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Abstract

Despite the increasing interest in using powered ankle-foot orthoses for assistive purposes, their development and
benchmarking still present core challenges. Powered orthoses have to be safe and provide adequate torque while keeping
limited size and weight. The discordance of these requirements is a challenge for the development of these devices.
This paper describes the control strategy and characterization of a compact variable stiffness actuator, to be used in an
assistive ankle-foot orthosis for impaired subjects. The results of the characterization experiments show the advantageous
behavior of the actuator and its performance in providing different relevant assistive torque profiles, with different actuator
stiffnesses, during emulated walking experiments. However, some divergences in the results obtained in different testing
conditions highlight the need for more general benchmarking techniques. Towards this objective, the paper also proposes a
novel performance indicator that can be used to better evaluate the performance of robotic actuators both in quasi-static
and in dynamic conditions. The article concludes with a call for research on new benchmarking techniques, to understand
more in-depth series elastic’s actuators behavior under dynamic conditions.

Keywords: Ankle actuator, Variable stiffness actuator, Series elastic actuator, Benchmarking, Assistive robotics, Wear-
able robot

1 Introduction

The research and development of robotic exoskeletons have achieved a great success in the last few decades [1]. A significant
portion of the rising interest for these devices is due to their potential in assisting and rehabilitating impaired or weakened
individuals with respect to more classical therapeutical techniques [2–4]. One of the main problems that these subjects
experience is the motor impairment that affects their mobility [5]. At the ankle joint level, the most common consequences
of ankle impairment are the reduced forward propulsion during late stance and the lack of foot clearance during swing.

Strategies conventionally used to improve the gait pattern of subjects with paretic ankle are the use of a passive ankle-
foot orthosis (AFO) and functional electrical stimulation (FES) devices. Passive AFOs are commonly used as daily-wear
devices due to their simplicity, compactness, and durability [6, 7]. The biomechanical benefits offered by passive AFOs
are the prevention of foot drop during swing and the stabilization of the user’s ankle during stance [6, 8]. However, they
do not provide adequate ankle plantarflexion torque at the push-off, they do not improve gait velocity or stride length.
Furthermore, due to their passive nature, they cannot adapt to changes in the environment and nonwalking tasks [6–9].
Contrary to passive AFOs, FES is an active approach to assist the user’s paretic ankle. FES has shown some advantages
as a device for permanent assistance to the user, but its extended use is limited due to some drawbacks [7, 10]. First of
all, FES requires careful positioning of electrodes on the user’s leg on a daily basis. Furthermore, it implies the use of
a personalized custom device for each patient that has to be programmed using trial-and-error methods and qualitative
measurements. In addition to this, its employment is limited by the fact that it induces muscle fatigue [6, 7, 10,11].

Recently, several powered ankle-foot orthoses (PAFOs) to assist or rehabilitate impaired patients have been devel-
oped [7, 9, 10, 12–21], and some of them have been tested on impaired patients [22–26]. The preliminary results of these
studies have shown the capabilities of PAFOs as assistive or rehabilitative devices for these patients. When walking
or training with the PAFOs, impaired patients improved their ankle range of motion (ROM) [22–24] and reduced the
occurrence of drop foot [25,26]. Furthermore, PAFOs helped increase the subjects’ walking speed [23,26] and cadence [24].

Nevertheless, some challenges still remain regarding the development of PAFOs and their use as daily assistive and
rehabilitative devices. Veale et al. [2] listed the requirements that the actuators of powered orthoses should fulfill to be

∗Corresponding author: marta.moltedo@vub.be
Co-authors’ emails: gaia.cavallo@vub.be, tbacek@vub.be, john.lataire@vub.be, Bram.Vanderborght@vub.be, Dirk.Lefeber@vub.be,
Carlos.Rodriguez.Guerrero@vub.be

1



acceptable to their users. The requirements presented in [2] are divided into performance (e.g. they should be compliant,
provide high power and forces, match the user’s motion, and be easy to control), physical (e.g. they should have a low
mass and size, be of low cost, modular, and quiet), and safety requirements (e.g. the available ROM, the applied speed
and force should not be harmful for the user) criteria. The challenge in designing the actuators for these devices comes
from the fact that some of these requirements are conflicting. In general, to keep the size and weight of a PAFO low,
researchers are choosing tethered, unportable actuation solutions, in which heavy components are placed off-board [14,22].
These actuators may be good for rehabilitative devices used in hospitals or rehabilitation centers, but they do not meet
the requirements of assistive devices where portability is the key requirement. On the other hand, those actuators that
have been designed to be portable come at the cost of having either a higher weight and size or being limited in the
torque that they can provide [15, 16, 25, 26]. Another constraint comes from the need of having a device that is compact
yet compatible with the user’s motion. Although the biological ankle joint has three degrees of freedom (DOFs), most
of the developed PAFOs have actuators in the sagittal plane only. An exception is the PAFO presented in [23], in which
a two-DOFs actuator (plantarflexion/dorsiflexion and inversion/eversion) is implemented. The downside of actuating an
additional DOF is very often a bulkier design when compared to the devices with a single active DOF.

Variable stiffness actuators (VSAs) have witnessed growing interest from the robotics community since their introduc-
tion in the early years of this century [27]. Some examples of actuators that employ variable stiffness actuation concepts
are MACCEPA [28], ARES [29], VSA-II [30], AwAS [31], AwAS-II [32], CompAct-VSA [33], RotWWC-VSA [34], and the
actuation systems presented in [35, 36]. An extensive review on VSAs is given in [37]. The interest in VSAs in the fields
of assistive and rehabilitation robotics is due to their potential to fill the gap between the conventional stiff actuators
and the adaptable compliance of biological systems. As compared to conventional stiff actuators, VSAs have favorable
characteristics such as the ability to minimize large forces due to shocks, the energy-efficiency due to their capability
to store and release energy, the robustness to external perturbations or unpredictable model errors, and their versatil-
ity [27, 34, 35, 37, 38]. Furthermore, the adjustable compliance of VSAs is of great interest in circumstances in which the
robots have to interact with humans or with an unknown environment to achieve a safer and more natural interaction
between the robot and the user and/or the environment [27, 34, 35, 37, 38]. Although the benefits of VSAs are well recog-
nized in the field of wearable robotics, the employment of VSAs in assistive and rehabilitation devices is limited by the
complexity, size, and weight of these actuation systems [34,39]

The aim of this paper is to present the control and characterization of a variable stiffness ankle actuator to be used in
an assistive PAFO for impaired patients. The design of the actuator already presented in [8] is based on the MACCEPA
concept [28]. The presented actuator meets many of the above-mentioned requirements of the powered orthoses’ actuators.
It is compliant, compact, lightweight, bidirectional (i.e. able to assist a user in both dorsiflexion and plantarflexion), and
its ROM is compatible with that of the biological ankle joint during walking. Furthermore, the actuator’s modular design
allows it to be used in either a PAFO or as an ankle actuator of a lower-limb exoskeleton.

The actuator’s controller presented in this paper allows tuning the assistance to the ankle joint of the user during
walking. This controller is composed of an outer open loop torque controller and two inner closed loop controllers, in
position and velocity, respectively. The performance of the actuator and its controller in providing different assistive
torque profiles has been tested in a test bench and the results of these experiments are presented in the paper. The
similarities and the divergences of the results obtained in the quasi-static and dynamic conditions are discussed in the
paper. Furthermore insightful results on the role and importance of both are analyzed. For the purpose of developing a
more general evaluation of the actuator performance, that can be valid under different conditions, the paper proposes a
novel indicator to evaluate the tracking performance of the actuator.

