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Abstract

Lever-propelled wheelchairs constitute a promising alternative to their handrim-propelled
counterparts as they are associated with more favorable upper extremity biomechanics dur-
ing propulsion. This can potentially reduce the large incidence of upper extremity pain and
injury among long-term users of handrim-propelled wheelchairs. However, the effects of
wheelchair design parameters on locomotion performance are poorly understood. Here, we
propose a modeling approach and an optimal control framework to investigate the influence
of parameters such as lever length, gear ratio, and position of the lever pivot on steady-
state locomotion performance. We propose using a pair of equivalent antagonistic muscle
units, called Equivalent Muscle Actuators (EMAS), acting directly on the propulsion levers
and representing the intrinsic properties of the musculoskeletal system and its interaction
with the device. This approach reduces the model dimension and promotes a straightfor-
ward analysis of the biomechanical advantage considering the human-device interaction.
The predictive simulations of wheelchair locomotion are generated for various gear ratios
and lever pivot positions at different average velocities, slope angles, and hand positions
along the lever. The results reveal that a posterior pivot position requires consistently less
effort due to a biomechanically more favorable configuration and gravity’s beneficial ef-
fect during the propulsion phase. The results also indicate the most appropriate gear ratios
depending on speed and slope angle. This study provides guidelines for the design of lever-
propelled wheelchairs and a modeling and computational framework that can be extended
to investigate different assistive technologies or other mechanical devices interacting with
the human body.

Keywords Wheelchair locomotion - Lever-propelled wheelchairs - Predictive simulation -
Musculoskeletal system modelling - Assistive technology

1 Introduction

Handrim-propelled wheelchairs are commonly used due to their simple design and low cost.
This propulsion method, however, is inefficient and imposes repetitive loads on the upper
extremities, leading to muscle fatigue, pain, and a high rate of injuries [1-4].

To improve the performance of wheelchair locomotion, alternative modes of propulsion
have been proposed [5-7]. Particularly, the propulsion through levers has gained attention
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as its advantages include reduced energy consumption and decreased muscle demand and
joint loads on the upper extremity [5, 8—12]. Riitte et al. [12], for instance, show that the
push-pull central-lever mechanism reduced peak forces exerted on the wheelchair by up to
40%, and energy consumption by up to 18% compared to handrim propulsion.

In common lever-propelled wheelchair designs, the lever is connected to the rear wheel
by a roller chain or other power transmission systems attached to a ratchet and pawl mecha-
nism or a one-way clutch that allows for torque transmission in only one direction. The easy
repositioning results in a smoother and more continuous motion as the hand remains con-
nected to the lever throughout the propulsion cycle [10]. Additionally, the hand can often
be repositioned along the lever, providing a simple and effective way to adapt the overall
mechanical advantage to different terrain conditions.

Given the potential benefits of lever propulsion, different studies have investigated how
the design affects performance. For example, an experimental investigation indicated that
more posterior pivot positions, closer to the rear wheel axle of the wheelchair, are more
advantageous than more anterior ones [13]. The authors suggest that their findings could
have practical implications for the design of lever-propelled wheelchairs and the training
of athletes who use this type of propulsion. They note that a better understanding of the
effects of lever design on performance could help optimize performance and reduce the risk
of injury or fatigue during prolonged wheelchair use.

Sasaki et al. [10] researched the impact of the gear ratio of the lever propulsion mecha-
nism on muscle effort and shoulder joint contact forces using a mechatronic simulator and
a musculoskeletal model of the upper limb to estimate muscle and joint forces by inverse
dynamics. The results show that a lever-propelled wheelchair with a 1.5 gear ratio led to
lower cadence and shoulder contact forces compared to a conventional handrim-propelled
wheelchair during level terrain locomotion. The effect of gear ratio on shoulder forces dur-
ing lever-propelled locomotion was found to be large during uphill activities and at higher
speeds. The authors suggest that further research is needed to determine the optimal design
and technique for lever wheelchair propulsion that minimizes the risk of shoulder injuries
or pain.

Predictive simulations using models of the musculoskeletal system are powerful tools to
investigate wheelchair locomotion. These simulations can provide access to internal loads
such as muscle and joint contact forces and allow systematic testing of design parameters
before building physical prototypes. Fully predictive simulations based on optimal control
frameworks, as used in this study, enable the investigation of a large number of locomo-
tion scenarios without relying on experimental motion data [14—17]. Other simulation ap-
proaches based on tracking experimental kinematics or forces also contribute to understand-
ing internal biomechanics during wheelchair propulsion [18, 19]. Recent applications of
predictive simulation frameworks have also been proposed in the design and evaluation of
wearable assistive devices such as ankle exoskeletons, supporting their potential to replicate
energy and kinematic adaptations observed experimentally [20]. Forward dynamic simu-
lations with detailed musculoskeletal models have also been used to explore handle-based
propulsion strategies and their impact on muscle loading [21].

