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State-of-the-art transtibial prostheses provide only ankle joint actuation and thus do not provide the biarticular function of
the amputated gastrocnemius muscle. We develop a prosthesis that actuates both knee and ankle joints and then evaluate the
incremental effects of this prosthesis as compared to ankle actuation alone. The prosthesis employs a quasi-passive clutched-spring
knee orthosis, approximating the largely isometric behavior of the biological gastrocnemius, and utilizes a commercial powered
ankle-foot prosthesis for ankle joint functionality. Two participants with unilateral transtibial amputation walk with this prosthesis
on an instrumented treadmill, while motion, force, and metabolic data are collected. Data are analyzed to determine differences
between the biarticular condition with the activation of the knee orthosis and the monoarticular condition with the orthosis
behaving as a free-joint. As hypothesized, the biarticular system is shown to reduce both affected-side knee and hip moment
impulse and positive mechanical work in both participants during the late stance knee flexion phase of walking, compared to
the monoarticular condition. The metabolic cost of walking is also reduced for both participants. These very preliminary results
suggest that biarticular functionality may provide benefits beyond even those of the most advanced monoarticular prostheses.

1. Introduction
The loss of a leg below the knee can have a formidable
impact on one’s quality of life [1–3]. The widespread, passive
ankle-foot prostheses on the market today provide only a
rudimentary approximation to the function of a human ankle
joint [4, 5]. Instead of providing net mechanical work to the
wearer during walking, these passive devices act at best in a
spring-like manner; they can only provide as much mechanical energy return as is provided to them by the wearer, and
they do not provide the articulation normally seen in the
biological ankle-foot complex during walking. As evidence
of this technological limitation, transtibial amputees display a
variety of pathological features of their walking gaits. Specifically, transtibial amputees naturally select a 30–40% slower
walking speed than those without amputation, and when
walking at the same pace as a nonamputee, these amputees
require 20–30% more metabolic power than their nonamputee counterparts [4, 6–8]. Further, these amputees exhibit

increased levels of hip positive power during late stance
phase. This increased hip power may be a compensatory
response to lack of calf muscle function and could contribute
to the aforementioned increase in metabolism while walking
[4].
In the last several years, robotic advances in prosthetic
technology have led to the introduction of powered anklefoot prostheses (EmPower, BionX Medical Technologies,
Inc., Bedford, MA), which, unlike the passive conventional
devices, provide levels of mechanical work comparable to
those provided by the human ankle-foot complex. As a result
of this functional improvement, many of the aforementioned
gait pathologies have been drastically reduced; amputees
using the powered prostheses have preferred walking speed,
metabolic cost at a given speed, and contralateral limb
impacts that are not significantly different from those of
nonamputees [9, 10]. These improvements are thought to
stem from the propulsive net mechanical work provided by
these devices to the wearer [9], as this propulsion helps to
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redirect the center-of-mass, thereby reducing collisions of the
contralateral limb [11–14]. This ankle propulsion may also
assist swing-initiation of the affected-side limb [15–18].
These new prosthetic devices are, however, limited to
emulating the function of the ankle-foot complex alone and
consequently cannot restore the full function of the powerful
gastrocnemius muscle. The gastrocnemius provides not only
a plantar flexion moment at the ankle, but also a flexion
moment at the knee. Without the knee-flexing function,
compensatory mechanisms are required. Indeed, transtibial
amputees exhibit higher hamstring muscle activity during
level-ground walking than nonamputees [19], possibly as an
attempt to stabilize or flex the knee in place of the nonfunctional gastrocnemius muscle. This higher muscle activity is
still apparent when amputees walk with the powered anklefoot prostheses, indicating that a monoarticular intervention
at only the ankle-foot complex may not be sufficient to restore
biological function. It is possible that this pathological muscle
activity has detrimental effects on amputee gait. However,
little work has been done to develop devices for restoring this
missing gastrocnemius functionality.
Since those with transtibial amputation maintain their
biological knee joints, a direct assistance of these joints
requires the use of an exoskeletal device such as an orthosis
that provides assistance in parallel to the existing joint. A
variety of robotic orthoses have been developed to assist
human knee joints for locomotion. Many of these devices
utilize active components such as electric motors [20–22]
or pneumatic actuators [23–26], but these elements tend to
require a large power source or otherwise require off-board
tethered actuation, limiting the scope of their applicability.
Alternatively, some researchers have developed quasi-passive
knee exoskeletons that do not provide net mechanical power
to the wearer but instead require at most the minimal input
power to operate the electronics and mechanical components
[27–30]. In one such study, a spring-loaded, custom toothed
clutch was designed for assisting extension moment during
human running [29]. This device locked to support the knees
of nonamputee participants during the stance phase and
unlocked to be a free joint during the swing phase. Using this
quasi-passive device, large knee moments of 190 Nm could be
supported with an exoskeletal joint weighing only 710 grams.
This, and other exoskeletons have been built to assist with
knee extension in nonamputees, but no such devices to date
have been built for knee flexion assistance, particularly for the
gastrocnemius, in those with transtibial amputation.
In order to develop an assistive device for the gastrocnemius, it is important to first understand how this muscle functions. In vivo ultrasonography shows that the gastrocnemius
muscle fascicle length is largely isometric during the early and
mid-stance phases of level-ground walking [31], indicating
that the passive tissues such as tendons are responsible
for much of the power delivery from the gastrocnemius.
Hence, the gastrocnemius may be approximated by a clutched
spring, with the spring representing the compliant tendinous
structures, and the clutch representing the isometrically
acting muscle fibers. Indeed, a model of human gait by Endo
and Herr with only spring-clutch structures at the knee joint
was able to achieve human-like metabolic economy, while
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capturing the dominant kinetic features of human walking
[32–34]. It is therefore possible that a physical clutch in series
with a spring can provide much of the missing knee function
of the gastrocnemius in transtibial amputees.
Researchers have begun to study the effects of a robotic
device at the affected-side knee to provide the knee flexion
moment of the missing gastrocnemius. In the first such study
[35], a quasi-passive knee orthosis, dubbed an artificial gastrocnemius (AG) was built, based on the spring-clutch representation of the gastrocnemius in the aforementioned EndoHerr model. The AG was physically realized as clutchable
rotary spring at the orthosis knee joint. Two copies of this AG,
worn along with a powered-ankle-foot prosthesis (PAFP),
was tested on both legs of one bilateral transtibial amputee,
with promising results: the amputee’s metabolic energy
expenditure was reduced with the AG-PAFP condition,
compared to the amputee walking at the same speed with
only conventional leaf-spring-type ankle-foot prostheses.
However, since the PAFP was not tested independently of
the AG, it is not clear what incremental effects the AG had
over the PAFP alone. A need, therefore, exists to evaluate
the incremental biomechanical and metabolic effects of the
AG.
In this study, we design and evaluate a new version of
the AG unit, based on the exoskeletal knee clutch design
[29]. We evaluate the effects of this new AG-PAFP on the
walking gait of transtibial amputees. We focus on the late
stance knee flexion phase of walking, during which the
knee flexes to prepare for the swing phase, so to detect
improvements on the pathologies thought to be most likely
affected by the lack of calf muscle function [4]. We expect
that the energy stored in the spring of the AG early in the
gait cycle will be returned during late stance knee flexion to
replace positive muscle work. Specifically, we hypothesize
that including a clutched-spring AG at the affected-side
knee joint of transtibial amputees in conjunction with a
PAFP will reduce both biological flexion moment impulse
and positive mechanical work of the affected-side knee and
hip joints during late stance knee flexion, as compared
to the same conditions with only the PAFP. We further
hypothesize that these changes will provide a corresponding
reduction in metabolic cost of walking. We expect that this
metabolic reduction will stem from reduced joints moments
and net work in the affected knee and hip joints. We evaluate
these hypotheses by analyzing the kinematics, kinetics, and
metabolism of two transtibial amputees walking with the AGPAFP combination on an instrumented treadmill. We compare these data between the two conditions where the AG is
active versus acting as a free-joint.