The remainder of the paper is organized as follows. Section 2 is a brief summary of the design and working principle of
the ankle actuator. Section 3 presents the implementation of the actuator’s control strategy. The test bench used for the
characterization of the actuator and the results of the benchmarking experiments are presented in Section 4 and Section 5,
respectively. Section 5 also introduces the implementation of the novel performance indicator. Some discussions and final
remarks on the presented work are given in the last two sections of the articles.

2 Design of the Ankle Actuator

The working principle and the mechanical design of the ankle actuator are briefly described in this section. More details
about the design of the actuator are given in [8]. The ankle actuator is based on the MACCEPA [28]. The MACCEPA is
a torque-controlled VSA that behaves as a torsion spring and makes it possible to independently control its joint stiffness
and equilibrium position. The schematic drawing of the ankle actuator and its working principle are shown in Fig. 1.
At the equilibrium position, which is the configuration in which the MACCEPA exerts no torque, the leverarm and the
output link are aligned (α = 0). When the positions of these two links diverge, a compression force in the spring produces
a torque re-aligning the output link to the leverarm in the new equilibrium position. For a given precompression (P ), the
torque provided by the MACCEPA (τ) is a non-linear function of the deflection angle (α). The angle-torque characteristic
of the MACCEPA is given by:

τ = fMACC(α, P ) = k ·B · C · sin(α) ·
(

1 +
P − |C −B|

A(α)

)
(1)

with B and C being physical dimensions of the actuator, k being the spring constant, and A(α) is calculated as follows:√
B2 + C2 − 2 ·B · C · cos(α) (Fig. 1). Positive or negative torques can be exerted depending on the sign of α. The

2



Spindle-
drive

Motor Side
Leverarm

Output Link

Fixed Link

p gS rin Side
Leverarm

A
(α
)-
|C
-B
|+
P

A(α)

C

B

α

θ

φ

Figure 1: Schematic drawing of the ankle actuator presented in the paper. The MACCEPA parameters (B, C, P , and
A(α)) are shown. ϕ, also called leverarm angle, and θ, the angle that corresponds to the biological ankle angle, are
defined to be equal to zero when they are perpendicular to the fixed link, to conform to the notation of the biological
ankle angle [40]. The compression of the spring (A(α)− |C −B|+P )) changes due to the variation of A, as consequence
of α, and/or by setting a different precompression level (P ).

angle-torque characteristic of a specific actuator can be modified from stiffer to more compliant by adjusting the spring
precompression (P ).

The actuator is designed as a compact spindle-driven MACCEPA. This design has two main characteristics: a motor-
spindle combination drives the leverarm and the leverarm houses the spring of the actuator [8, 41, 42]. This design
confines the physical dimensions of the actuator and improves its inertia distribution. The MACCEPA parameters and
the physical components of the actuator were defined based on a constrained minimization whose objective was to minimize
the actuator’s energy consumption while delivering a scaled biological ankle angle-torque characteristic (peak torque of
50Nm). The step time of the scaled angle-torque characteristic was increased to 2.73 seconds (compared to the natural
step cadence of 1.14 seconds [40]) due to the fact that the actuator is intended to be used in an assistive device for impaired
subjects who often walk at slower walking speeds [11,43,44].

Based on the results obtained by the minimization process, a SODEMANN ISO die compression spring (spring constant
74700N/m), a Maxon EC-i40 70W brushless motor (nominal voltage 36V) and a Maxon Spindle Drive GP32S Ballscrew
�10x2 (spindle length 0.08m) with 3.7:1 gear reduction were selected. The length of the spindle was chosen to obtain
a ROM for the actuator that is suitable during walking (32◦ in plantarflexion and 21◦ in dorsiflexion). The spring
precompression level can be changed manually by means of a precompression mechanism, as described in [8]. An absolute
magnetic encoder (AS5048A, SPI type, 6pins, 5V, 14-bit) and an incremental optical encoder (US Digital HUBDISK-2-
2000-625-IE, module EM1-2-2000-I, DI/O type, 5 pins, 5V) are used to measure the leverarm angle (ϕ) and the biological
ankle angle (θ), respectively (Fig. 2). An in-house communication board [45] was used to read the signals from the two
sensors. The ankle actuator is tethered with off-board electronics and batteries.

3 Control Architecture

The control architecture of the actuator is divided into two layers - a low-level and a high-level controller. The low-level
controller is a cascade controller that is composed of an outer torque control loop and two inner control loops, as shown
in Fig. 3 and explained in more details in section 3.1. The aim of this controller is to drive the motor-spindle combination
to track the torque profile (τref) generated by the high-level controller. During walking experiments, the reference torque
profile is designed to assist a user in plantarflexion during the push-off phase and in dorsiflexion during the swing and
loading response. The torque profile generation is based on the gait phase of the current step (estimated from the gait
events and the expected gait time) and predefined parameters defining the assistance profile, as explained in Section 3.2.

3.1 Low-Level Controller

The goal of the low-level controller is the tracking of the desired torque profile (τref) generated by the high-level controller.
It is known that one of the advantages of SEAs is the possibility to transform a force (or torque) control problem into
a position control problem [46]. In the MACCEPA, the torque delivered by the actuator is a non-linear function of the
deflection angle (α) and the spring precompression level (P ), as shown in Eq. 1. Thus, knowing the desired torque (τref)
and the spring precompression level, the deflection angle needed to achieve the desired torque (αref) can be found by
inverting the function fMACC describing the behavior of the actuator (Eq. 1):

αref = f−1
MACC(τref , P ) (2)

The function f−1
MACC can be approximated analytically, as shown in [39]. However, depending on the actuator’s

complexity, the analytical approximation of this inverse function is not always straightforward. Alternatively, the deflection
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Figure 2: Realization of the ankle actuator presented in the paper. With respect to the conventional design of the
MACCEPA [28], in this actuator, only the equilibrium position can be controlled by a motor. Nevertheless, the stiffness
of the actuator can be changed offline manually by means of a pre-compression mechanism. The actuator weighs 1.18kg
(including the sensors but excluding the electronics and batteries). When attached to the user, the fixed link is attached
to the shank and the output link is attached to the foot.
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Figure 3: Outline of the controller of the ankle actuator. The high-level controller generates the torque reference (τref)
to be tracked. The low-level controller is a cascade controller. This controller takes as inputs the reference torque (τref),
the spring precompression level (P ), the actual biological angle (θmeasured), the actual leverarm angle (ϕmeasured) and
the actual motor velocity (V elmeasured) and it drives the motor-spindle combination to track the reference torque. The
cascade controller is composed of three loops. The outer loop is an open loop torque controller and the two inner loops
are a position and a velocity control loop, respectively.

angle α needed to achieve the desired torque τref can be found by means of the following minimization process:

minimize
α

(τref − fMACC(α, P ))2

subject to αmin ≤ α ≤ αmax

(3)

In the real application scenarios, the desired α has to be computed at the control loop’s working frequency (1 kHz in the
case of the presented actuator). Given this and the available computing resources, it is not possible to achieve a real-time
convergence of the optimization problem defined in Eq. 3. To account for this, a dataset of the simulated angle-torque
characteristics of the actuator was generated using Eq. 3 for five spring precompression levels (from 20% to 60% in steps
of 10%) and torque ranging from -80Nm to 80Nm. This dataset was divided into three subsets with 70%, 25%, and 5%
of the data which were used to train, validate, and test a multilayer perceptron (MLP), respectively. The MLP consists
of two afferent neurons followed by a hidden layer with 20 neurons and it was used to map the inputs (τref and P ) to the
corresponding output (αref). The output fitting regression coefficient of the trained MLP was equal to 0.99999.

