 20%, and 30%
of the positive power. The desired positive power kept as a
constant which was subjectively selected during pilot testing,
considering the maximum capability of the system to ensure
that the system could achieve desired positive and negative
power in all the experimental conditions. While wearing the

Figure 6 Assistive power applied to the wearer’s ankle joint during the
human subjects testing. (a) Representative profiles of power delivered
within the gait cycle with different negative power values. Solid lines
indicate averaged profiles over 10 strides of a subject, while shaded areas
indicate their standard deviations. (b) Normalized positive powers
(upward bars) and negative powers (downward bars) delivered to the
seven subjects across the three conditions. Colored bars indicate averages,
while error bars indicate their standard deviations. Note that two subjects
could not finish the 30% condition due to technical issues.

the metabolic rates measured in baseline conditions averaged
across the subjects. As can be seen, the metabolic cost of
walking was significantly reduced for each of the three
different conditions with values between 11% and 15% (p <
0.007, paired t-tests of the baseline versus other conditions
with Sidak–Holm correction).
In the metabolic result, no significant trend was found with
respect to the different negative-power assistance (p = 0.25,
mixed-model ANOVA of metabolic reduction versus negative
power assistance). This does not necessarily imply that the
level of negative power to the ankle joint has no effect on the
metabolic reduction. As already pointed out, some other
parameters changed in addition to the negative power across
conditions (e.g. peak active force), so in this study, the isolated
effects of the negative power itself could not be precisely
estimated.
VI. CONCLUSION

Figure 7 Force properties measured during the human subjects testing: (a)
the peak pretension and (b) the peak active force measured in the three
conditions across the seven subjects. Colored bars indicate averages, while
error bars indicate their standard deviations.

have a higher peak active force when the pretension is already
high at the beginning of the push-off, while getting the same
amount of the positive-power assistance.
To assess the overall feasibility of the proposed controller
and its effect on metabolic cost of the wearer, the O2
consumption and the CO2 production were measured (K4b2,
COSMED, Rome, Italy) and the metabolic expenditure was
calculated [23]. The three different controller conditions were
compared to the fourth baseline condition, where the subject is
walking with the load wearing the suit, but the actuators are
turned off and the cables are slack, and thus, the suit applies
minimal restrictions to the wearer beyond a very small level of
added mass. Figure 8 illustrates averages and standard errors
of metabolic reduction for the three conditions, compared to

In conclusion, we have presented a body-worn
lower-extremity soft exosuit and a new control approach that
can independently control positive and negative power to the
ankle. In human subjects testing, the controller was shown to
be capable of modulating the amount of power delivered to the
ankle joint, by controlling the pretension that determined the
level of negative power absorption during dorsiflexion and the
level of active force that determined the power delivered
during plantarflexion. In addition, significant metabolic
reductions (up to 14.9%) for each of the three actuation
conditions indicated the potential of this control approach to
provide benefit to a wearer during walking.
No significant trend was found with respect to the different
negative-power assistance, but it should be noted that the
result could be influenced by some other factors than the
negative power absorption at the ankle. In general, it is
challenging to control only a single parameter in such a human
subject study due to the fact that many of the parameters are
interrelated. For example, changes in negative power
assistance may affect the overall way of walking even in other
phases in the gait cycle. In addition, the current suit
architecture also provides some amount of assistance for hip
flexion, so the metabolic results presented may not be purely
associated with the ankle joint. Therefore, further studies are
needed to fully understand the effects of negative power
delivered to the ankle.
Future work will include evaluating the performance of
the exosuit and its controller in overgound studies as well as
exploring the optimal control parameters across subjects and
conditions, such as the optimal positive and negative power.
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