2. Methods
Two devices were used for the intervention in this study.
A powered ankle-foot prosthesis provided ankle function in
the sagittal plane, and a quasi-passive artificial gastrocnemius
(AG), that was a clutched-spring joint, was mounted on a
knee orthosis on the affected-side knee. Together, these two
devices represented a biarticular transtibial prosthesis that
could actuate both joints independently.
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Figure 1: Joint mechanism of the quasi-passive artificial gastrocnemius. The exploded view of the joint design (b) is shown along with a
rendering of the assembled joint without the cover (a). The Housing was attached to the proximal part of the orthosis, and the Rotating Clutch
Ring attached to the distal part of the orthosis.

2.1. Powered Ankle-Foot Prosthesis. An EmPower powered
ankle-foot prosthesis (BionX, Bedford, MA) was used as the
prosthesis for all clinical trials. This prosthesis had the capability of providing positive net power at levels comparable
to the human ankle-foot complex [9]. At the core of the
prosthesis was a series elastic actuator, comprising a brushless
DC motor, ball screw, and carbon fiber leaf spring. For
dorsiflexion angles, a rigid hard-stop engaged, both to reduce
the torque required by the motor in dorsiflexion and to act as
a safety feature in the event of a power failure. The total mass
of the prosthesis and battery was 1.8 kg.
The prosthesis controller employed a positive force feedback strategy that served to approximate the biological muscle dynamics and neural reflexes. A wireless communication
link enabled real-time tuning of the control parameters.
2.2. Clutch-Spring Joint. The AG, shown in Figure 2, was a
knee orthosis, comprising a pair of polycentric hinges that
connected a thigh cuff to an 1/8 -thick aluminum bracket

made of aluminum sheet stock (6061-T6). The bracket connected to the base of a participant’s socket, between the
prosthetic pylon attachment and the socket. The proximal
side of the brace was strapped to the participant’s thigh as
a typical knee orthosis. A custom, dog-tooth rotary clutch
spring with series compliance was attached lateral to the knee,
in parallel with the hinges.
This clutch-spring joint was based on a previous design
[29] but had the addition of series compliance and reversed
the direction of the clutch teeth so that the teeth engaged to
provide a knee flexion moment, rather than an extension
moment to the wearer. In addition, our device lacked a planetary gear train that was present in the previous work. The
machined clutch components were made of 6061-T6 aluminum alloy and included two rings of dog teeth, brought
together by the action of a solenoid (LT8x9, Guardian Electric, Woodstock IL). As in Figure 1, the clutch controlled the
relative rotation of the Housing to the Rotating Clutch Ring. A
solenoid was built into the middle of the joint and translated
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Figure 2: Quasi-passive artificial gastrocnemius (photo credit:
Chris Conti Photography).