In other words, the MLP produces a prediction for the output αref that, summed up with the measured ankle angle
(θmeasured), becomes the reference setpoint for the position control loop of the cascade controller (Fig. 3). The position
controller is composed of two branches. The first one is a feedback branch with the proportional controller (KP) that
generates the desired motor velocity (V elP) based on the angle error. The second branch is a feed-forward branch which,
based on the physical parameters of the ankle actuator, calculates the desired motor velocity (V elFF) to track ϕref in an
open loop. The feed-forward controller was added to the control loop since it was not possible to achieve good performance
by the feedback action alone. For a more detailed explanation of the feed-forward term derivation, the reader is referred
to the Appendix A. The reference motor velocities generated by the feedback and feed-forward branches of the position
controller (V elFF and V elP) are summed up, saturated at the maximum speed of the motor-spindle combination (10000
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rpm), and sent as the commanded setpoint velocity (V elsetpoint) to the inner velocity loop executed on the Maxon EPOS
driver to track the desired reference torque.

3.2 High-Level Controller
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Figure 4: Biological ankle angle and torque in the sagittal plane of a healthy subject (75kg) during natural walking
(4.7km/h) [40]. The negative values represent plantarflexion angles and torques. During the loading response, the ankle
plantarflexes in a controlled manner to allow the foot to make a gradual contact with the ground. After foot flat, during
the mid-stance phase, the ankle dorsiflexes until the heel loses contact with the ground. After the heel-off, during the
terminal stance, the ankle plantarflexes while generating a propulsive force to propel the body forward and transfer the
body weight to the contralateral leg in the pre-swing phase. These last two phases are also called push-off. At toe-off
(vertical dashed line), the stance phase ends and the swing phase starts. In this phase, the ankle dorsiflexes to achieve
foot clearance and to prepare for the heel strike of the next step [47]. The figure showing the gait cycle and its subphases
is adapted from [48].

During walking experiments, the goal of the high-level controller is to generate a torque profile to assist the ankle joint
of a user. The biological ankle angle and torque of a healthy subject during ground level walking are shown in Fig. 4.
Compared to healthy subjects, subjects with impaired ankle capabilities show an altered gait pattern [11]. At the ankle
joint, they generally show a reduced ankle ROM in the affected leg. Another common deviation at the ankle joint is drop
foot, i.e. the inability to properly lift the foot [11]. The main consequences of drop foot are toe drag during the swing
which impedes the correct foot clearance, foot slap during the loading response, and the initial toe contact (as opposed
to a heel contact in healthy persons). Furthermore, impaired subjects usually show a decreased plantarflexion moment
during forward propulsion [11] and a decreased plantarflexion angle at toe-off [43,49]. In addition, subjects with unilateral
impairment generally show a gait pattern which favors the affected limb, resulting in a shorter stance phase and a longer
swing phase in the paretic limb with respect to that of the unaffected one [50,51].

To tackle some of these impairments and consequently improve the walking pattern of impaired subjects, the assistive
parametric torque profile is generated by the high-level controller that assists the ankle joint in specific phases of the gait
cycle (Fig. 5). Dorsiflexion torque is provided by the ankle actuator during the loading response and the swing phases
with the aim of improving toe clearance and avoid foot slap in patient with impaired dorsiflexors, as for example drop
foot patients. In addition, to improve the forward propulsion of impaired subjects, plantarflexion torque is provided by
the actuator during the push-off phase. The torque profile is generated in real time during each gait cycle using a state
machine that takes as inputs the parameters that describe the torque profile during the gait cycle (shown and described
in Fig. 5) and the data from two footswitches attached under the heel and the toes of the user, respectively.

Figure 6 shows a schematic drawing of the state machine of the high-level controller. The state machine has four states,
called loading response (LR), mid-stance (MD), push-off (PO) and swing (SW). After the detection of the first heel strike,
the state machine switches from one state to the following one based on the transition conditions described in the figure.
The swing torque parameter (SwTq) is initially set to a predefined value. However, during the swing phase, the level of
this parameter is automatically increased or decreased based on the biological ankle angle of the user. If the ankle angle
is more plantarflexed than a minimum desired ankle angle, the swing torque parameter is increased. On the contrary, if
the ankle angle is more dorsiflexed than a maximum desired ankle angle, the swing torque parameter is decreased. At the
end of the swing state (SW) the current adapted value of SwTq is set as the predefined value for the next step.

To set the parameters that are defined based on a percentage of the gait cycle (eLR, OnT, PT, OffT, and BSwT),
the high-level controller needs to predict the duration of the gait in time. At each heel strike, the high-level controller
calculates the expected gait time of the current step as an average of the gait times measured during 10 steps that precede
the current one. This choice was taken to be able to adjust the expected gait time to possible gait pattern variations
during the experiments.
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Figure 5: Parametric torque profile created by the state machine of the high-level controller during walking experiments.
The generation of the torque profile is based on several parameters (shown in the figure) and the information gathered
from two footswitches. The parameters that define the torque profile are: the instant in which the torque provided during
loading response is zeroed (eLR); the instants in which the push-off torque starts being provided, reaches its peak, and is
zeroed (OnT, PT, and OffT, respectively); the instant in which the torque provided during swing reaches its predefined
value (BSwT); and the values of the peak push-off torque (POTq) and swing torque (SwTq). The parameters eLR, OnT,
PT, OffT, and BSwT are defined as a percentage of a gait cycle. Plantarflexion and dorsiflexion torques are represented
by the negative and positive directions, respectively.

LR MD PO SW

HSw = on &
TSw = off

HSw = on &
TSw = on &
%G = eLR %G = OnT

HSw = off &
TSw = off

HSw = on &
TSw = off

State actions:

- LR: torque decreased from SwTq at the end of the 
previous SW to zero in a time equal to eLR

- MD: zero torque

- PO: torque decreased from zero to POTq in a time 
equal to the difference between PT and OnT. When 
PT is reached, the torque is increased to reach zero in 
a time equal to the difference between OffT and PT

- SW: torque increased from value at exit of PO to 
SwTq in a time equal to the difference between BSwT 
and OffT

Figure 6: Schematic drawing of the state machine of the high-level controller. The transition conditions and the actions
taken in each state are described. The items in bold are the parameters of the torque profile (as described in Fig. 5) and
the footswitches signals. HSw and TSw stand for heel and toe switch, respectively. The footswitches are considered on
when the foot is in contact with the ground. %G stands for the percentage of a gait cycle.

4 Test Bench for Experimental Validation

The evaluation of the performance of the ankle actuator was carried out on the test bench shown in Fig. 7 and described
in more details in [8,39]. It consists of a cage, a Beckhoff servomotor (AM8032, 3-phase, rated power 0.8kW, rated torque
2.26Nm, max speed 10000rpm, with 40:1 NP03535S planetary gearbox), named in the following test bench limb emulator,
a torque sensor (DRBK, ETH Messtechnik, 200Nm, 0.0122Nm resolution) and two flexible couplings (ETH Messtechnik).
The main control loop was running in MatlabR©real-time target at 1KHz with EtherCAT real-time communication protocol
in the Beckhoff TwinCATR©environment [52] on an Intel i7 core laptop with 16GB RAM.

During the experiments, the test bench was used in two different configurations. In the quasi-static benchmarking, the
output link position was fixed and its rotation was prevented. This set of experiments was performed to characterize the
behavior of the actuator. In the dynamic benchmarking, the test bench limb emulator was controlled to follow biological
ankle angle trajectories and drive the output link of the actuator to emulate the ankle motion of a user during walking. To
obtain these trajectories, a healthy subject (male, 27years, 1.81m, 69kg) walked on a treadmill at three different velocities
(1km/h, 3km/h, and 4.5km/h), 10 minutes per trial. Sixteen reflective markers were placed on his lower limbs to record
the lower limbs joint kinematics during walking using a 6-camera motion capture system (VICON, Oxford, UK; 100 Hz
sample rate). The reconstruction of the lower limbs joint angle trajectories was performed using Vicon Nexus motion
capture software (Oxford Metrics, UK). The angles were filtered using Woltring filtering routine. Gait cycle events (heel
strike, foot flat, heel-off, and toe-off) were calculated from the position of the markers placed at the feet of the user,
using algorithms similar to the ones described in [53–55]. These events were used to generate the signals coming from
virtual footswitches to be used, together with the ankle angle, as input signals to the high-level controller, as explained
in Section 3.2. The left ankle data and gait cycle events from the last 3 minutes of each walking trial were used in the
evaluation of the performance of the ankle actuator in the dynamic benchmarking experiments, as explained in Section 5.2.
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Figure 7: Test bench used for evaluating the performance of the ankle actuator. The actuator is connected to the test
bench cage at the points foreseen for the connections with the shank cuff and the footplates of a PAFO. During the
quasi-static benchmarking, the upper coupling was rigidly fixed to the cage, while in the dynamic benchmarking it was
connected to the output shaft of the test bench limb emulator (as shown in the figure).

