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An Ankle-Foot Orthosis Powered 
by Artificial Pneumatic Muscles
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We developed a pneumatically powered orthosis for the human ankle joint. 
The orthosis consisted of a carbon fiber shell, hinge joint, and two artificial 
pneumatic muscles. One artificial pneumatic muscle provided plantar flexion 
torque and the second one provided dorsiflexion torque. Computer software 
adjusted air pressure in each artificial muscle independently so that artificial 
muscle force was proportional to rectified low-pass-filtered electromyography 
(EMG) amplitude (i.e., proportional myoelectric control). Tibialis anterior 
EMG activated the artificial dorsiflexor and soleus EMG activated the arti-
ficial plantar flexor. We collected joint kinematic and artificial muscle force 
data as one healthy participant walked on a treadmill with the orthosis. Peak 
plantar flexor torque provided by the orthosis was 70 Nm, and peak dorsiflexor 
torque provided by the orthosis was 38 Nm. The orthosis could be useful for 
basic science studies on human locomotion or possibly for gait rehabilitation 
after neurological injury.
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Our goal was to develop a lightweight powered orthosis for the human lower 
limb that could comfortably provide plantar flexion and dorsiflexion torque during 
walking. We intended the powered orthosis to be used for basic locomotion stud-
ies in a laboratory or for gait rehabilitation in a clinic. There are several methods 
for studying motor adaptation during walking in animals (Pearson, 2000), but 
the invasive and/or permanent nature of most methods makes them impractical 
for studying motor adaptation during walking in humans. In addition, a powered 
ankle-foot orthosis could be useful in studying the relationship between mechani-
cal work and metabolic cost during human locomotion (Williams, 1985) because 
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direct measurements could be made of external power added by the orthosis. A 
number of robotic orthoses are being tested around the world for gait rehabilitation 
(Hesse, Schmidt, Werner, & Bardeleben, 2003), but none currently provide powered 
plantar flexion. We did not intend this orthosis to be a portable device for healthy 
or for neurologically impaired individuals. As a result, a self-contained computer 
controller and energy supply were not necessary. 

Methods

We constructed the orthosis frame from carbon fiber (Figure 1) after taking a custom 
fit plaster cast of the participant’s lower limb. Plastic joints connected the upper 
shank portion of the ankle-foot orthosis with the lower foot section. Titanium fittings 
were laminated directly into the shell between layers of carbon fiber weave. Steel 
ball joint rod ends (McMaster-Carr, Los Angeles) screwed into the fittings. 

We used pneumatic artificial muscles to provide powered torque to the othosis. 
Recent studies have quantified the force-length, force-velocity, force-activation, and 
bandwidth properties of artificial pneumatic muscles in detail (Davis, Tsagarakis, 
Canderle, & Caldwell, 2003; Klute, Czerniecki, & Hannaford, 2002; Klute & Han-
naford, 2000; Klute & Hannaford, 2000; Reynolds, Repperger, Phillips, & Bandry, 
2003). We constructed the artificial pneumatic muscles using latex tubing for the 
inner bladder, braided polyester sleeving for the muscle shell, plastic pneumatic 
fittings for the endcaps and nozzles, and double ear hose clamps to seal the ends 
(McMaster-Carr, Los Angeles). We cut the sleeving and folded it back on itself 
before sealing the hose clamp in order to provide an attachment loop. Steel wire 
transmitted force from the sleeving loops to the rod ends. 

Dorsiflexor moment arm varied from 14 to 16 cm and plantar flexor moment 
arm was 10 cm for the range of motion during walking. A tension load sensor 

Figure 1 — Powered ankle-foot ortho-
sis. The carbon fiber shell has an arti-
ficial pneumatic dorsiflexor (maximally 
inflated) and artificial pneumatic plantar 
flexor (relaxed) attached via titanium fit-
tings. 
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(Omega Engineering, Stamford, CT) was between the muscle and the rod end to 
measure the force in the muscle. Clear nylon tubing supplied compressed air to the 
muscles (0–70 psi) from a proportional pressure regulator (Festo Corp., Hauppauge, 
NY). The ankle-foot orthosis had a total mass, including artificial muscles and force 
transducers, of 1.6 kg for a 100-kg participant. 