in the medial-lateral direction under action of its actuation
power and a return spring. When the solenoid was energized,
the Translating Clutch Ring was engaged with the Rotating
Clutch Ring. The Translating Clutch Ring constrained the
rotation of the Rotating Plate that, in turn, was connected to
the Housing through two tangential linear compression
springs. Thus, when the solenoid was energized, the Housing
was coupled to the Rotating Clutch Ring through these
springs. When the solenoid was inactive, the return spring
separated the Translating Clutch Ring from the Rotating
Clutch Ring and, hence, they were then free to rotate with
respect to each other. The return spring stiffness was chosen
experimentally so that when the clutch developed more
than 0.5 Nm of torque, the tooth friction prevented the two
rings from separating. This tooth-binding effect acted as a
safety mechanism and was included as a part of the control
algorithm, as described in Section 2.8. This aforementioned
friction maintained the clutch in a clutched state until the
torque level dropped back to the safe value of 0.5 Nm. As a
result, the bulk of the stored spring energy could only be
released gradually into the wearer’s leg, rather than suddenly
into the mechanism.
The Housing of the clutch was bolted to the thigh cuff of
the knee orthosis. The Rotating Clutch Ring connected to a
distal output link with a linear ball bearing and radial ball
bearing, acting in series. These bearings accommodated for
the kinematic difference between the polycentric hinges of
the orthosis and the single-axis rotation of the clutch joint.
Thus, only forces tending to flex or extend the joint could be
transmitted through this set of bearings.
2.3. Sensing. The AG had onboard sensing for use in the
control algorithm. Knee angle of the AG was measured using
a 10 kOhm rotary potentiometer. Knee moment provided by
the spring-clutch element to the wearer was estimated by

measuring the deflection of one of the two identical tangential
springs with an 8 kOhm linear potentiometer. The voltage
output from the potentiometer was scaled with an experimentally determined gain to provide an estimate of torque
applied by the AG to the wearer. This gain was found by
applying various tangential forces to the distal end of the
brace using a force gauge (gauge moment arm = 28 cm),
while the clutch was engaged. With this force and the known
moment arm of the gauge, the applied knee moment was
computed and compared to voltage readings from the linear
potentiometer to achieve a scaling factor for conversion from
voltage to Nm/rad. The resulting measured spring-clutch
knee torque reading is subsequently referred to as the AG
knee moment. A similar calibration procedure was performed using the AG angle-sensing rotary potentiometer
and an infrared camera system (model T40s, Vicon Motion
Systems Ltc, Oxford, UK). In this calibration procedure,
reflective markers were placed on the center of the joint and
on the distal and proximal ends of the orthosis. Marker-based
joint angle was computed by obtaining the relative angles of
lines connecting the distal and proximal markers to the joint
center marker. These angles were then compared to voltage
readings from the angle-sensing potentiometer. Prosthesisside ground contact was detected using a resistive pressure
sole footswitch (model: FSW, B&L Engineering, Santa Ana,
CA), inserted into the shoe between the prosthetic foot and
the insole.
2.4. Failure Analysis. Unlike the titanium toothed rings in the
exoskeletal clutch [29], the clutch in the present study was
made from aluminum. Thus, it was necessary to reevaluate
the load-bearing limits of the teeth. Finite element analysis
(FEA) was performed using Solidworks (DS Solidworks
Corp, Waltham, MA) to ensure this clutch could support
the required knee moments. Tangential loads were simulated
symmetrically on the tips of all teeth to simulate worst-case
loading scenario.
2.5. Modeling and Spring Stiffness Selection. The selection of
the spring constants for the tangential springs allowed for
the control of rotary stiffness of the clutch-spring element.
It was desirable for the stiffness of the clutch-spring joint to
be such that the spring-clutch behavior of the artificial gastrocnemius would most closely reproduce the gastrocnemius
muscle behavior of a healthy gastrocnemius. To this end,
walking data from healthy nonamputees was fed as input to
a modified version of the Endo-Herr sagittal-plane human
leg model [32–34] during the development of the artificial
gastrocnemius in [35].
2.6. Control. The quasi-passive artificial gastrocnemius produced no positive net mechanical work to the wearer but still
required a control system to determine the appropriate times
to engage and disengage the clutch. This controller took knee
joint angle and stance information as input and engaged the
clutch appropriately through each gait cycle. The clutch was
controlled to engage at maximum stance knee flexion angle,
enabling the spring to store energy during the subsequent
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Figure 3: Example action of the clutch engagement. A typical knee
flexion angle profile is shown for level-ground walking. The dashed
red section indicates the region in the gait cycle when the clutch
in the AG would be engaged. Colored bars show the sequence of
intended finite-state-machine state transitions.