5 Results

5.1 Quasi-Static Benchmarking

As already mentioned, in the quasi-static benchmarking tests, the rotation of the output link is prevented. During the
experiments, the output link was fixed to the position in which the angle θ is equal to zero. Thus, the leverarm (ϕ) and
alpha (α) angles in the experiments performed in this set of tests coincide (ϕ = α) (Fig. 3).

5.1.1 Behavior Characterization

The first set of tests was performed to compare the experimental angle-torque characteristic of the actuator with the one
predicted from the MACCEPA model (Eq. 1) for different spring precompression levels. For this test, the feed-forward
component of the position control loop of the cascade controller was not used. A step function was used as position setpoint
reference (αref), thus, the MLP was not used in this test. The experimental angle-torque characteristics were evaluated for
precompression levels between 20% and 60%. As it can be seen from Fig. 8, the actual angle-torque characteristics closely
follow the ones predicted by the MACCEPA model (Eq. 1), except for the hysteresis presented by the experimental data.
Furthermore, at the peaks, the actual torque overshoots with respect to the torque predicted by the MACCEPA model.

Another set of tests was performed to provide a characterization of the behavior of the actuator. Three measurements
were performed, each with a different spring precompression (20%, 30%, and 40%, respectively). As for the tests described
above, the MLP was not used. The reference setpoint angle (αref) was a multisine signal with a maximum excitation
frequency of 15 Hz and a maximum amplitude of 11 degrees. The multisine was defined over a time window of 10 s,
and it contained only the sine waves with an excitation frequency equal to an integer multiple of 1/10 Hz. To detect if
the actuator was linear, only some of the odd multiples of the frequency resolution were randomly selected as excitation
frequencies [56]. Finally, three identical repetitions of the multisine signal were applied to the system, resulting in a
measurement time of 30 s.

When a tailored designed multisine is used as a perturbation, the distribution of the power of the output in the
frequency highlights the presence of nonlinearities in the system [57] and can be used to get more information about the
underlying mechanical source of the nonlinearities [58]. Furthermore, the use of multiple repetitions of the same multisine
allows detecting the noise level from the output spectrum.

The results of the spectral analysis when the spring precompression level is 40% are shown in Fig. 9. The power at
the excited frequencies is higher than that at the nonexcited frequencies. However, the system has odd nonlinearities
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Figure 8: Experimental and simulated angle-torque characteristics of the ankle actuator for spring precompression levels
from 20% to 60%. The experimental data were obtained following a step function position reference (αref) with amplitude
increasing from 3 to 15 degrees (with the exception of the experiments performed with 60% of spring precompression).
The actual torque was measured through a torque sensor.

which have a significantly higher amplitude than the noise. Therefore, it can be concluded that the actuator behaves as
a nonlinear system with predominant odd nonlinearities. One of the possible causes of this behavior is the saturation of
the desired setpoint velocity in the cascade controller which, being symmetrical with respect to the origin, represents a
typical odd nonlinear phenomenon.
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Figure 9: Frequency spectrum of the reference (black dots) and measured α angle. The linear excitation frequencies
(blue circles) and the odd (orange squares) and even (green diamonds) nonexcited frequencies of the measured α angle
are shown, together with the noise frequencies (gray crosses). It can be noticed that the power at the odd nonexcited
frequencies has a magnitude around 40 dB higher than that of the noise level, while the power at the even nonexcited
frequencies is barely higher than the noise level.

A further analysis was performed to assess whether the saturation was the only source of odd nonlinearities or whether
there are nonlinearities coming from the actuator as well. The analysis was performed in a simulated environment repre-
senting the ankle actuator and its cascade controller (Fig. 3), in which the actuator was modeled as a linear time-invariant
(LTI) system. The LTI model of the actuator was computed using the Frequency Domain toolbox accompanying [57] and
selecting the Bootstrapped total least squares method as the identification method [59].

The order of the numerator (nb = 0) and of the denominator (na = 3) of the transfer function of the LTI model was
selected in order to minimize the normalized RMS error between the α angle measured during the experiments and the
αsimulated angle obtained as the output angle in the simulated environment. The normalized RMS error is computed as:

Errornorm =
RMS(αmeasured − αsimulated)

RMS(αmeasured)
· 100 (4)
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The close match of the measured and the simulated α angle (Fig. 10) shows that, for the tested conditions, a linear
model can accurately approximate the dynamics of the actuator. Therefore, the nonlinearities can be mainly explained by
the saturation of the setpoint velocity.
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Figure 10: Measured and simulated α angle, for a spring precompression of 30%. The simulated α angle was obtained
by fitting an LTI model with na = 3 and nb = 0. For such a combination, the normalized RMS error between the
measured and simulated α angle was of 9.6%.

5.1.2 Torque Bandwidth Evaluation

In literature, a common method to report the performance of actuators is the evaluation of their torque bandwidth,
defined by the cut-off frequency which is the frequency at which the input torque is attenuated by -3 dB [39, 60–63].
As opposed to the input-independent bandwidth of LTI systems, the bandwidth of nonlinear systems depends on the
properties of the input signal. In the rest of the article, the actuator’s signal-dependent bandwidth will be called apparent
bandwidth, to differentiate it from the signal-independent bandwidth of LTI systems. Specifically, the apparent bandwidth
of the presented actuator depends on the amplitude of the torque reference signal and on the spring precompression
level. Thus, several tests were performed to assess the actuator’s apparent torque bandwidth for different combinations
of these parameters. For each test, the torque reference signal (τref) was defined as a multisine wave with predefined
maximum frequency and amplitude. The reference and measured torque signals were used as the input and output data
for the estimation of the transfer function of the system. This was done by means of the system identification toolbox
in MatlabR©. The apparent bandwidth of the system was determined from the cut-off frequency of the Bode plot of the
selected transfer function of the system. The resulting apparent bandwidth of the actuator is shown in Fig. 11. As it can
be seen from the figure, the apparent bandwidth of the actuator varies from about 2Hz to 28Hz, depending on the spring
precompression (P ) and the amplitude of the torque reference (τref).
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Figure 11: Representation of the apparent bandwidth of the ankle actuator for different spring precompression levels
(20%, 30%, 40%, 50%, and 60%) and peak torque amplitudes (5Nm, 15Nm, 30Nm, 50Nm, and 60Nm). As expected,
the apparent bandwidth increases for lower torque amplitudes and higher precompression levels. For the configuration
with 20% and 30% spring precompression, the maximum torque amplitude of the torque reference signal (τref) was set
to be 50Nm.

