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he loss of a limb is a major disability.
Unfortunately, today’s prosthetic technology is a long way from realizing fully functioning artificial limb replacements.
Although lower-extremity prostheses
are currently better able to provide assistance
than their upper-extremity counterparts, very basic
locomotory problems still remain. For example, compared with intact persons, walking amputees require
10–60% more metabolic energy depending on walking speed, physical fitness level, cause of amputation,
amputation level, and prosthetic intervention characteristics. Additionally, amputees walk at 11–40% slower selfselected gait speeds than do persons with intact limbs [1]–[7].
Such clinical problems may, in part, be attributed to today’s
prosthetic ankle-foot designs. Commercially available prostheses comprise spring structures that store and release
elastic energy throughout each walking stance period [8],
[9]. Because of their passive nature, such prostheses cannot
generate more mechanical energy than is stored during each
walking step. In distinction, the human ankle performs positive net
work and has a greater peak power over the stance period, especially at moderate to fast walking speeds [10]–[14].
A transtibial amputee overcomes these energetic deficiencies by using hamstring
muscles to aggressively extend the hip throughout early stance [15]. Hyperactivity in
this muscle group causes an excessive flexor moment about the knee, which then has
to be canceled by cocontracting knee extensors. Winter and Sienko [15] hypothesized that this increase in muscle cocontraction results in a relatively higher gait
metabolism. Another mechanism for the increased metabolic rate of walking amputees may be due to the inability of conventional prostheses to provide sufficient positive power at terminal stance to limit heel strike losses of the adjacent leg [14]–[16].
Several engineering challenges hinder the development of a powered anklefoot prosthesis [15], [19], [20]. With current actuator technology, it is challenging
to build an ankle-foot prosthesis that matches the size and weight of the human
ankle-foot complex but still provides sufficient stance-period work and instantaneous power output to propel an amputee. Ankle-foot mechanisms for humanoid
robots are often too heavy or not sufficiently powerful to meet the human-like
specifications required for a powered prosthesis [21], [22]. Furthermore, a
powered prosthesis must be position- and impedance-controllable. Often, robotic
ankle controllers follow preplanned kinematic trajectories during walking [21],
[22], whereas the human ankle is believed to operate in impedance control mode
during stance and position control mode during swing [12]–[14].
A critical objective in the field of prosthetic leg design is to advance a powered
ankle prosthesis capable of mimicking the dynamics of the human ankle. Some
recent work has focused on the development of quasipassive ankle-foot prostheses.
Researchers have built prostheses that use active damping or spring-clutch mechanisms to allow automatic ankle angle adjustment for distinct ground surfaces [8],
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[23], [25], [26] or to allow for an improved metabolic walking
economy [24]. As these devices do not include an actuator to
actively plantar flex the ankle at the terminal stance, no net
work is performed throughout each walking step, as is the case
with the human ankle [10]–[14].
In 1998, Klute and colleagues [27] were the first to build
a powered ankle-foot prosthesis capable of performing net
positive work. Their device employed a pneumatic actuation strategy with an off-board power supply. More recent
work has focused on the design of energetically autonomous
powered systems [28]–[36]. In this article, we review and
further develop the ankle-foot design described in [28]–
[35]. The article is organized as follows. In the next section,
we present biomimetic design goals for the ankle-foot
prosthesis, including prosthesis mass, torque, speed, bandwidth, net work, and stiffness. In subsequent sections, we
discuss the importance of series and parallel motor elasticity
in prosthesis shock tolerance, joint bandwidth, and energy
economy. We conclude the article with the physical implementation of our design, including preliminary clinical data
addressing the system’s capacity to improve amputee gait.