knee extension and flexion into swing phase, as shown in
Figure 3.
2.7. Control Electronics. The computer platform for controlling the AG was a commercial single-board computer (model:
Raspberry Pi Version B, Raspberry Pi Foundation, Cambridgeshire, UK). The computer was equipped with an 800
MHz ARM11 processor, 512 MB SDRAM, with Linux Debian.
The system was powered by a 6-cell lithium polymer battery
(nominal voltage of 22.2 V).
2.8. Control Algorithm. High-level control was implemented
using a finite state machine, implemented in Python. The gait
cycle was divided into four states, shown in Figure 4: (1)
Swing; (2) Early Stance; (3) Clutched; and (4) Late Stance.
The Swing state was triggered from any other state when
the affected-side foot left the ground, as detected by a drop in
footswitch signal, FSW, to less than a fraction, footSW of the
maximum possible signal. During Swing, the clutch was
disabled, allowing the knee to swing freely.
The Early Stance state was triggered from the Swing
state at foot contact of the affected-side with the ground,
defined as FSW increasing to the stance threshold, footST ,
provided that the time elapsed in the current state, 𝑡state ,
was at least the minimum time required for the Swing state,
𝑡swing . During the Early Stance state, the clutch was disabled,
and the controller monitored the knee angle of the brace for
maximum stance knee flexion, at which point the Clutched
state would be engaged. A least squares algorithm, similar to
the one used previously [29], continually predicted the time
remaining before maximum knee flexion angle. This prediction provided time to initiate the engagement of the clutch,
so that the clutch would be fully engaged as close as possible
to the time of maximum knee flexion. In addition to this
knee flexion detection algorithm, two safety features were in
place to ensure that the motions detected were resulting from
a walking gait. The Clutched state could only be enabled if
the following two conditions were also met: (1) the knee was
flexed a minimum angle of 𝜃ES from the angle at heel strike,
̇ ,
𝜃HS ; (2) the maximum knee flexion angular velocity, 𝜃max

̇ . The
measured during the Early Stance state was at least 𝜃ES
̇
values 𝜃ES and 𝜃ES were experimentally determined during
early testing as the lowest values that successfully prevented
false-triggering of the Clutched state outside of a steady, levelground walking gait (Table 1).
The Clutched state served to activate the clutch near the
maximum knee flexion during stance phase of walking. This
state was activated when the following criteria were met: (1)
the maximum stance flexion angle was predicted to occur
within the time 𝑡delay of the current time, (2) the knee angle
was flexed more than a threshold, 𝜃ES , and (3) the maximum
knee flexion angular velocity, 𝜃,̇ during the Early Stance state
̇ . Conditions (2) and (3) were used
exceeded a threshold 𝜃ES
to differentiate a walking gait with slow, nongait motions, the
latter of which did not warrant activation of the clutch.
The Late Stance state served to turn off the clutch after
it engaged. Once the clutch spring began to develop force, the
clutch teeth would bind, preventing the clutch from disengaging until the spring force dropped sufficiently. Therefore,
the clutch solenoid was deactivated by entering the Late
Stance state when the time elapsed in the Clutched state, 𝑡state ,
exceeded the clutch timeout threshold, 𝑡cl .
In order to maximize spring energy storage and return, it
was desirable to engage the clutch as near as possible to the
moment of peak knee flexion in the Early Stance state. In fact,
the clutch solenoid needed to be engaged slightly before the
desired clutching time, as to account for the time required to
close the gap between the two sets of clutch teeth. To achieve
the necessary prediction of peak stance flexion, a look-ahead
algorithm was used.
First, the knee angle during the Late Stance state was
approximated as parabolic, given this assumption, the location of the vertex of the parabola may be found by performing
a linear fit to the knee angular velocity data, via running sums,
and solving for the zero-crossing. The algorithm used here
was similar to one described by [29]. However, the earlier
algorithm assumed a fixed time step that was not applicable
with the system in this study, as the computer platform was
not a truly real-time system. Hence, the algorithm proposed
here did not presume a fixed time step.
𝑇
The parameter 𝛽 = [𝛽0 𝛽1 ] that minimizes the error in
̂ = 𝛽0 + 𝛽1 𝑥(𝑡) to
the least squares sense of linear model 𝑦(𝑡)
time-series data (𝑥(𝑡), 𝑦(𝑡)) is
−1

𝛽 = (X𝑇 X) X𝑇 y,

(1)

where the matrix X has elements
𝑋𝑖,𝑗 =

𝜕̂y {1,
=
𝜕𝛽𝑗 {𝑥𝑖 ,
{

𝑗=0
𝑗=1

(2)

and 𝑥𝑖 is the 𝑖th element in the discretely sampled 𝑥(𝑡) vector.
Expanding (1) yields
2

𝛽=

𝑥𝑖 ∑ 𝑥𝑖 𝑦𝑖
]
[ ∑∑𝑥𝑖𝑥 ∑∑𝑦𝑦𝑖 +∑
+𝑊 ∑ 𝑥 𝑦
𝑖

𝑖

2

𝑖 𝑖

2

𝑊 ∑ 𝑥𝑖 − (∑ 𝑥𝑖 )

,

(3)
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Table 1: Parameter values for the AG controller.