Fig. 12 shows two examples of the actuator response to multisine torque references designed as explained above. In
the figure on the left, τref has a maximum amplitude of 5Nm (the RMS value of the τref was 1.3Nm) and a maximum
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frequency of 15Hz and the spring precompression level is set to 40%. As it can be seen, in this configuration the actuator
is able to deliver the desired torque. On the contrary, the actuator cannot follow the reference torque shown on the
right (torque maximum and RMS amplitude of 60Nm and 14.5Nm, respectively, maximum frequency of 6Hz, 60% spring
precompression). It is interesting to note that, in both cases, the actual torque follows very closely the torque profile
estimated by the MACCEPA model (Eq. 1), showing that the actual and theoretical angle-torque characteristic match.
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Figure 12: Performance of the ankle actuator in following two different multisine wave torque reference signals. Left)
5Nm max torque amplitude, 15Hz max frequency, 40% precompression level. Right) 60Nm max torque amplitude, 6Hz
max frequency, 60% precompression level. In both figures: Torque Ref is the desired torque profile (τref); Torque Model
is the torque estimated by the MACCEPA model (Eq. 1) fed with the measured α angle; Torque Actual is the measured
torque.

5.2 Dynamic Benchmarking

The aim of the dynamic benchmarking was to assess the performance of the ankle actuator in tracking the desired torque
profile during emulated walking experiments. As already mentioned, in this set of experiments the output link rotates
with respect to the fixed link, guided by the test bench limb emulator. Consequently, the leverarm angle is given by the
sum between the deflection angle and biological ankle angle (ϕ = α+ θ).

5.2.1 Design of dynamic benchmarking experiments

Figure 13 shows the ankle angles of a healthy subject during three different walking trials, measured and extracted as
explained in Section 4. These trajectories were used as a position reference for the test bench limb emulator which drove
the output link of the actuator. In these experiments, θmeasured was equal to the subject’s ankle angle (Fig. 3). At
the same time, the ankle actuator was controlled by the high-level controller described in Section 3.2. The gait cycle
events, extracted from the recorded data, were synchronized with the biological ankle angle trajectory and input to the
state machine of the high-level controller. In each experiment, only two parameters defining the parametric torque profile
(Fig. 5) were modified to create different assistive profiles: the peak push-off torque POTq (set to 20, 40 and 60 Nm) and
the onset time OnT (set to 10%, 36% and 42% of the gait cycle).

All the other parameters were kept constant throughout the experiments and were set as follows:

• the end loading response time (eLR) to 10% of the expected gait time,

• the peak time (PT) to coincide with the time of the expected peak dorsiflexion angle,

• the offset time (OffT) to coincide with the time of the expected toe-off,

• the build swing torque time (BSwT) to 5% of the gait cycle after the offset time, and

• the initial swing torque (SwTq) to 5Nm.

The middle (36%) and late (42%) onset timing levels were chosen based on the optimal onset timing values for powered
walking found in [64]. The early onset timing (10%) was chosen to start the push-off assistance just after the loading
response phase [40]. The expected times for the peak dorsiflexion angle and the toe-off that correspond to the PT and
OffT, respectively, were calculated by averaging the respective times measured over the 10 preceding steps. Following this
approach, 9 different torque profiles were generated, one for each combination of the POTq and OnT. Furthermore, each
of these torque profiles was tested with three different spring precompression levels (20%, 40%, and 60%), leading to a
total of 27 torque profile configurations (OnT - POTq - P) tested for each walking velocity.
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Figure 13: Ankle angles of the user during three walking trials. Positive angles are dorsiflexion angles. The data shown
are the average over the gait cycle of the data used as the position reference for the test bench limb emulator. The
vertical lines represent the average moment of toe-off for the three different trials.

5.2.2 Performance of the ankle actuator during emulated walking experiments

The ankle actuator could follow very closely different torque profile configurations (τref) at the slowest walking speed
(1km/h). However, with the increase in walking speed, the tracking of the same torque profile configuration decreased
(Fig. 14). The decreased performance in tracking the desired push-off torque with an increase in walking speed is also
partly due to differences in the biological ankle angle profiles at different speeds. It can be noted that the timing of the
desired peak push-off torque changes among the walking trials due to the fact that with the increase in walking speed, the
subject experienced earlier maximum dorsiflexion and earlier toe-off (Fig. 13).
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Figure 14: Torque tracking during an increase in walking speed. The torque reference signal had a peak push-off torque
of 60Nm and an onset time set to 42% of the gait cycle, while the spring precompression was set to 40% during all
walking speeds. It should be noted that the peak push-off time is different in each condition, which is due to the fact
that the subject experienced later maximum dorsiflexion at slower walking speed. As it can be seen, the actual torque
overshoots in the peaks with respect to the torque predicted by the MACCEPA model.

Another result is presented in Fig. 15, which shows the response of the actuator when following two reference torques
profiles differing only in the desired peak push-off torque at two different levels of spring precompression. The level of
spring precompression influences the capability of the actuator in following a specific torque profile. As expected, at the
lower (20%) spring precompression, the actuator is more delayed in providing a higher push-off torque. This is because,
at a low stiffness, the actuator’s leverarm (ϕ angle) has to move further away from the output link (θ angle) to generate
a certain predefined amount of torque. On the other hand, with the higher level of spring precompression (60%), the
actuator is not able to track the desired torque in the decreasing phase of the push-off torque (60% - 70% of the gait
cycle). This is a consequence of the combination of the particular relative motion between the leverarm (ϕref) and the
output link (θmeasured), which depends on the preset spring precompression level and torque reference. Different spring
precompression levels affect the desired trajectory of the leverarm throughout the gait cycle, thus affecting the performance
of the actuator in the different phases of the gait cycle. Therefore, no single spring precompression level guarantees optimal
performance throughout the entire gait cycle.

Figure 16 shows the effect of different onset timings on the performance of the ankle actuator in tracking the desired
torque profile. As it can be seen, a later onset timing leads to a lower actuator’s performance, due to the fact that the
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Figure 15: Torque tracking for different peak push-off torques and different spring precompression levels. The torque
reference (τref) for different spring precompressions but same peak push-off torque (20Nm and 60Nm in the first and
second column, respectively) coincide. At the higher level of spring precompression (60%) the actuator better tracks the
first half of the desired push-off torque (from the onset timing to the peak timing). This can be seen by the matching
of the measured (τmeasured) and reference (τref) torque. To the contrary, at the lower spring precompression (20%), the
actuator follows more closely the second half of the desired push-off torque (from the peak timing to the offset timing).
This is a consequence of the differences in the desired relative motion between the leverarm (ϕref angle) and the output
link (θ angle). This relative motion corresponds to the reference deflection angle (αref = ϕref − θ), which depends on the
torque reference (τref) and spring precompression level (P ).

leverarm (ϕ angle) has to move faster to build the push-off torque. This fact is also highlighted by an increased peak in
the mechanical power of the leverarm, with later onset timing, between the onset and the peak timing. It is interesting to
note that, for the earliest onset timing, the biological ankle angle (θ angle) and the desired push-off torque profile, thus
the α angle, go in opposite directions for most of the time between the onset and offset timings. This is a very interesting
condition because in this phase of the gait cycle, the biological ankle motion (θ angle) would create a plantarflexion torque,
with a similar shape to the desired one, in the case in which the leverarm (ϕ angle) would not move at all from its position
at the onset timing. Thus, to track the desired torque, the leverarm has to slightly move, just to adjust the torque created
by the output link to the desired one. This slow motion of the leverarm while building the desired torque is a very favorable
situation for the actuator, as reflected by the mechanical power of the leverarm in this condition, compared to later onset
timings (Fig. 16). Nevertheless, the figure shows that, in all the three scenarios, the peak leverarm mechanical power is
reduced with respect to the peak output mechanical power.

5.3 Performance Indicator: Nonlinear distortion level

A change in the actuator’s apparent bandwidth as a function of its configuration and demanded torque was discussed in
Section 5.1.2 and shown in Fig. 11. However, looking at the results of the quasi-static and dynamic benchmarking, it is
clear that the motion of the output link (θ angle), not considered in quasi-static benchmarking, has a significant effect on
the performance of the actuator. This renders the apparent bandwidth of the actuator, as shown in Fig. 11, limited in
showing the actual dynamic performance of the actuator.