We implemented proportional myoelectrical control through a desktop per-
sonal computer and a real-time control board (dSPACE, Northville, MI). Propor-
tional myoelectric control uses the body’s own muscle activation signals to control 
external devices (Hogan, 1976; Parker & Scott, 1986; Sears & Shaperman, 1991). 
The program regulated air pressure in the artificial pneumatic muscles proportional 
to the processed electromyography (EMG) signal in real time. EMG signals from 
the soleus and tibialis anterior were first high-pass filtered with a second-order 
Butterworth filter (fc = 20 Hz) to remove movement artifact. Then the signals were 
full-wave rectified and low-pass filtered with a second-order Butterworth filter (fc = 
10 Hz) to smooth the signal. After passing through a threshold cutoff to eliminate 
background noise and an adjustable gain to scale the signal, the software sent a 
0- to 10-V analog signal to the proportional pressure regulator. The relationship 
between EMG amplitude and artificial pneumatic muscle force was nonlinear due 
to force-length properties and activation dynamics of the pneumatic muscles. 

We measured the activation dynamics of the artificial muscles in isometric 
conditions on a bench top fixture. Using a function generator, we sent a single 5-ms 
square pulse into the analog-to-digital board of the computer to activate the artificial 
pneumatic muscle. The control software converted the pulse into a control signal as 
described previously, and we recorded tension in the artificial pneumatic muscle. 
We used a zero threshold and the smallest gain that produced a clear twitch in arti-
ficial pneumatic muscle force. We also used soleus EMG to activate the artificial 
muscles on the bench top to calculate electromechanical delay with proportional 
myoelectric control (i.e., time from onset of soleus EMG burst to the increase in 
artificial pneumatic muscle force).

One healthy participant (age 31 years, body mass 100 kg) walked with the 
orthosis to test its performance during gait. The local institutional review board 
for protection of human subjects approved the protocol and the participant gave 
informed written consent. We collected 3-D joint kinematics (6 camera system at 
60 Hz, Peak Motus, Peak Performance Technologies, Centennial, CO) and lower 
limb electromyography from the soleus and tibialis anterior (1200 Hz, Telemyo, 
Noraxon USA, Scottsdale, AZ) as the participant walked on a treadmill at 1.2 m/s. 
We used a modified Helen Hayes marker set and placed markers on the outside of 
the orthosis (Meinders, Gitter, & Czerniecki, 1998). The participant had practiced 
walking with the orthosis on three previous occasions in order to test it as it was  
being developed (approx. 60 minutes of previous walking experience). 

For the proportional myoelectric control, we set the threshold to 25 µV. We 
adjusted the gain to produce a control signal that would have a brief maximum of 
10 volts based on the EMG pattern demonstrated while walking with the passive 
orthosis. We chose this gain to provide the greatest orthosis torque possible while 
still maintaining a proportional relationship. To calculate joint angle displacement, 
we smoothed marker position data with a fourth-order Butterworth low-pass filter 
(fc = 6 Hz) with zero lag (KinCalc, Peak Performance Technologies). Bandwidth 
of the EMG amplifier was 20–500 Hz. After data collection, we processed the raw 
EMG signals with a second-order Butterworth high-pass filter (fc = 20 Hz) with zero 
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time lag and full wave rectification, and then averaged together five consecutive 
stride cycles. We determined time of heel strike from heel marker vertical position 
data. A tether consisting of the plastic compressed air supply line and a cable for 
transmitting the muscle force signal was connected to the participant’s waist.

The participant walked under four test conditions. We first collected data 
without the orthosis and then with the orthosis passive (6 minutes of continuous 
walking each time). For the third condition, soleus EMG controlled the artificial 
plantar flexor and the artificial dorsiflexor was not attached to the orthosis (30 min-
utes of continuous walking). After the third condition, the participant walked with 
the orthosis passive again (15 min of continuous walking). For the fourth condition, 
tibialis anterior EMG controlled the artificial dorsiflexor and the artificial plantar 
flexor was not attached to the orthosis (30 min of continuous walking). After the 
fourth condition, the participant again walked on the treadmill while wearing the 
orthosis passive (15 min of continuous walking). 