Parameter
footST
footSW
𝑡swing
𝜃ES
̇
𝜃ES
𝑡delay

Description

Value

Footswitch threshold for entering the Early Stance state; fraction of the maximum possible value
Footswitch threshold for entering the Swing state
Minimum time in the Swing state before it is possible to exit Swing

0.2
0.15
200 ms

Minimum knee flexion angle (rad) during the Early Stance state before the clutch can be engaged
Minimum knee flexion angular velocity that must be observed during the Early Stance state before the
clutch can be engaged
Delay time required between activation of the solenoid and the full engagement of the clutch

0.087 rad

Maximum time to energize the solenoid

400 ms

𝑡cl

Swing

1.2 rad/s
50 ms

tＭＮ；Ｎ？ > tＭＱＣＨＡ
and
FSW ≥ fooＮ３４
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Clutch on

Figure 4: Finite state machine for the quasi-passive artificial gastrocnemius.

where all summations in (3) span 𝑖 from 1 to 𝑊. For the task
of estimating the angular velocity over time, the values of
𝑥𝑖 were timestamps, and the values of 𝑦𝑖 were knee angular
velocity values. For the window of size 𝑊, the most recent 𝑊
values of 𝑥 and 𝑦 were maintained in a queue. At each new
timestep, the oldest values of 𝑥 and 𝑦 were popped from
the queue, while the current 𝑥 and 𝑦 values were added to
the queue, maintaining the 0th element as the first in the
queue. This method allowed the sums to be updated each
timestep without needing to store all values of the computed
sums. Finally, the estimated time of the angular velocity zerocrossing was ̂𝑡flex = −𝛽0 /𝛽1 . It was found experimentally that
the minimum error in clutching time between the initiation
of the development of clutch torque and the peak knee flexion
angle occurred when the clutch was engaged 50 ms prior to
the predicted maximum knee angle. As a result, the time delay
parameter, 𝑡delay , was set to 50 ms.
2.9. Experimental Protocol. Two participants with belowknee amputation were involved in this study (Table 2). Both
participants had right-side unilateral amputation and were of
generally good health. The clinical evaluation was conducted

Table 2: Amputee participant body parameters.

Subject 1
Subject 2

Height (cm)
180
193

Weight (kg)
93
94

at MIT (Cambridge, MA) and was approved by MIT’s
Committee on the Use of Humans as Experimental Subjects
(COUHES). Each participant provided written, informed
consent that was obtained before data collection was initiated.
An infrared camera system (model T40s, Vicon Motion
Systems Ltc, Oxford, UK) was used to track the threedimensional motion, recorded at 100 Hz, of reflective markers, placed at 47 anatomical locations on the participants’
bodies, based on the Helen Hayes marker model. Ground
reactions forces and center of pressure locations were measured using a dual-belt instrumented treadmill (Bertec Corporation, Columbus, OH) with a sampling rate of 1 kHz. The
net metabolic cost of walking during each condition was estimated using standard open-circuit gas exchange techniques
(model: K4b2, COSMED, Rome, Italy).
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At the beginning of each session, the participant was
asked to don the powered prosthesis in place of their conventional prosthesis. The knee orthosis of the AG was then
affixed to the prosthesis and donned by the participant.
For each participant, the prosthesis controller’s power
setting was adjusted using the commercial tuning app as the
participant walked over a treadmill at 1.25 m/s so as to achieve
net work from the prosthesis per step that was within one
standard deviation of the mean for nonamputees walking at
the same walking speed [36]. It was verified that the level of
prosthesis net work remained within the desired range for
both walking conditions for a given participant (0.045 to
0.16 J/kg) and that this level of net work stayed reasonably
consistent across walking conditions for each participant.
A short time period of approximately 15 minutes was
given to ensure that both the prosthesis and the artificial gastrocnemius orthosis were functioning properly. This
acclimatization was evaluated by verifying that the clutch was
engaging and disengaging at appropriate points in the gait
cycle (as in Figure 3) and that the PAFP net mechanical work
was reasonable as compared to biological values.
Both the powered prosthesis and artificial gastrocnemius
were worn for all trials. The participants were asked to
perform one standing trial to measure standing metabolism.
Walking trials were performed on the treadmill at a speed of
1.25 m/s.
Two walking conditions were tested: (1) a baseline condition (Baseline) in which the AG acted as a free-joint at the
knee with the spring-clutch disabled, and (2) an active condition (Active), in which the AG was controlled as a clutched
spring at the knee with the described control algorithm.
For both conditions, the powered ankle-foot prosthesis was
active. The Baseline condition represented a monoarticular
transtibial prosthesis, as the knee joint was a free-joint when
the clutch was inactive. Yet the mass distribution of the
device was identical to the Active condition. Thus, a direct
comparison could be made to determine the incremental
effects of the clutched-spring knee joint.
2.10. Data Processing. Fourth-order Butterworth filters were
used to filter the marker position and ground reaction force
data with 6 Hz and 25 Hz cutoff frequencies, respectively.
The marker and force data were postprocessed through the
SIMM (Musculographics Inc., Evanston, IL) inverse dynamics module to produce total joint moments and angles in three
dimensions. However, only sagittal-plane dynamics were
considered. Affected-side biological knee moment contribution was computed by subtracting the AG knee moment from
the total knee moment estimated from the SIMM-based
inverse dynamics.
Gait events were determined using vertical ground reaction force data from the embedded force plates. Approximate
event timing was found by determining the times when the
force increased beyond a 40 N threshold. Exact heel strike and
toe-off times were found by progressing backward and
forward in time, respectively, until the force value dropped
to zero. Data were then cut to gait cycles based on heel strike
times and resampled to 101 points. Gait cycles were discarded
for the beginning and end of each trial, during the speed
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Table 3: Mechanical design parameters of the artificial gastrocnemius joint.
Parameter
Maximum torque (Nm)
Torque sensor scale factor (Nm/V)
Number of teeth
Clutched-spring moment arm (mm)
Total orthosis mass (kg)