Biomimetic Design Goals
We seek an ankle-foot prosthesis design that is capable of humanlike ankle dynamics while still matching the shape and mass of the
missing biological limb. Specifically, a biomimetic ankle-foot
prosthesis should satisfy the following design specifications.
u Size and mass: Prosthesis height should be equal to or less
than the nominal height of a conventional high-profile
ankle-foot prosthesis, which is 18 cm from the ground
to the proximal prosthetic adapter [8], [9]. The desired
prosthesis mass should be 2.5% of the total body mass,
which is equal to the percent mass of the missing biological limb at a point 18 cm from the ground surface [37].
u Torque and speed: The prosthesis should capture the entire
torque-speed behavior of the human ankle in walking.
The measured peak velocity, torque, and power of the
human ankle during the stance period of walking can
be as high as 3.6 6 0.2 rad/s, 1.6 6 0.2 Nm/kg, and
3 6 1 W/kg, respectively. Here, both peak torque and
power are normalized by body mass. These data are
from [11], replotted in Figure 1 in the manner of [20].
u Torque bandwidth: The torque bandwidth requirement of
the prosthesis was estimated based on the power spectrum
of the human ankle torque data during the stance period
of walking. The torque bandwidth was defined at that
frequency range over which 70% of the total signal power
was captured. Analyzing human ankle data from [11], the
torque bandwidth was found to be approximately 3.5 Hz,
at which the ankle torque varied between 50 and 140 Nm.
The torque controller for the prosthesis should therefore
be capable of outputting any torque level between 50 and
140 Nm at 3.5 Hz. This goal requires that the torque
bandwidth of the open-loop system be significantly larger
than 3.5 Hz, otherwise the inherent dynamics of the
prosthesis may inhibit the controller’s ability to specify the
desired dynamics. Thus, an open-loop bandwidth is
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sought that is at least fivefold larger than the closed-loop
bandwidth of 3.5 Hz.
u Net positive work: The prosthesis should also be capable of
generating net positive work during stance. The average
net positive work done at the human ankle per unit body
mass for self-selected speed is 0.21 6 0.05 J/kg [11].
u Controlled dorsiflexion stiffness: For the stance phase control, instead of simply tracking human ankle kinematics,
it is commonly believed that a powered prosthesis should
mimic the human ankle’s quasistatic stiffness or the slope
of the measured torque-angle curve during stance [12],
[13]. Most critically, the prosthesis should output a
human-like quasistatic stiffness during controlled dorsiflexion (or from point 2 to point 3 in Figure 1). A target
stiffness value was obtained by estimating the slope of the
measured human ankle torque-angle curve from the zero
torque-angle point to the torque at maximum dorsiflexion (or point 3 in Figure 1). The average human ankle
stiffness per unit body mass at a self-selected walking
speed is 8 6 1 Nm/rad/kg.
In this article, we design an ankle-foot prosthesis for a nominal male subject, walking at a self-selected speed of 1.25 m/s,
whose body mass, height, and foot length are 78 kg, 175 cm,
and 27 cm, respectively [40]. Table 1 lists the parameter values
corresponding to the aforementioned design goals.

Shock Tolerance
Designing a motorized leg prosthesis that is robust to shock
loads is a critical design challenge, especially at the most distal
joint, or the ankle, where impact loads at foot strike have to be
carefully managed. Series motor compliance [41]–[43] has
been used in humanoid leg design [43] and leg exoskeletal
applications [44]–[46] to effectively lower shock loads and protect the motor transmission from damage.
For a prosthetic ankle-foot device, how much series compliance is necessary to protect the transmission from excessive shock
loads at heel strike? To answer this question, we employ a linear
model of an ankle-foot prosthesis with a series elastic actuator
(SEA) (see Figure 2). In the model, the effective mass Me , linear
motor force Fe, and damping be are defined as follows:
Me = Im R2 ; Fe ¼ Tm R; and be ¼ bm R. The motor is modeled as
a torque source Tm with a rotary internal inertia Im , applying a
force to the series spring ks through a transmission R. State variables x and hm denote the linear and rotary motor displacements,
respectively, where x ¼ hm =R. The damping term bm represents
motor friction from bearings and brushes. In the model, we
assume that the foot is a rigid body of negligible mass, as foot
mass is relatively small compared with the effective motor inertia.
The equation of motion becomes
Me x€ þ be x_ þ ks (x  rh) ¼ Fe :

(1)