Results

For the artificial pneumatic muscle twitch tests, we calculated a time to peak tension 
of 72 ± 5 ms and a half relaxation time of 81 ± 7 ms (mean ± SD). The artificial 
pneumatic muscles had an electromechanical delay of 47 ± 7 ms between EMG 
burst onset and initial rise in artificial muscle tension. 

The ankle-foot orthosis was comfortable to wear and did not interfere with 
walking when worn passively. Muscle activation patterns were very similar between 
walking with no orthosis and walking with the passive orthosis (Figure 2). There 
was slightly less ankle dorsiflexion during the beginning of the swing phase, but 
most joint kinematic profiles were remarkably similar for no orthosis and passive 
orthosis conditions. It appeared that the participant had easily accommodated to its 
added mass within 6 minutes of walking on the treadmill. 

When the artificial plantar flexor powered the orthosis, it provided a large plan-
tar flexor torque during stance (Figure 3). Peak torque provided by the orthosis was 
70 Nm for the first minute of powered plantar flexion (Figure 3A). Peak dorsiflexion 
angle during stance was slightly less and occurred earlier in the stride cycle for the 
first minute of walking with powered plantar flexion, compared to walking with the 
passive orthosis (7 degrees and 47% vs. 15 deg and 53%, respectively). After 30 
minutes of walking with powered plantar flexion (Figure 3B), peak plantar flexor 
torque, peak dorsiflexion angle, and peak dorsiflexion timing (66 Nm, 8 deg, and 
48%, respectively) were similar to the first minute of powered plantar flexion. 

Soleus muscle activation amplitude during the 30 minutes of powered plan-
tarflexion averaged 53% of the amplitude during passive orthosis walking. Tibialis 
anterior activation amplitude during powered plantar flexion averaged 10% higher 
than the passive orthosis condition. After turning off the orthosis at the end of 30 
minutes, muscle activation amplitudes and joint kinematic profiles quickly returned 
to the passive orthosis baseline values collected prior to powered plantarflexion.

When the artificial dorsiflexor powered the orthosis, the added dorsiflexor 
torque decreased the plantar flexion during early stance and throughout the swing 
phase (Figure 4). For the first minute of powered dorsiflexion (Figure 4A), peak 
torque provided by the orthosis was 38 Nm during early stance and 8 Nm during the 
stance to swing transition. As a result, peak plantar flexion during the first minute 
of powered dorsiflexion was 9 deg less during early stance and 12 deg less during 
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the swing phase compared to the passive condition. After 30 minutes of walk-
ing (Figure 4B), peak dorsiflexion torques (38 Nm during early stance and 6 Nm 
during the stance to swing transition) were similar to the first minute of powered 
dorsiflexion. However, peak plantar flexion after 30 minutes of walking was only 
7 deg less than the passive orthosis condition during early stance, and only 6 deg 
less than the passive orthosis condition during swing. 

Tibialis anterior muscle activation during 30 minutes of powered dorsiflexion 
averaged 80% of the passive orthosis condition. Soleus muscle activation ampli-
tude was 82% of the passive orthosis condition during the first minute of powered 
dorsiflexion, but steadily increased during the 30 minutes of walking. By the end of 
the powered dorsiflexion, soleus EMG was 110% of the passive orthosis condition. 
Similar to the powered plantar flexion tests, muscle activation amplitudes and joint 
kinematic profiles quickly returned to baseline after the orthosis was turned off.