Value
890
825
90
32.1
1.9

transients of the treadmill. Gait cycles in which the stride
times were below 0.7 seconds or above 1.3 seconds or in which
a foot crossed the midline of the treadmill were also discarded.
Joint powers were computed as the product of joint
moments and joint velocities from SIMM-derived joint kinematics, where positive power was defined as that produced by
the joint on the environment. Positive joint work during late
stance knee flexion was computed as the positive contribution
of the time-integral of joint power from maximum stance
knee extension to toe-off. This region of the gait cycle was
chosen for analysis because, as the knee flexes from the
maximum extension angle, it provides an opportunity for
the AG to provide positive power to the wearer. Joint flexion
moment impulse was computed using the same integral for
joint flexion moment. Net prosthesis work was computed by
integrating the SIMM-derived joint torque over joint angle
for the entire gait cycle.
Metabolic cost for each walking speed was computed
by taking average oxygen and carbon dioxide data over a
two-minute window at the end of each six-minute trial. The
metabolic power was computed using the equation
̇ + 𝐾CO 𝑉CO
̇ ,
𝑃 = 𝐾O2 𝑉O
2
2
2

(4)

̇ is the volume
where 𝑃 is the metabolic power in Watts, 𝑉O
2
̇
flow rate of oxygen inhaled, 𝑉CO
is the volume flow rate of
2
carbon dioxide exhaled, and 𝐾O2 and 𝐾CO2 are constants
with values from literature [37], given as 𝐾O2 = 16,580 W/L
and 𝐾CO2 = 4,510 W/L. The above equation is only valid for
conditions when the metabolism is primarily aerobic. As a
verification of this condition, the respiratory exchange ratio
̇ , was monitored, and only
̇ /𝑉O
(RER), defined as 𝑉CO
2
2
metabolic results with RER values less than 1.1 were considered.

3. Results
3.1. Mechanical Design. The mechanical parameters of the
design are summarized in Table 3. As in previous work [29],
the teeth were manufactured using a contour milling process,
and thus, the tooth spacing was limited by the 0.4 mm radius
of the mills. Therefore, the tooth spacing was constrained to 4
degrees, or 90 teeth per revolution. The total mass of the
orthosis, including battery and electronics, was 1.9 kg.
The aluminum teeth used in this design do not yield for
applied knee flexion moments near to the expected values of
25 Nm [38] but start to yield at 35 times this expected load
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Table 4: Net work per step by the powered ankle-foot prosthesis
with the AG. The net work values were kept within the literature
range of 0.045 to 0.16 J/kg.

Subject 1
Subject 2

Baseline (J/kg)
0.113 ± 0.028
0.077 ± 0.016

Yield strength:

Active (J/kg)
0.130 ± 0.024
0.082 ± 0.019

von Mises (N/Ｇ2 )
2.750e + 008
2.521e + 008
2.292e + 008
2.063e + 008
1.834e + 008
1.604e + 008
1.375e + 008
1.146e + 008
9.168e + 007
6.876e + 007
4.584e + 007
2.292e + 007
3.940e + 003

Figure 5: Results of finite element analysis with load evenly applied
to all tooth tips tangentially. Results are shown for the yield
condition, at which the applied torque to the clutch is 890 Nm.

(Table 3). The tooth stress at this failure load condition is
shown in Figure 5.
3.2. Power Consumption. Given the solenoid specifications
(22.2 V, 109 Ohms resistance), the power draw was 4.9 W.
Assuming the maximum clutch-on time for each gait cycle
of 0.4 ms and a typical cadence of 0.9 strides per second, the
power consumption of the solenoid was 2.2 W. With the 1.1 W
power draw of the Raspberry Pi, the average total power
consumption of the device was 3.3 W during a typical walking
gait.
3.3. Joint Spring Selection. The spring stiffness of the clutchedspring gastrocnemius element, derived from the modeling,
was 92.9 Nm/rad [35]. To approximate this rotary stiffness
about the knee joint, the two tangential linear compression
springs were selected with spring constants of 51 N/mm.
These springs acted on the joint with a moment arm of
32.1 mm, causing the equivalent joint rotary stiffness to be
105 Nm/rad.
3.4. Clinical Pilot Results
3.4.1. Acclimatization. In the time allotted for acclimatization, participants could walk with the AG and PAFP.
Participants could walk comfortably with the AG, and the
ankle prosthesis net work was appropriate for normal walking
(see Table 4).