In line with this, a new metric was developed that can measure the tracking performance of the actuator regardless of
the output link (θ angle) moving or not. To do so, the metric is based on the leverarm angle ϕ as this parameter needs to
compensate the output link motion, thus taking it into account (ϕ = α+ θ).

The actuator’s performance in tracking a desired leverarm angle signal (ϕref) decreases if the properties of the reference
signal push the actuator into saturation, introducing nonlinear distortions. To correlate the actuator’s tracking perfor-
mance to the introduction of nonlinear distortions as a consequence of the properties of the leverarm reference signal, the
normalized RMS of the nonlinear distortions level (NDLnorm) was used. This indicator is computed as follows, based on
the procedure explained in [57,58]:

NDLnorm =
RMS(ϕoutput − ϕBLA)

RMS(ϕoutput)
· 100, (5)
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Figure 16: First row) Performance of the ankle actuator in tracking torque profiles with different onset timings at
20% spring precompression levels. The tracking performance can be assessed by comparing the actual (ϕmeasured) and
reference (ϕref) leverarm angles. The tracking of the actuator is reduced for later onset timings. Second row) Leverarm
and output mechanical powers for the corresponding experiments on the first row. The solid and dashed lines represent
the mean powers obtained for different steps, while the shaded area represents the standard deviation of the respective
curve.

in which ϕoutput is the output leverarm angle and ϕBLA is the output of the LTI model computed between the reference
leverarm angle and the output leverarm angle. The denominator of Eq. 5 is used for normalization. The NDLnorm value
of 0%, expresses that the reference signal can be exactly tracked, while higher values of the NDLnorm indicate that the
output leverarm angle is highly influenced by the saturation and the reference signal cannot be tracked.

Figure 17 shows the dependence of the NDLnorm, thus, the actuator’s tracking performance, on the RMS amplitude
and the maximum excitation frequency of the reference leverarm angle (ϕref). For a more detailed explanation of the
calculation of the NDLnorm for different properties of the leverarm reference signal, the reader is referred to the Appendix
B. As expected, the NDLnorm increases with the increase of both the RMS amplitude and frequency of the reference leverarm
angle. The RMS amplitude, instead of the maximum amplitude, was chosen as a parameter of the reference signal to
obtain a more robust evaluation of the effect of the amplitude of the reference signal on the nonlinear distortions [56].
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Figure 17: Tracking performance of the actuator, expressed in terms of normalized RMS nonlinear distortions level
(NDLnorm), for different combinations of maximum excitation frequencies (ranging from 2 to 20 Hz) and RMS amplitudes
(ranging from 2 to 10 degrees) of the reference signal (ϕref). This indicator represents the RMS of the difference between
the linear (ϕBLA) and the output (ϕsimulated) leverarm angle, equal to the nonlinear distortions. For the selected
combinations, the NDLnorm ranges between 6.8% and 99.6%.

In Fig. 18, two examples of the response of the actuator for different properties of the reference leverarm angle, and
resulting in different NDLnorm are given.

As it can be seen by looking at the velocity profile (second row), in the left column, the saturation barely affects the
velocity setpoint, while in the second column, a large portion of the velocity setpoint reaches the saturation. Consequently,
in the first column the output leverarm angle is very close to the reference (first row), resulting in a negligible nonlinear
distortion (ϕoutput − ϕBLA), whilst in the second column, the nonlinear distortions are considerable and result in a poor
tracking of the leverarm angle. The NDLnorm indicator reflects the effects that the saturation of the velocity setpoint has
on the tracking performance of the reference leverarm angle.
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Figure 18: Tracking performance of ϕref for different levels of NDLnorm. In both cases, the RMS amplitude of ϕref is
equal to 4 degrees. In the experiment on the left column, the maximum excitation frequency of ϕref is 2 Hz, resulting
in an NDLnorm of 6.1%. In the experiment on the right column, the maximum excitation frequency of ϕref is 14 Hz,
resulting in an NDLnorm of 78.3%.

6 Discussion

6.1 Differences between Quasi-Static and Dynamic Benchmarking Results

The results of the quasi-static benchmarking tests show that the simulated and experimental angle-torque characteristics
of the actuator match (Fig. 8). This result is very important for experiments in which the actuator will be attached to
an ankle-foot orthosis used as an assistive device with impaired users. In this scenario, a torque sensor will not be used
and thus, it will not be possible to directly measure the actual torque provided by the actuator. However, due to the
correspondence between the simulated and experimental torque output, the actual torque will be estimated using Eq. 1.
This is possible since the spring precompression level and the actual deflection angle α (equal to the difference between
the leverarm angle ϕ and the biological ankle angle θ, Fig. 1) are known. The quasi-static benchmarking tests also show
the capabilities of the actuator in providing high torques for different stiffness conditions. Thus, the actuator satisfies
several of the active orthoses’ desirable criteria that are listed in [2], among which are the intrinsic safety of the device
(through the compliance of the actuator and its suitable controller [2,65]), the compact, lightweight, and modular design,
the capability of providing relevant torques in both directions of the sagittal plane, and its favorable ROM.

In addition to the actuator’s torque-angle characterization, to have a better insight into a more general behavior of
the actuator, a set of tests was performed to asses the linearities and/or nonlinearities of the system. The results in
Section 5.1.1 show that the noise has negligible effects on the performance of the actuator (Fig. 9). On the other hand,
the same experiments show that the presented actuator can be well described by a linear system as long as it operates
within its velocity saturation limits. When this is not the case, the saturation in velocity of the spindle-drive introduces
nonlinearities in the system which affect the actuator’s tracking performance. The level of nonlinear distortions depends
on the portion of the velocity setpoint signal being above the threshold level and this quantity strictly depends on the
properties of the torque reference signal in the quasi-static benchmarking.

These nonlinearities explain the fact that the apparent bandwidth of the actuator is not a single number, as would be
the case with an LTI system (Fig. 11). For the same precompression level, the apparent bandwidth of the actuator decreases
with the increase in the desired torque amplitude. This is a consequence of the increase in the setpoint motor velocity
that is required to follow signals with the same frequency and increasing amplitudes. The increase of the setpoint velocity
increases the portion of the signal lying above the saturation threshold (therefore, the amount of nonlinear distortions)
and decreases the tracking performance of the actuator. The decrease in the apparent bandwidth of the actuator means
that the actuator can track signals with higher amplitudes only if they have a lower frequency. For the same principle,
in the case of the MACCEPA, the apparent bandwidth of the actuator also decreases with the decrease of the spring
precompression level. The reason for this is the increase in the α angle (which in the quasi-static case corresponds to the
motion of the leverarm, Section 5.1) that is required to generate the same torque for a lower spring precompression level
(Fig. 8 and Eq. 1).

The dependence of the apparent bandwidth of the actuator on its joint-projected stiffness and on the properties of
the torque reference signals is clearly noticeable in the results of dynamic benchmarking tests (Section 5.2). In line with
the results of the quasi-static benchmarking tests, these tests show that the efficiency of the actuator’s torque tracking
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decreases with the increase in walking speed (i.e the increase in the frequency of the reference signal to be followed), as
shown in Fig. 14.

Nevertheless, some divergences are observed when comparing the results of the quasi-static and dynamic benchmarking
tests. In opposition to the actuator’s apparent bandwidth (Fig. 11), Fig. 15 shows that the actuator’s torque tracking of
a low torque profile is improved with a lower spring precompression level with respect to a higher one. This result is a
consequence of the output link’s motion (θ angle). In the quasi-static benchmarking, the torque profile is directly related
to the desired leverarm motion (and thus the setpoint velocity), due to the fact that the biological ankle angle θ is constant
(Section 5.1). As opposed to this, in the dynamic benchmarking, the motion of the leverarm needs to compensate for the
motion of the output link (Section 5.2). Thus, the profile of the setpoint velocity (and the tracking performance of the
actuator) depends on the desired torque profile, on the spring precompression level, and on the output link’s motion.