Figure 2 — Comparison of muscle 
activation patterns and joint kine-
matics for no-orthosis (black lines) 
and passive orthosis (grey lines) 
conditions. EMG graphs include 
mean profiles of both conditions. 
Joint angle graphs include mean 
profiles of the no-orthosis condition 
(±1 SD) and of the passive orthosis 
condition. Zero degrees represents 
standing posture. Flexion is posi-
tive for knee and hip joint graphs. 
Plantar flexion is positive for ankle 
joint graph. 
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Figure 3 — Comparison of muscle activation patterns and joint kinematics for passive 
orthosis and powered plantar flexor orthosis conditions. Powered condition in A is after 
1 minute of wearing the orthosis; powered condition in B is after 30 min of wearing the 
orthosis (both black lines). Passive condition in both A and B is after 6 min of wearing 
the orthosis (grey lines). EMG graphs include mean profiles of both conditions. Control 
signal, artificial muscle force, and joint angle graphs include mean profiles of powered 
orthosis condition (±1 SD) and of passive orthosis condition. Zero degrees represents 
standing posture. Flexion is positive for knee and hip joint graphs. Plantarflexion is 
positive for ankle joint graph. 
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Figure 4 — Comparison of muscle activation patterns and joint kinematics for passive 
orthosis and powered dorsiflexor orthosis conditions. Powered condition in A is after 1 
minute of wearing the orthosis; powered condition in B is after 30 min of wearing the 
orthosis (both black lines). Passive condition in both A and B is after 6 min of wearing 
the orthosis (grey lines). EMG graphs include mean profiles of both conditions. Control 
signal, artificial muscle force, and joint angle graphs include mean profiles of powered 
orthosis condition (±1 SD) and of passive orthosis condition. Zero degrees represents 
standing posture. Flexion is positive for knee and hip joint graphs. Plantar flexion is 
positive for ankle joint graph. 
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Discussion

This study demonstrated that it is feasible to construct a lightweight powered ortho-
sis providing substantial external torque to the ankle joint during human walking. 
Based on normative data from the literature (Sadeghi, Sadeghi, Prince, et al., 2001) 
and the participant’s body mass, the powered orthosis was able to provide about 
50% of the peak plantar flexor net muscle moment and about 400% of the peak 
dorsiflexor net muscle moment during unassisted walking. The magnitude of the 
dorsiflexor moment provided by the orthosis could easily be scaled down with the 
adjustable gain. 

The results demonstrated a clear reduction in soleus EMG amplitude while 
walking with assistive plantar flexion torque (Figure 3), but it is not possible to draw 
conclusions about joint torque produced by the soleus. It has been well established 
that many factors influence the relationship between surface electromyography 
amplitude and biological muscle force (De Luca, 1997). Muscle length, muscle 
contraction velocity, superposition of motor unit action potentials, motor unit 
firing rate, motor unit size, and fatigue are just a few of the parameters that alter 
the EMG-force relationship. It would be necessary to directly measure Achilles’ 
tendon force (Finni, Komi, & Lukkariniemi, 1998) to determine how the nervous 
system adjusted biological plantar flexor torque in response to the additional arti-
ficial plantar flexor torque.

There are two powered ankle-foot orthoses previously described in the lit-
erature. Blaya and Herr (2004) recently tested a polypropylene ankle-foot orthosis 
powered by a series elastic actuator (mass 2.6 kg). They demonstrated that an 
adaptive impedance controller has good potential for aiding patients with drop-
foot. They did not directly state the amount of torque provided by the orthosis, but 
the impedance and range of motion values given suggest it was on the magnitude 
of 10 Nm at maximum. The other powered orthosis was constructed by Andersen 
and Sinkjaer (1995, 2003). Metal wires transferred mechanical power from an 
electromechanical motor to the orthosis (mass 0.9 kg).

Andersen and Sinkjaer used the orthosis to provide brief position perturba-
tions to the ankle joint as a means to examine stretch reflex contributions to muscle 
activation. Their orthosis provided up to 45 Nm of dorsiflexor torque to the ankle, but 
it was not shown to be able to provide plantar flexor torque during human walking. 
Data presented by Andersen and Sinkjaer suggest that their orthosis has similar force 
bandwidth characteristics as our orthosis, but there is likely an important difference 
in compliance. The wire and motor orthosis has considerable impedance, limiting 
its backdrivability (Reinkensmeyer, Emken, & Cramer, 2004). This was a positive 
aspect of their orthosis given the focus of their research on reflex responses. The 
low compliance and high backdrivability of the artificial pneumatic muscles used 
in the current orthosis are much better suited for mimicking natural gait movements 
(Klute et al., 2002; Klute & Hannaford, 2000).
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