This equation is the standard dynamic equation for an SEA
[42], which ignores amplifier dynamics, nonlinear friction, and
internal resonances. The series spring force Fs ¼ ks (x  rh) acts
at a perpendicular distance r from the ankle joint. Thus, ankle
torque Text is equal to rFs.
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determine the series stiffness ks that adequately protects the
transmission, we assume that the prosthesis worn on the leading leg has to absorb all 27 J of energy during ankle-controlled
plantar flexion (see Figure 1). (This is a worst case condition
since other joint motions are likely to contribute to negative
external work production, such as early-stance knee flexion
and subtalar joint inversion and eversion.) We simulate this
condition by assuming that
half the amputee’s body mass
(0.5 3 78 kg body mass) falls
Controlled Plantar Flexion
a distance of 7 cm from rest
0.5
onto the linear SEA prostheSwing
Powered Plantar Flexion
Phase
sis of Figure 2(b). For this
simulated heel strike, the
0
amputee’s body mass has 27 J
Controlled Dorsiflexion
of kinetic energy when the
–0.5
SEA ankle first begins to
0
20
40
60
80
100
absorb energy at the instant
of touch down. For this sim2
ulation, the peak shock load
Toe Off
applied to the transmission is
Maximum Dorsiflexion
0
determined for each series
stiffness value ks. We assume
Foot Flat
that the ground reaction force
–2
0
20
40
60
80
100
acts at a point 3 cm posterior to
% Gait Cycle
the ankle rotational axis, as this
is the approximate position of
(a)
the center of pressure at heel
–1.8
strike [48]. Additionally, in the
PP
–1.6
simulation, a 200-W dc brush(3)
CD
–1.4
(3)
(4)
less motor (Maxon EC-Power(2)
–1.2
(3)
max 30) is assumed, with rotor
inertia Im ¼ 30:4 g=cm2 .
–1
Motor damping be is set equal
–0.8
to 8,250 Ns/m based on
–0.6
experimental measurements
–0.4
in [31]. Furthermore, a ballscrew transmission (Nook
–0.2
(1)
ECN-10030-LG, 10 mm 3 3
0
CP
(4)
(2)
mm) is assumed (R ¼ 3,560),
–0.4
–0.3
–0.2
–0.1
0
0.1
0.2
specifically sized for a nominal
SW
male foot size of 27 cm, with a
Ankle Angle (rad)
(1)
(4)
(1)
maximum transmission load
(2)
rating of 5 kN. Thus, the
(b)
design goal is to select a series
spring constant such that the
Figure 1. Human ankle kinematics and kinetics at a self-selected walking speed [9]. (a) Average
peak shock load applied to the
ankle angle and torque data for 16 study participants are plotted versus percent gait cycle. The
transmission is equal to or less
dotted lines represent the first standard deviations of the ankle angle and torque data over one
than the maximum transmisgait cycle. One complete walking cycle is shown [from heel strike (0%) to heel strike (100%) of
sion load rating of 5 kN.
the same leg]. (b) Ankle torque is plotted versus ankle angle. The solid line shows the ankle
The results are plotted in
torque-angle behavior during stance, whereas the dashed line shows the swing phase. Points
Figure
3. The gray region indi(1), (2), (3), and (4) denote the gait events of heel strike, foot flat, maximum dorsiflexion, and
cates
the
estimated peak shock
toe off, respectively. The segments (1)–(2), (2)–(3), (3)–(4), and (4)–(1) represent the ankle
load applied to the transmission
torque-angle behaviors during gait phases of controlled plantar flexion (indicated by CP),
for different series spring concontrolled dorsiflexion (indicated by CD), powered plantar flexion (indicated by PP), and swing
stants under different active
phase (indicated by SW), respectively. The area enclosed by points (1), (2), (3), and (4) is the net
work done at the joint during stance (or 0.21 J/kg).
motor impedances. The
Ankle Torque (Nm/kg)

Torque (Nm/kg)

Angle (rad)

During the double support phase of nonamputee human
walking, the trailing leg performs mostly positive external
work on the body’s center of mass, whereas the leading leg performs predominantly negative external work. In the human
walking study of [47], the negative external work performed
during double support was found to increase from 6.5 J at 0.75 m/s
to 26.8 J at the maximum walking speed of 2.00 m/s. To
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upper boundary denotes the peak load when the motor shaft is
held fixed or when linear motor force Fe of (1) is sufficiently
large to hold the effective mass Me at a fixed position. In distinction, the lower boundary is simulated under the condition that
the motor moves freely with Fe equal to zero. From Figure 3,
we see that a series stiffness value of 600 kN/m results in a peak
transmission force approximately equal to the 5-kN load limit of
the ball-screw transmission.