Recent studies have also used fully predictive optimal control simulations to explore
manual wheelchair propulsion, highlighting the influence of configuration parameters such
as anteroposterior stability on propulsion dynamics [22]. Predictive simulations provide the
opportunity to test the effect of a large number of wheelchair configurations and design
parameters before the prototype is built, potentially leading to effective designs and settings
that reduce effort, improve comfort, and mitigate risk factors for injury, ultimately improving
the quality of life of individuals with mobility impairments.
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The generation of predictive simulations of human motion requires the solution of large-
scale optimal control problems, which are particularly costly computationally due to the high
dimensionality and complexity of the models involved [23]. Among the different strategies
to address this challenge, model-reduction techniques can be applied to decrease the com-
plexity and high dimensionality of musculoskeletal system models. Millard et al. [24], for
example, presented a reduced musculoskeletal model that groups muscles into functional
units, each represented by a single muscle comprising contractile and passive elements,
referred to as a Muscle Torque Generator (MTG). Their findings demonstrated that this re-
duced model and a planar musculoskeletal framework accurately captured human movement
dynamics with significantly lower computational costs compared to more intricate models.
Bell et al. [25] extended the single Degree of Freedom (DoF) MTG to a 2-DoF MTG model
for the shoulder joint, addressing the added complexity of joints with multiple degrees of
freedom. By incorporating implicit coupling methods, they achieved accurate predictions
of joint torques while maintaining computational efficiency. This type of reduced model-
ing approach was applied, for instance, to investigate optimal sports performance [26] and
wheelchair locomotion [18].

Despite the potential of lever-propelled wheelchairs as an alternative to conventional
handrim-propelled designs, there is limited understanding of this propulsion mode and its
optimal design parameters. This study investigates how wheelchair design parameters —
gear ratio, lever pivot positions, and hand position — affect locomotion performance across
different velocities and slope angles using predictive simulations. In this work, performance
is interpreted as neuromuscular effort and quantified through the time integral of squared
actuator activations divided by the traveled distance over a complete cycle. To enable fully
predictive simulations based on the solution of an optimal control problem, we adopted a
reduced modeling approach in which the user’s interaction with the system is represented by
equivalent muscle-like actuators applying torque directly on the lever. This modeling choice
reduces complexity and allows the simulation of multiple propulsion scenarios with varying
mechanical configurations.

2 Methods

We propose an approach to model the effects of musculoskeletal system architecture and
intrinsic muscle properties on lever-propelled wheelchair locomotion. The key concept is
to implement a pair of antagonistic and agonistic Hill-type equivalent muscle units that act
directly on the lever and represent the effect of a complex musculoskeletal Opensim model.
This approach leads to a low-dimensional, continuous model that substantially reduces the
computational cost to generate predictive simulations of wheelchair locomotion and unveils
the combined effect of the musculoskeletal system and multibody system topology on task
performance.

2.1 Multibody system model

The model assumes bilateral symmetry and comprises a planar closed kinematic chain with
five rigid bodies: arms, forearms, levers, remaining body + wheelchair, and rear wheels, re-
fer to Fig. 1. Ideal hinge joints are used to model the shoulder, elbow, lever pivot, wheelchair
axle, and the connection between the hand and the lever. o represents the shoulder angle
(a > 0 for flexion) with respect to the trunk, which is assumed perpendicular to the ground.
The elbow angle is denoted by g (8 > 0 for flexion), while y represents the angular position
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Fig.1 Lever-propelled
wheelchair model

Table1 Mechanical parameters

of the lever-propelled wheelchair ~ Parameter

model
Rear wheel radius Ry =0.30m
Handrim radius Ry, =0.28m
Rear wheel mass my =3.0 kg
Rear wheel moment of inertia I, =0.28 kg m2
‘Wheelchair mass me=12.0 kg
Lever mass m; =0.8 kg
Lever moment of inertia I, =0.14 kg m?

of the lever (y > 0 for clockwise direction). The forward displacement of the wheelchair is
represented by the coordinate x. The constant ground inclination with respect to the hori-
zontal is described by ¢.

The model has been adapted from the conventional wheelchair model as outlined in [16,
27], with the incorporation of the lever-based propulsion system and the introduction of the
gear ratio (i,) governing the relationship between lever and rear wheel rotations, defined as

Wy
Ir=—, (H
4
where w,, represents the angular velocity of the rear wheel. The mechanical characteristics
utilized in the computational simulations are detailed in Table 1.

