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Detailed descriptions of the control algorithm 

In this section, we provided detailed descriptions of the control algorithm developed in this 

study. The aim of the controller was to emulate intact biological ankle behaviors for given 

muscle activity and the current prosthetic ankle angle and velocity. The controller involved three 

processes: (i) electromyography (EMG) signal processing, (ii) motor intention decoding, and (iii) 

emulation of biological ankle angle- and velocity-dependent torque characteristics.  

Raw EMG signals from major dorsiflexor (tibialis anterior, TA) and plantar flexor 

(gastrocnemius, GAS) were recorded at 2kHz and band-passed with a finite impulse response 

(FIR) filter (stop-band: 0-60 Hz, >360 Hz, pass-band: 90-330 Hz, a stop-band attenuation of 85 

dB, order: 198) and cumulative histogram filter1 to facilitate robust reading within the liner-

socket system. Then, root-mean-square (RMS) of rectified EMG (200 ms window size) was 

normalized by using its minimum and maximum values to compute the EMG envelope. We 

computed muscle activity (𝐴) from the EMG envelope using bilinear muscle activation 

dynamics2 (time constants: 𝑡act = 10 ms, 𝑡deact = 50 ms).  

We decoded motor commands using the TA and GAS muscle activities (𝐴TA and 𝐴GAS) 

by continuously estimating two control variables: the target equilibrium joint angle (𝜃ref) and 

impedance modulation level (𝜇𝑍). 𝜃ref was computed by the weighted muscle pair activity 

differences (𝑘GAS𝐴GAS − 𝑘TA𝐴TA) filtered by a critically damped mass-damper-stiffness model 

(2nd order low-pass filter, cut-off frequency = 6 Hz). We determined the coefficients 𝑘GAS and 

𝑘TA so that 𝜃ref varied between maximum dorsiflexion (𝜃max,DF) and plantar flexion (𝜃max,PF) of 

the powered prosthetic ankle. 𝜇𝑍 was computed by the weighted muscle pair activity sum 

(𝑘GAS𝐴GAS + 𝑘TA𝐴TA) normalized by its maximum value to vary between 0 and 1. Due to 

differences in motor coordination during dorsiflexion (DF) and plantar flexion (PF), the 

maximum value of 𝑘GAS𝐴GAS + 𝑘TA𝐴TA was different for DF and PF. Therefore, we used 

different maximum values (𝑁DF and 𝑁PF) to normalize 𝑘GAS𝐴GAS + 𝑘TA𝐴TA depending on 

prosthetic actuation direction. The actuation direction was determined by the sign of the 

difference (𝛿) between 𝜃ref and the actual prosthetic ankle angle (𝜃); DF: 𝛿 < 0, PF: 𝛿 ≥ 0. 

Subject-specific, neural-decoding parameters were determined based on EMG profiles during 

full DF and PF movements of the phantom ankle joint while each subject stood on their 

biologically-intact and bionic limbs. 

The target joint torque command (𝜏ref) consisted of active (𝜏act) and passive (𝜏psv) 

torques. We implemented both 𝜏act and 𝜏psv based on the impedance control architecture3–5, i.e. 

𝜏act = 𝐾(𝜃, 𝜃̇, 𝐴)𝛿, 𝜏psv = 𝐾psv𝛿 − 𝐷psv𝜃̇. 𝐾(𝜃, 𝜃̇, 𝐴) was modeled with a biological ankle 

angle-torque (𝐾𝜃) and velocity-torque (𝐾𝑣) characteristics6,7 and was scaled by 𝜇𝑍, i.e. 

𝐾(𝜃, 𝜃̇, 𝐴) = 𝐾𝜃𝐾𝑣𝜇𝑍. Meanwhile, |𝛿| has 𝜃 dependent range that can vary as |𝛿| ≤ |𝛿DF| =

|𝜃max,DF − 𝜃| for DF and |𝛿| ≤ |𝛿PF| = |𝜃max,PF − 𝜃| for PF. To cancel out this additional joint 

angle dependency (note that the angle dependent biological ankle characteristics were accounted 

for by 𝐾𝜃), 𝛿 was scaled as 𝛿/|𝛿DF| for DF and 𝛿/|𝛿PF| for PF. Meanwhile, to avoid the 

denominators becoming zero, |𝛿DF| and |𝛿PF| were maintained at 1 deg for values that were 

below 1 deg. This is equivalent to gradually decreasing the maximum joint torque to zero when 



the ankle is less than l deg from the end of the powered prosthetic ankle range of motion (ROM) 

and being driven towards it (software hard-stop). Because the 𝐾𝜃 and 𝐾𝑣 are different for DF and 

PF, we implemented corresponding joint characteristics for each movement (DF: 𝐾𝜃,DF and 

𝐾𝑣,DF, PF: 𝐾𝜃,PF and 𝐾𝑣,PF) using numerical biological ankle models from previous literature6,7. 

Altogether, 𝜏act = 𝐾𝜃,DF𝐾𝑣,DF𝜇𝑍𝛿/|𝛿DF| for DF and 𝜏act = 𝐾𝜃,PF𝐾𝑣,PF𝜇𝑍𝛿/|𝛿PF| for PF where 

DF: 𝛿 < 0, PF: 𝛿 ≥ 0. Notably, for the maximum DF or PF motor intention (i.e. 𝜇𝑍 = 1, 

𝛿/|𝛿DF| = −1 or  𝛿/|𝛿PF| = 1), 𝜏act follows the maximum DF or PF active joint torque values 

of the biological ankle for given joint angle and velocity (i.e. −𝐾𝜃,DF𝐾𝑣,DF for DF and 𝐾𝜃,PF𝐾𝑣,PF 

for PF) unless the ankle is near and being driven towards the end of ROM. For non-maximum 

DF or PF motor intention, 𝜏act interpolates the active joint torque values based on the impedance 

control structure (i.e. target joint angle and impedance modulation). The passive joint impedance 

was set as 𝐾psv = 0.45 Nm deg-1 and 𝐷psv = 0.02 Nm s deg-1 to ensure a joint stability under 

zero muscle activity. 

A single board computer (SBC; ODROID-XU4, Hardkernel, South Korea) performed 

high-level computations for bionic control at 1kHz. The SBC communicated with low-level 

motor drivers (FlexSEA8, Dephy, USA) and sensor units using a controller area network (CAN) 

communication protocol. The joint angle was measured by 14-bit magnetic encoders (AS5047P, 

ams AG, Austria) placed at the prosthetic joint, and torque values were computed from a 

prosthetic ankle moment arm and force measurements by strain gauges (MMF307425, Micro-

Measurements, USA). Low-level torque control was implemented by back calculation of target 

force values from target torque values using the moment arm, which was then achieved by 

proportional control with damping injection based on force feedback from the strain gauges.  
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