Force Bandwidth

With the series spring force Fs considered as the system
output, the transfer function that describes the force bandwidth due to the maximum input motor force Fsat is
Fsmax
ks
¼
,
2
Fsat
Me s þ (be þ VFsatsat )s þ ks

(2)

where Fsmax and Vsat are the maximum output spring force and
linear velocity, respectively. An additional linear damping
term, Fsat =Vsat , was included in (2) to model the effect of
back-electromotive force (EMF) to the motor [42]. This term
describes the inability of the amplifier to produce high force
(or a loss in motor force) because of the back-emf of the
max
motor. We set Fsat ¼ RTmotor
and Vsat ¼ xmax =R, where
max
max
Tmotor and x
are the stall torque and maximum angular
velocity of the motor, respectively. As can be seen in (2), the

Table 1. Design specifications
for a nominal male subject.
Total prosthetic mass (kg)
Peak torque (Nm)
Peak velocity (rad/s)
Peak power (W)
Open-loop torque bandwidth (Hz)
Net work done (J)
Controlled dorsiflexion stiffness (Nm/rad)
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2.0
125.0
3.6
234.0
17.0
16.0
630.0

Peak Shock Load (N)

When designing a controller, one needs to guarantee that the
actuator system does not saturate within the desired operating
range of torque and speed. A critical actuator performance
metric is the open-loop force bandwidth. As highlighted in
the previous section, ser ies compliance improves shock
tolerance by limiting shock loads applied to the transmission.
However, this advantage comes
with a price. Although shock
tolerance is improved, because
Parent Link
of motor saturation, the openloop force bandwidth is reduced when a spring is placed
Transmission
in series with the motor and
Fe
Motor
transmission. Thus, when
designing a motorized anklex
foot prosthesis, series spring
Series Spring
Me
stiffness has to be carefully
R
selected so as to provide adbe
equate actuator shock tolerance and force bandwidth.
ks
In the section ‘‘Biomimetic
ks
kp
rp
Design Goals,’’ a 17-Hz openloop torque bandwidth was
specified as the lower limit to
−θ
still allow a prosthetic controlrs
Foot
ler to capture the torqueMotion
Text
Foot
velocity behavior of the
(a)
(b)
human ankle in walking. For
a prosthetic ankle-foot
device, what series compli- Figure 2. A powered prosthesis with series elasticity: (a) schematic model and (b) linear model.
ance is necessary to produce
at least that bandwidth? To answer this question, we set the
8,000
ankle angle h equal to zero, making the equation of motion (1)
for this model equivalent to a standard second-order differential
7,000
equation for a spring-mass-damper system.
6,000
5,000

Maximum Allowable
Shock Load

4,000
3,000
2,000

200

400

600

800

1,000

1,200

ks (kN/m)

Figure 3. Estimated transmission shock loads at heel strike for
different series spring stiffnesses and active motor impedance
levels.
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open-loop bandwidth depends on the intrinsic system behavior
determined by the motor, transmission, and series spring. Using
the same motor (EC-Powermax 30) and ball-screw transmission
(R ¼ 3,560) employed in the shock tolerance simulations of the
previous section, the bandwidth simulation results are plotted in
Figure
 4. At the peak actuator force (horizontal line at
Fsmax Fsat ¼ 0:18), the force bandwidth for three distinct series
motor spring stiffnesses, or 120, 600, and 1,200 kN/m, is 0.8, 4,
and 8 Hz, respectively. Thus, the greatest series stiffness that offers
adequate shock tolerance, or 600 kN/m, fails to provide sufficient
bandwidth (bandwidth specification of 17 Hz, see Table 1).
As a resolution to this difficulty, we introduce parallel
motor elasticity to the prosthetic architecture. As shown in

Energy Economy

100
ks = 120 kN/m
ks = 600 kN/m
ks = 1,200 kN/m
|F max
s /Fsat |

Figure 5, the parallel spring is unidirectional, meaning that
the spring engages only for ankle angles less than zero
degrees (ankle dorsiflexed). Parallel elasticity increases the
open-loop force bandwidth because force levels borne by
the SEA are effectively lowered. By setting the parallel
spring stiffness equal to the human-controlled dorsiflexion
stiffness (see Table 1, Kp ¼ 630 Nm=rad), the peak SEA
force becomes Fsmax Fsat ¼ 0:023, increasing the bandwidth to
20 Hz (see Figure 4).
In summary, the maximum level of series stiffness that
adequately protects the transmission from damage during heel
strike fails to satisfy bandwidth requirements. As a resolution
to this difficulty, parallel motor elasticity is used to lower the
forces borne by the SEA, increasing force bandwidth to an
acceptable level for biomimetic ankle-foot behavior.

Peak Actuator Force
10–1

10–1

100
101
Frequency (Hz)

102

Figure 4. Force bandwidth due to motor saturation.