The locomotion cycle is divided into two phases: the propulsion phase and the recovery
phase. During the propulsion phase (indicated by subscript 1), the lever is coupled with the
rear wheel through a fixed gear ratio, and the whole system has a single DoF. In this phase,
the user exerts force on the lever, resulting in positive work being applied to the system.
The equation of motion for this phase is formulated using the lever angle y as the sole
generalized coordinate as

q=I[nl. 2)

Conversely, during the recovery phase (indicated by subscript 2), the levers are decoupled
from the rear wheels, and the mechanical system has two DoFs. The vector of generalized
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coordinates g, contains the lever angle y and the coordinate x, which represents the dis-
placement of the wheelchair, as

@=0rn xl". 3)

Note that although the recovery phase has two degrees of freedom, the user’s hand re-
mains connected to the lever, and the closed kinematic chain is maintained.

The phases are defined by the instants 7y = 0 at the beginning of the propulsion phase,
t; at the transition between the propulsion and the recovery phase, and #, at the end of the
recovery phase.

The equations of motion for the propulsion and recovery phases are derived symbolically
using the Newton-Euler formalism in Matlab® as

M, ((/Zl)é] + C (qlv ql) = Tago + Tanr + kg,l (QI) + kF,](Fr)v (4)
. .| Tago Tt Tan:
M>(q,)q4,+C2(q5. q,) = 0 + kg 2(q5) +kra(F), S

where the index n indicates the phase, M, are the mass matrices, C, contains the Coriolis
effects, 7,4, and 7,,, represent the muscle torques on the lever generated by the agonistic
and antagonistic equivalent muscle units, respectively, k, , are the generalized forces due
to gravity forces, and kr, are the generalized forces due to the rolling resistance force F,
(considered as 10 N per wheel as in [28]).

2.2 Equivalent muscle actuator

To reduce the dimensionality of musculoskeletal system models, which typically contain
tens of muscles, each one with its own activation dynamics and intrinsic force-length-
velocity properties, we introduce the idea of using equivalent muscles acting directly at
the levers, called Equivalent Muscle Actuators (EMA). These actuators are conceived to
represent the combined effect of all the muscles as seen from the wheelchair lever.

The approach is based on the fact that the kinematics of the four-bar mechanism encom-
passing the forearms, arms, levers, and body can be described using a single coordinate,
conveniently selected in this study as the lever angle y (Fig. 1). The virtual work produced
by a pair of equivalent antagonistic and agonistic muscle units acting on the lever is equated
to the virtual work of all muscles acting on the upper extremity of a large-scale OpenSim
model. These equivalent muscle units represent the overall effect of the upper extremity
muscle system on the lever, including the force-velocity and force-length relationships, as
well as the activation dynamics. The EMAs allow us to characterize how much torque or
mechanical work can be delivered by the user for different wheelchair configurations, while
preserving essential features of neuromuscular behavior. This makes it possible to investi-
gate how mechanical design influences the performance of the human-device system using
predictive simulations without relying on motion tracking or predefined inputs.

The 3D OpenSim musculoskeletal model adopted in this study was developed by Chad-
wick et al. [29] and is available in https://simtk.org/projects/das. The model has 11 degrees
of freedom, 138 muscle units (31 muscles), and seven distinct body parts (chest, collarbone,
scapula, humerus, ulna, radius, and hand). The anthropometric data of the skeletal system,
including body segment lengths, masses, and moments of inertia, were obtained from [30]
to represent a person with a height of 1.70 m and a mass of 70 kg.
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The first step to compute the equivalent muscle model is to determine the maximal force
and the moment arms of the ith OpenSim muscle unit as a function of the lever’s angular
position y and angular velocity y. These pieces of information can be extracted from the
OpenSim model by performing numerical experiments for discrete values of the lever’s
angle and angular velocity, y;, and y,. For each of these combinations, we compute the
shoulder and elbow positions and velocities, o, Bk, &; k, ,B .k» by inverse kinematics in
Matlab. The shoulder and elbow kinematics are fed into the OpenSim model, with all the
other generalized coordinates fixed at their neutral positions so that the arm moves only
in the sagittal plane. For each one of these numerical experiments, we extract finally the
maximal forces F/"™* = F/"**(y;, y), and the moment arms with respect to the shoulder
%(yj, 1) and elbow %(yj, %) for all muscles i from OpenSim, where /; is the length of
the ith muscle. The combinations of y; and y; were selected according to a 35 x 49 uniform
grid. The range for y; is defined by a function that depends on the minimum angles the arm
and forearm of the OpenSim model can reach, the position of the lever’s center of rotation,
and the lever length. The range for y; is set to [—57 /3,57 /3] rd/s. This procedure is
repeated for all investigated configurations, as explained further on. From now on, we omit
the indices j and k for simplicity.