For this reason, the actuator’s tracking performance in providing negative torque is lower when the output link (θ
angle) rotates in the negative direction as compared to the case in which it does not rotate or rotates in the positive
direction. This effect is noticeable in Fig. 15. In the case of high levels of push-off torque and spring precompression, the
actuator can follow very closely the desired torque profile to build the push-off torque (from 0Nm to -60Nm). However, in
the same experiment, the actuator shows a significant delay in tracking the rise of the swing torque (from 0Nm to +5Nm).
As it can be seen in the figure, during the building phase of the push-off torque, the leverarm (ϕ angle) and the output
link (θ angle) are going in opposite directions, while during the building phase of the swing torque, they are rotating in
the same direction. In the first situation, the actuator’s torque tracking is better as compared to the second one due to
the output link’s direction of motion.

The influence that the motion of the output link has on the performance of the actuator is also clear when looking at
the results shown in Fig. 16. In the case of the early onset timing, the desired torque profile (i.e. the α angle) goes in the
opposite direction with respect to the output link’s motion (θ angle) during the push-off phase. As a result, the leverarm
(ϕ angle) needs to move very little to adjust the output torque profile to the desired one. During walking experiments
with users, this means that the plantarflexion torque is mainly generated by the dorsiflexion of the user’s ankle. This
specific relative motion between the biological ankle angle θ with respect to the desired α angle leads to a significant power
reduction, as it is shown in Fig. 16.

The difference between the results of the quasi-static and dynamic benchmarking leads to the conclusion that the
quasi-static benchmarking is not the most comprehensive scenario to benchmark the actuator and that the dynamic
benchmarking can give a better idea of its capabilities in scenarios involving users. Nevertheless, it is not straightforward
to design an exhaustive dynamic benchmarking experiment to characterize the actuator. This is due to the fact that the
movement of the output link (θ angle) should emulate the biological ankle motion of a user.

In the dynamic benchmarking tests presented in this paper, the ankle data were recorded from a healthy subject walking
at three different speeds on a treadmill. Although these data do not emulate the ankle angles of impaired users, whose
ankle ROM is usually smaller than the one of healthy subjects [11,43,49], they have been used to evaluate the capabilities
of the ankle actuator as they present a more challenging scenario for the actuator. To give an example, the high-level
controller presented in this paper (Section 3.2) controls the actuator to provide dorsiflexion torque during swing (Fig. 5).
In this phase, the ankle joint of a healthy subject dorsiflexes to achieve toe clearance and prepare the foot for the next
heel strike [40], as shown in Fig. 13. Contrary to this, impaired subjects that experience drop foot do not show enough
dorsiflexion to clear the foot from the ground [11]. As previously explained, the performance of the actuator decreases
when the desired torque profile and the biological ankle angle (which correspond to the θ angle) go in the same direction.
For this reason, the performance of the ankle actuator in assisting a user in the swing phase of the gait cycle is expected
to be higher with impaired users who experience drop foot than what is obtained in the presented dynamic benchmarking
tests. In addition, it should be highlighted that in the case of a user who does not present drop foot, the actuator would
not need to provide dorsiflexion assistance during the swing phase.

Furthermore, as already mentioned, it was shown that the performance of the actuator decreases when it is controlled
to provide high levels of torque at the push-off while the user is walking at faster walking speeds (Fig. 14). Also this case
is a more challenging task than what the actuator is expected to face during tests with impaired subjects, as it is not
expected that impaired users would need high levels of assistive torque if they are able to walk at fast walking speeds.

However, some limitations of the dynamic benchmarking tests used in this article need to be mentioned. A limitation
is the use of a single set of data to assess the performance of the actuator. Different users can present significant deviations
in their biological ankle angle trajectories. Furthermore, the user’s ankle angle trajectory during powered walking (i.e.
walking with an active orthosis) highly depends on his/her adaptation to the provided assistance [12]. This means that
using biological ankle angle data of natural walking (i.e. of a user walking without any assistive device) cannot emulate
the effects of providing powered assistance. When healthy or impaired users walk with active orthoses, they modify their
natural ankle angle patterns until converging to a steady-state pattern [12]. These modifications can be the result of the
adaptation of the users to the assistance or due to the fact that the actuator is correcting or modifying their walking
pattern. This fact was not taken into account in the dynamic benchmarking experiments reported in this paper.

Another limitation of the dynamic benchmarking experiments performed in this article is that they did not take into
account the dynamics of the output link. In these experiments, the test bench limb emulator was simply controlled to
follow the biological ankle angle recorded during walking experiments with a healthy user, as explained in Section 4. This
scenario does not correctly emulate the one of attaching the ankle actuator to the user’s leg, but it is just a simplification
of the real scenario. In the case of a user wearing an assistive device actuated by the ankle actuator, indeed, the dynamics
of the user’s ankle and of the actuator are coupled such that the action of one of them will affect the other one and vice
versa. This fact will undoubtedly affect the results, but it was not taken into account in these experiments for the sake of
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simplicity.

6.2 NDLnorm: a tailored performance indicator

The need for standardized benchmarking methods is an emerging concern in the field of wearable robots [12, 66–68]. In
the field of powered orthoses, the researchers usually assess the performance of the actuators by evaluating their effects
on the user’s gait pattern and/or biological effort [67]. However, different actuators have different dynamics, due to their
distinct design and controller, which highly influence their effect on the user. A more standardized benchmarking technique
would allow obtaining a more objective evaluation of the performance of wearable robots in both quasi-static and dynamic
condition, and it would simplify the comparison of the results produced by different devices in different studies [12,68,69].

From the observations made in the previous subsection, it is clear that both the quasi-static and dynamic benchmarking
experiments have benefits and limitations. The apparent torque bandwidth is a common method in literature to evaluate
the performance of the actuator [39, 60–63], however, as already explained, it represents the actuator’s torque tracking
capabilities only for the quasi-static case because it doesn’t take into account the motion of the output link (θ angle). On
the other hand, the dynamic benchmarking is a most comprehensive experimental scenario, as compared to the quasi-static
benchmarking, as it gives a better idea of the actuator’s capabilities in experiments involving users. However, as discussed
in the previous subsection, the design of a suitable dynamic benchmarking experiment presents some difficulties. Due to
the influence of the output link’s motion on the torque tracking performance of the actuator, a different indicator that can
describe the performance of the actuator in both the quasi-static and dynamic circumstances would be more effective.

With this objective, a novel, tailored indicator (the NDLnorm) is proposed in Section 5.3, to assess the performance of
the actuator based on the tracking of the reference leverarm angle (ϕref), instead of the torque reference (τref). This is due
to the fact that the reference leverarm angle, contrary to the torque reference, includes the measurement of the output
link’s motion (Fig. 3), thus, the NDLnorm is valid both for the quasi-static and dynamic conditions. This indicator is taking
into consideration the influence of the properties of the leverarm angle reference (ϕref) on the generation of nonlinearities
in the system and reports the actuator’s tracking performance based on this level of nonlinear distortions.

In the presented actuator, the saturation (that is the cause of the nonlinearities) is applied to the setpoint velocity
signal. Therefore, the RMS of the derivative of the reference leverarm angle determines the portion of the setpoint velocity
signal being above the saturation level and, thus, the level of nonlinear distortions. If ϕref is a random signal with a
defined power spectrum, then both the amplitude and the frequency content of this signal have an effect on the RMS of
its derivative. For this reason, the NDLnorm is calculated for several reference leverarm angle with different amplitudes
and frequencies (Fig. 17). As expected from the results of the quasi-static and dynamic benchmarking experiments, the
NDLnorm shows a similar behavior as compared to the apparent bandwidth of the actuator (shown in Fig. 11). The
tracking performance of the actuator decreases with the increase of the leverarm angle amplitude and frequency.