3.4.2. Ankle Prosthesis Net Work. As shown in Table 4, the
net work produced by the powered ankle-foot prosthesis was
within the desired range from literature [36].
3.4.3. Affected Knee Kinetics. Affected-side knee kinetics for
both participants are shown in Figure 6 and summarized in
Tables 5 and 6. Of particular note, the biological component
of knee flexion moment impulse and the biological knee positive mechanical work during late stance knee flexion phase
were both reduced by large percentage changes when subjects
walked with the Active condition of the AG, compared to the
Baseline condition.
3.4.4. Affected-Side Hip Kinetics. Hip flexion moment is
shown in Figure 7, and hip flexion moment impulse values are
summarized in Table 7. Hip net mechanical work values for
both participants are shown in Table 8. As with the knee joint,
both hip flexion moment impulse and positive mechanical
work during late stance flexion were decreased slightly for
both participants.
3.4.5. Metabolism. The net metabolic power (with the power
required for standing subtracted out) is tabulated in Table 9.
Both participants displayed small percentage reductions in
metabolic cost when walking with the Active condition, as
compared to the Baseline condition.

4. Discussion
Our novel design of a quasi-passive artificial gastrocnemius has been tested in our pilot study and found to be
mechanically functional for the task of providing a flexion
assist moment to the affected-side biological knee joint. The
device exceeds the torque requirements while requiring only
a small amount of electrical power. These properties make
this a device a prime candidate for experiments for those
with transtibial amputation, with the end goal of improving
walking gaits for this population.
The preliminary findings from this study indicate that
some measures of gait may be especially affected by the
intervention. The pilot data support the hypothesis that this
artificial gastrocnemius can reduce biological knee flexion
moment and biological positive work of the affected-side
knee, compared to a similarly weighted monoarticular prosthesis, during late stance knee flexion. Despite the short
amount of time to get acclimated to the knee orthosis, the
participants reduced their biological knee moment profiles,
thereby allowing the AG to take over some of the kinetic
loads. This behavior is consistent with other studies involving
exoskeletal interventions at ankle [39] and hip joints [40]. The
reduction of biological knee moment is beneficial from the
standpoint of wearable device design, since it means that
wearers of the AG were quickly able to replace biological
function with that from the device.
Also as hypothesized, the affected-side hip flexion
moment impulse and hip positive work of both participants
were reduced during late stance knee flexion. These reductions are likely a result of the energy return of the spring,
which served to help flex the hip. Although small, this effect
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Table 5: Affected-side knee flexion moment impulse in late stance flexion with the AG compared between the two walking conditions with
the quasi-passive artificial gastrocnemius: the Baseline condition, where the artificial gastrocnemius acted as a free-joint at the knee, and the
Active condition, where the AG was appropriately engaged as per the controller. The values were computed over the late stance knee flexion
phase of the gait cycle.

Subject 1
Subject 2

Baseline
moment impulse
(Nm∗s/kg)

Active
moment impulse
(Nm∗s/kg)

Active Biological
moment impulse
(Nm∗s/kg)

Total % change from
Baseline

Biological %
change from
Baseline

0.006 ± 0.004
0.055 ± 0.018

0.009 ± 0.004
0.056 ± 0.013

0.001 ± 0.002
0.039 ± 0.011

+32
+2

−78
−29

Subject 2
0.6

0.4

0.4

Knee flexion moment (Nm/kg)

Knee flexion moment (Nm/kg)

Subject 1
0.6

0.2
0
−0.2
−0.4

0.2
0
−0.2
−0.4
−0.6

−0.6
0

10

20

30

40 50 60
Percent gait cycle

70

80

90

0

100

20

40
60
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80

100

Figure 6: Affected-side knee flexion moment components with the AG shown for the Baseline condition where the clutch was disabled (thick
solid blue line), the Active condition (thin solid red line), and the biological knee moment contribution during the Active condition (thin green
dashed line). Shaded regions for these curves indicate ±1 standard deviation, bounded by light dotted lines. For reference, biological knee
moment data are also shown for the nonamputee from which the clutch spring was tuned (thick black dashed line) ±1 standard deviation
(black dotted lines). The vertical lines indicate the typical engagement and disengagement times for the clutch.

Subject 1

Subject 2

1

Hip flexion moment (Nm/kg)

Hip flexion moment (Nm/kg)

1

0.5

0

−0.5

0.5

0

−0.5

−1

−1
0

20

40
60
Percent gait cycle

80

100

0

20

40

60

80

100

Percent gait cycle

Figure 7: Affected-side hip flexion moment components with the AG shown for the Baseline condition where the clutch was disabled (thick
solid blue line) and the Active condition (thin solid red line). Shaded regions for these curves indicate ±1 standard deviation. For reference,
biological hip moment data are also shown for the nonamputee from which the clutch spring was tuned (thick black dashed line) ±1 standard
deviation (black dotted lines). The vertical lines indicate the typical engagement and disengagement times for the clutch.
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Table 6: Affected-side knee positive work in late stance flexion with the AG compared between the two walking conditions with the quasipassive artificial gastrocnemius: the Baseline condition, where the artificial gastrocnemius acted as a free-joint at the knee, and the Active
condition, where the AG was appropriately engaged as per the controller. The values were averaged over the late stance knee flexion phase of
the gait cycle.