Parent Link
SEA

A powered prosthesis must operate for at least one full day on a
single battery charge. Prosthesis energy economy is therefore of
critical importance, especially when one considers the requirement that the prosthesis must be lightweight. We define energy
economy as an energetic cost of transport (COT) or the electrical
energy required to transport unit body weight (amputee þ
prosthesis) in unit distance. We normalize the electrical energy
consumption by body weight times distance traveled given the
fact that a greater amount of ankle net work, and therefore a
greater amount of electrical energy to pay for that net work, is
required to transport a heavier amputee.
What are the stiffness values for the series and parallel springs that
minimize prosthesis COT? To answer this question, we use a
standard dc motor model to
estimate the electrical energy
consumption of the prosthesis.
The equations are as follows:
Tm
I ¼ Inl sgn(h_m ) þ
,
Kt
h_m
V ¼
þ Rm I,
Ke

Transmission
Fe

Motor
Unidirectional
Parallel
Spring

Series Spring

x
Me

R

Pm ¼ IV ,
be

ks

kp

ks

kp
rp
−θ

Foot
Motion

Foot
Moment Arm rp

rs
Text

Spring Rest
Length
(a)

(b)

Figure 5. A powered prosthesis with both series and parallel elasticity: (a) schematic model and
(b) linear model.
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(3)
(4)
(5)

where I, V , and Pm are the
motor current, voltage, and
electrical power consumption,
respectively. Furthermore, Ke ,
Kt , Inl , and Rm are the speed
constant, torque constant, no
load current, and motor resistance, respectively.
Using the reference human
ankle angle and torque trajectories in Figure 1(a), we estimate the required linear motor
movement and its derivatives
(x, x,
_ x€) and also the required
motor torque Tm . We then
SEPTEMBER 2008
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ks (kN/m)

ks (kN/m)

ks (kN/m)

compute the electrical motor power consumption using (3)–(5) converts to 26 J per walking cycle. Using a Li-Polymer battery
and obtain the electrical energy consumption of the motor by [energy density 165 W/h/kg (e.g., www.thunderpowerrc.integrating electrical power (5) over one gait cycle. When com- com)], a 0.22-kg battery would enable 5,000 steps of
puting energy consumption, we assume that only 30% of the powered walking. This battery mass is reasonable as it is the
€
negative electrical energy can be stored and reused to provide same size as the required battery for the Ossur’s
Proprio Foot
the energy for ankle-powered plantar flexion. Figure 6 shows [8] now being sold commercially.
the simulation results of the
prosthesis COT for different
total reduction ratios and stiffProsthesis
Kp = 0.5
Kp = 1
Kp = 0
ness values of series and paralCOT
1,200
1,200
1,200
lel springs. Parallel stiffness,
0.3
normalized by the human1,100
1,100
1,100
controlled dorsiflexion stiff1,000
1,000
1,000
ness of 630 Nm/rad (see
0.25
^
Table 1), is noted as K p on the
900
900
900
upper portion of each graph.
Without parallel stiffness
800
800
800
0.2
(K^ p ¼ 0), the energy con700
700
700
sumption of the prosthesis
is minimal at a total reduc0.15
600
600
600
tion ratio greater than 400
and a series spring stiffness
500
500
500
greater than 400 kN/m. As
0.1
400
400
400
parallel spring stiffness increases
(K^ p > 0), the prosthesis COT
300
300
300
0.05
can attain a lower minimum
value while also requiring a
200
200
200
smaller total reduction ratio
0
and series spring stiffness.
200 300 400 500
200 300 400 500
200 300 400 500
Total
Reduction
Ratio
Total
Reduction
Ratio
Total
Reduction
Ratio
Using a lower reduction ratio
allows the system to have a
larger bandwidth and a faster Figure 6. The effect of total reduction ratio, series stiffness, and parallel stiffness on prosthesis
COT. The total reduction ratio is equal to the SEA moment arm r multiplied by transmission
intermittent response.
energy consumed in one walking
Using step-count moni- ratio R. The prosthesis COT is equal to the amount of electrical
cycle divided by half body weight (0.5 3 78 kg 3 9.8 m/s 2) and the distance traveled during
toring systems, researchers
one walking cycle (1.25 m/s 3 1.1 s cycle time = 1.4 m).
have determined that active
transtibial amputees walk
3,060 6 1,890 steps per day
[49]. Assuming the case of a
nominal male amputee walking for 5,000 steps at a modEnclosure for Holding
erate walking speed, how
Electronics
large would the onboard battery have to be? Using a parStrap for Parallel
allel spring stiffness equal to
(a)
Spring
the human ankle stiffness
^
( K p ¼ 1), and the shockBall Nut and Series
Unidirectional Parallel
tolerant series stiffness of
Spring Cage
Spring
600 kN/m, the optimized
prosthesis COT is 0.05 (see
Ankle Rotational Axis
Figure 6) at an optimal total
reduction ratio greater than,
Maxon EC-Powermax 30
or equal to, 200. For a nomiBrushless Motor
(b)
nal male of 78 kg walking at a
self-selected speed of 1.25 m/s, Figure 7. Powered ankle-foot prosthesis with series and parallel elasticity. (a) The prosthesis is
with a cycle time of 1.1 s (see shown powering an amputee up a flight of stairs. (b) The powered prosthesis is shown including
Figure 1), this COT value all components except for the battery.
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Prosthesis Implementation and Assessment