The advantage of the NDLnorm is that it describes the performance of the actuator in both quasi-static and dynamic
conditions. In the first case, this indicator also expresses the torque tracking performance of the actuator, due to the fact
that the leverarm (ϕ) and alpha (α) angles coincide since the output link’s motion is fixed (Section 5.1). This is, however,
not the case for the dynamic benchmarking. In addition, the use of the NDLnorm is not limited to the MACCEPA, but it
can be extended to different types of actuator. In the case of the MACCEPA, the NDLnorm was computed for different
properties of the leverarm angle because the introduction of nonlinear distortions in the system are related to the saturation
of the leverarm angle velocity setpoint. For another type of actuator, the NDLnorm could be calculated for the properties
of the variable that is related to the generation of nonlinear distortions in the system.

Nevertheless, it should be highlighted that the results presented in Fig. 17 were obtained in simulation. These results
present the general behavior of the actuator, however, they do not take into account some physical limitations of the
actuator. For example, the ϕ angle can reach a certain amplitude only given that the α angle does not reach the amplitude
for which the MACCEPA spring is completely compressed. If this point is reached, the tracking of ϕref can be compromised,
thus, the level of NDLnorm for that specific trajectory can be lower than the one shown in Fig. 17. Another limitation of
the test bench setup is the limitation in power of the Maxon EPOS driver, which could prevent the tracking of reference
signals characterized by high amplitudes and high frequencies. Therefore, the NDLnorm indicator presented in Section 5.3
can be used as a tool to determine the suitability of the actuator for given properties (RMS amplitude and maximum
excitation frequency) of the reference signal ϕref . However, its use has to be supported by some considerations on the
physical limits of the actuator and its servo drive.

7 Conclusion

This paper presented the control strategy and benchmarking of the variable stiffness ankle actuator whose design is
presented in [8]. In addition to its already presented favorable characteristics, the adjustable stiffness of the actuator could
be used in assistive and rehabilitative scenarios to move from a robot-in-charge to a user-in-charge condition depending
on the patient necessity or on his/her capabilities.

The results of the benchmarking tests show that the actuator can be described by a linear model within its velocity
saturation limits. When these limits are exceeded, nonlinear distortions are introduced into the system’s behavior which
affect the actuator’s tracking performance. Nevertheless, these experiments demonstrate the great potential of the actuator
in supporting the ankle joint of a user during emulated walking experiments.

However, some divergences between the results obtained in different benchmarking experiments underline the need for
more advanced benchmarking techniques to understand more in-depth series elastic actuators’ behavior under dynamic
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conditions. In these actuators, the torque is normally built due to the relative motion of two moving bodies that hold
a spring between them. This fact demands for new approaches in the field of benchmarking of compliant actuators for
human-robot interaction. The need for standardization in benchmarking methods is an emerging concern in the field of
wearable robots.

To overcome the differences in the results obtained in the quasi-static and dynamic benchmarking, this paper proposed
a novel indicator to assess the tracking performance of the actuator that is based on the evaluation of the generated
nonlinear distortions. The advantage of this novel indicator is that it is valid for both quasi-static and dynamic tests.

In future experiments, the effectiveness of the presented ankle actuator and its control architecture in assisting impaired
subjects will be assessed in walking experiments. These subjects will wear a PAFO, actuated by the presented ankle
actuator, on their affected leg, and their gait pattern while walking with the provided assistance will be compared with
their unassisted and natural walking pattern.
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Appendix A. Design of the feed-forward subsystem in the position
controller

The feed-forward subsystem of the position controller takes as inputs the desired position of the leverarm (ϕref) and
generates the desired motor velocity (V elFF) to track this position (Fig. 3). The feed-forward subsystem is composed of
four blocks, named Geometry actuator, d/dt, Kvel, and KFF, respectively in Fig. 3.

φref β

BM

LMY

LMX

Spindle-drive
Fixed Link

Output Link

Leverarm

x

Y

Nx

NY
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Figure 19: Schematic drawing of the ankle actuator with the parameters used in the Geometry actuator block of the
feed-forward subsystem of the position controller.

The first block (Geometry actuator) calculates the desired position of the nut along the spindle (LS) that corresponds to
the desired ϕref angle (Fig. 19). This desired position is calculated with respect to the attachment point of the spindle-drive
to the fixed link, as shown in Eq. 6:

LS =
√

(LMx −Nx)2 + (LMy −Ny)2 (6)

where (LMx, LMy) are the coordinates of the attaching point of the spindle-drive and (Nx, Ny) are the coordinates of the
nut, in the sagittal plane of the actuator. The coordinates of the nut depend on the desired leverarm position, as shown
in Eq. 7

Nx = BM · sin(−180 + ϕref + β)

Ny = BM · cos(−180 + ϕref + β)
(7)

where BM is the length of the motor side of the leverarm and β is the angle between the two sides of the leverarm.
The desired position of the nut along the spindle (LS), calculated by the Geometry actuator block, is derived in the

block d/dt to obtain the desired linear velocity of the nut along the spindle (V elN,m
s

, calculated in m/s). The desired
linear velocity of the spindle is converted into the desired rotational velocity of the motor (V elN,rpm, calculated in rpm)
by the block Kvel, as shown in Eq. 8
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V elN,rpm =
V elN,m

s
·GearRed · 60

pitch
(8)

where GearRed is the gear reduction of the spindle-drive and pitch is the pitch of the spindle.
The desired rotational velocity of the spindle (V elN,rpm) is multiplied by a scaling factor, that can be chosen in the

range [0, 1], in the block KFF. In all the experiments described in the article, the scaling factor was set to be equal to 0.8.

Appendix B. Computation of the nonlinear distortion level indicator
for different properties of the reference leverarm angle

To correlate the actuator’s tracking performance to the presence of nonlinear distortions in both quasi-static and dynamic
conditions, a new metric (NDLnorm) was developed. This metric is based on the leverarm angle ϕ. The NDLnorm determines
the nonlinear distortions introduced by the saturation of the setpoint velocity while tracking a reference leverarm angle
(ϕref) based on the difference between the nonlinear output leverarm angle (ϕoutput) and the output of an LTI model
(ϕBLA), as shown in Fig. 20. The LTI model was computed between the reference leverarm angle and the output leverarm
angle and represents the best linear approximation (BLA) of the underlying nonlinear system. The LTI model was
computed using the same identification and validation procedure explained in Section 5.1.1.
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Figure 20: Schematic of the computation of the effects of the nonlinear distortions due to the saturation of the setpoint
velocity. The angle ϕoutput is obtained in a simulation environment, by substituting to the physical actuator its LTI
model obtained in Section 5.1.1. A linear model of the nonlinear setup is computed between ϕref and ϕoutput. The model
represents the Best Linear Approximation (BLA) of the setup. The nonlinear distortions caused by the saturation are
computed as the difference between ϕoutput, the output of the nonlinear setup, and ϕBLA, the output of the BLA linear
model.

The assessment of the NDLnorm, thus, the tracking performance of the actuator, for different properties of ϕref was
performed in a simulated environment represented in Fig. 20. Several multisine leverarm reference signals (ϕref) were used
as input signals. Each multisine was designed with a different combination of maximum excitation frequency (from 2 Hz
to 20 Hz, with an interval of 2 Hz) and RMS amplitude (from 2 to 10 degrees, with an interval of 2 degrees). For every
combination of maximum excitation frequency and RMS amplitude, 10 different realizations of the multisine were applied
and the resulting NDLnorm was estimated and averaged. Every multisine signal that was generated had a different random
phase realization. The result is represented in Fig. 17.
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