Subject 1
Subject 2

Baseline
total power
(Nm∗s/kg)

Active
total power
(Nm∗s/kg)

Active biological power
(Nm∗s/kg)

Total % change from
Baseline

Biological % change
from Baseline

0.006 ± 0.004
0.084 ± 0.064

0.005 ± 0.003
0.062 ± 0.031

0.002 ± 0.002
0.049 ± 0.030

−6
−26

−60
−41

Table 7: Hip flexion moment impulse in late stance flexion with the AG compared between the two walking conditions with the quasi-passive
artificial gastrocnemius: the Baseline condition, where the artificial gastrocnemius acted as a free-joint at the knee, and the Active condition,
where the AG was appropriately engaged as per the controller. The values were computed over the late stance knee flexion phase of the gait
cycle.

Subject 1
Subject 2

Baseline
moment impulse
(Nm∗s/kg)

Active
moment impulse
(Nm∗s/kg)

% change from
Baseline

0.077 ± 0.006
0.134 ± 0.013

0.057 ± 0.006
0.115 ± 0.012

−26
−14

Table 8: Affected-side hip positive work in late stance flexion with the AG compared between the two walking conditions with the quasipassive artificial gastrocnemius: the Baseline condition, where the artificial gastrocnemius acted as a free-joint at the knee, and the Active
condition, where the AG was appropriately engaged as per the controller. The values were computed over the late stance knee flexion phase
of the gait cycle.

Subject 1
Subject 2

Baseline
positive work
(J/kg)

Active
positive work
(J/kg)

% change from
Baseline

0.087 ± 0.011
0.117 ± 0.016

0.063 ± 0.0090
0.095 ± 0.014

−27
−19

Table 9: Metabolic power of the amputee participants with the AG.

Baseline power (W/kg)
Active power (W/kg)
Percent change

Subject 1
3.80 ± 0.19
3.61 ± 0.19
−5%

Subject 2
3.04 ± 0.11
2.94 ± 0.08
−3%

may possibly compensate for the otherwise increased hip
power exhibited by transtibial amputees [4].
Given the kinetic results, it is not surprising that slight
metabolic improvements were demonstrated as well. Reductions in net positive biological mechanical work should correspond to reductions in concentric muscle work, since passive
tissues, by definition, cannot generate net positive work.
This reduction in muscle work, in turn, would be expected
to reduce metabolic cost [41, 42].

5. Conclusions and Future Work
Despite the advances of today’s monoarticular transtibial
prostheses, their limitations still manifest in pathological
gaits. This study builds on the hypothesis that dominant
pathologies are caused by a lack of biarticular gastrocnemius

function. Our approach of restoring this biarticular component via an artificial gastrocnemius has shown preliminary
but promising results toward the improvement of transtibial
prosthesis efficacy.
The quasi-passive nature of this novel artificial gastrocnemius means that the design could exclude heavy components
like large batteries and motors. Yet still, this device has the
capability to produce biological-levels of knee moments for
assisting those with transtibial amputation. The low power
draw also helps to make this device practical for daily use,
as battery life would not likely be a problem over the course
of a day.
The AG, despite lacking an ability to generate positive
net mechanical work, did demonstrate an ability to reduce
amputee metabolic cost of transport for the two amputees
tested. This preliminary result suggests that biarticular
devices may hold the potential to improve amputee quality of
life beyond that with even the most advanced monoarticular
devices. These metabolic benefits may stem from a combination of a reduction in knee and hip moments and powers in
the affected-side leg.
However, given the lack of statistical power, more work is
needed to verify this effect on more participants. In addition,
the slight increase seen in the net mechanical work from the
ankle-foot prosthesis during the ACTIVE conditions could
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account for a nonnegligible portion of this small metabolic
benefit. If, however, the metabolic improvement is confirmed
for other amputees when ensuring no increase in positive
work from the prosthetic ankle, it would show that metabolic
improvements are possible for transtibial amputees without
the need for the injection of net positive mechanical work.
It would be beneficial to perform additional experiments
that more broadly explore this device. Each individual has
their own gait idiosyncrasies, and a matching to other human
gait solely based on height and weight has its limitations.
Therefore, it is possible that, although the joint stiffness of the
device was chosen via optimization, this stiffness value may
not have corresponded to the optimal values for the given
amputee participants. Additionally, inherent compliance in
the brace itself may change the effective device stiffness
from the designed specification. Future trials could more
systematically vary the joint stiffness to find the metabolically
optimal value and then compare it to that from simulation.
In addition, it may be desirable to reach beyond the quasipassive model of the gastrocnemius muscle. Seeing that the
biological gastrocnemius generates several joules of net work
per step [43, 44], greater benefits could possibly be achieved
by providing this net work to amputees. By definition, this
net mechanical work cannot be produced with a quasipassive device, and, therefore, a different mechanism would
be needed to test this hypothesis. In the design of either quasipassive or active transtibial leg prostheses, we feel biarticular
gastrocnemius actuation is an important consideration.
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