Acknowledgments

The ankle-foot prosthesis is shown in Figure 7. The prosthesis
weighs 2 kg, which includes a 0.22-Kg battery. The battery
attaches to the prosthetic socket (not shown in Figure 7). The
unidirectional parallel spring is a leaf spring made from carbon
composite material, having a rotary stiffness of 630 Nm/rad.
The series spring is formed by polyurethane material positioned
in series with a ball-screw transmission (Nook ECN-10030LG, 10 mm 3 3 mm), having a linear stiffness of 600 kN/m.
The total reduction ratio is 170. The EC-Powermax 30 motor
from Maxon was selected because of its small size and weight.
Although the control system design for the prosthesis is not
described here, an interested reader can see [34], [35].
During system evaluations, we found that for a 76-kg walking
transtibial amputee, the powered ankle-foot prosthesis delivered a
peak ankle velocity, torque, and power equal to 2.1 6 0.1 rad/s,
141 6 2 Nm, and 230 6 10 W, respectively (N ¼ 8 walking trials
at 1.3 m/s). Furthermore, the powered prosthesis provided a net
positive stance work and controlled dorsiflexion stiffness of 12.6 6
0.2 J and 576 6 5 Nm/rad, respectively. These prosthetic values
agree reasonably well with the target human ankle values listed
earlier in the section ‘‘Biomimetic Design Goals.’’ Furthermore,
the prosthesis required 30 J per step of electrical energy at a 1.3 m/s
walking speed and a cycle distance equal to 1.4 m. Thus, the
prosthesis COTwas 0.06, similar to the predicted value in Figure 6.
The prosthesis is shown to deliver similar ankle dynamics in
walking compared with a biological ankle, but does it have the
capability to improve amputee gait? In a preliminary investigation
on the clinical efficacy of the powered prosthesis [32]–[35], we
measured the rate of oxygen consumption and carbon dioxide
production as a determinant of metabolic rate on three unilateral
transtibial amputees walking at self-selected speeds. With only a
modest accommodation period of approximately two hours, we
found that the powered prosthesis improved amputee metabolic
economy on average by 14% compared with the conventional
passive-elastic prostheses evaluated (Flex-Foot Ceterus and Freedom Innovations Sierra), highlighting the clinical importance of
prosthetic interventions that closely mimic the mass distribution,
kinetics, and kinematics of the missing limb. [Metabolic economy
is defined as the amount of metabolic energy required to transport
unit amputee weight (unit distance). For a detailed experimental
methodology, see [32]–[35].]
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W81XWH-07-1-0343. We would like to acknowledge the
contributions of Manta Designs and Massachusetts Institute
of Technology (MIT) researchers Chris Barnhart, Bruce
Deffenbaugh, and Jeff Weber for their invaluable electromechanical design work.

Conclusions
The minimum level of series compliance that adequately protects the transmission from damage during foot collision fails
to satisfy bandwidth requirements. As a resolution to this difficulty, parallel motor elasticity is used to lower the forces borne
by the SEA, enhancing system force bandwidth. To minimize
prosthesis COTand motor or transmission size, we select a parallel stiffness that supplies the necessary ankle stiffness during
early stance period dorsiflexion, eliminating the need for SEA
during that gait phase. In future investigations, we hope to
apply the ankle-foot design to robotic, orthotic, and exoskeletal applications. In the design of biomimetic ankle-foot systems, we feel both series and parallel motor elasticity are of
paramount importance.
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