The maximal torque at the lever associated with the maximal force exerted by each mus-
cle unit i can be computed using the principle of virtual work as a function of lever position
and velocity as

. al; .
Ty ) = M, y) (©)
dy
where 3/i/3y can be interpreted as the moment arm of the ith muscle unit with respect to the
lever’s center of rotation and be further decomposed using the multi-variable chain rule as

A 0l 0l 0 Ol 9B
A =E—=r—r—+—>7—. )

dy dady JIB Iy

The moment arms of muscle i with respect to the shoulder, /i/sa, and elbow, 9i/3p, are
known from the musculoskeletal model, while 3¢/3y, and 36/5, are kinematic relationships
associated with the closed-loop, four-bar kinematic chain (Fig. 1).

The effect of all muscles on the lever will now be represented by a pair of equivalent
muscles acting directly on the lever, an agonistic equivalent muscle pulling the lever forward
and applying positive work to the system when the lever moves forward, and an antagonistic
one, pulling the lever backward. Since F/"** is always positive in Equation (6), the sign of
A; in Equation (7) determines whether muscle i exerts positive power (A; > 0) or negative
power (A; < 0) when lever velocity y is positive. Therefore, the maximal torque of the
equivalent agonistic ago and antagonistic ant muscles can be computed, respectively, as

N

9y, y) = max(0, ) " (y.7) ®)
i=1
N

T (y,p) =Y _min(h;, 0)F"* (v, 7). )

i=1

where N is the number of muscle units in the original OpenSim model.
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To represent the overall level of muscle recruitment, an activation level a ranging from 0
to 1 is introduced for each equivalent muscle so that the resulting torques are obtained by

max

tago(yv J/) = aagot(;go (7/7 J/) s (]0)

max

Tant(yv J)):aantfam (V:V) (]l)

The muscle activation dynamics, reflecting the fact the muscles are not ideal actuators and
that there is a lag between neural command and muscle force response, are modeled by
first-order differential equations [31, 32] as

d aagu uagu 1- u“é’"

——— = (Uago — Qago e b 12
dt ( 80 “ ) < Tyer Tyeact (12

d Aant Uant 1- Uant

— . = Uant — dan e e 13
dt (ant = dant) Tyer Theact ()

where 1,4, and u,,, are the overall neural excitations of the agonistic and antagonistic equiv-
alent muscles, ranging from 0 to 1 and representing the system controls, and T, and T4
are activation and deactivation time constants. We adopt T,.; = 10 ms and T.,.; = 40 ms,
which are consistent with values reported in the literature [33].

The approach proposed in this section reduces the complex high-dimensional OpenSim
model to a much simpler one (Equations (10) to (13)) composed of only two equivalent
muscle units incorporating the intrinsic properties of the whole musculoskeletal system and
its interaction with the wheelchair.

2.3 Optimal control problem formulation

After defining the two equivalent muscles and their activation dynamics, as presented in the
previous section, this section outlines the formulation of the predictive simulation frame-
work. The predictive simulations are obtained by solving a two-phase optimal control prob-
lem (OCP), Equations (14)-(24), consisting of searching for the states (generalized coor-
dinates, generalized velocities, and muscle activations), controls (neural excitations), and
phase durations that minimize the quadratic objective function

n 1
J.=— (/ (uigo—l—uﬁm)dt—i-/ (uigo-l—uﬁm)dt) , (14)
0 n

o tHhv

where #; is the time instant representing the end of the propulsion phase and the beginning
of the recovery phase, f, is the final time of the cycle, and v is the prescribed average lo-
comotion velocity. This cost function, referred to as neuromuscular effort, represents the
integration of effort over the locomotion cycle divided by the distance traveled in a cycle
(corresponding to f,v). It enables the comparison across different locomotion velocities,
analogous to metabolic cost of transport, a performance criterion frequently used in experi-
mental evaluation and predictive simulation of locomotion with mobility assistive devices.
The OCP is subject to a set of constraints, including the equations of motion presented in
Equations (4) and (5), governing the dynamics during the propulsion and recovery phases,
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respectively, and the activation dynamics in Equations (12) and (13), with activation and
neural excitation bounded by 0 to 1, as

Ofaagm Uagos Aant s Uant = 1. (15)
The durations of the propulsion and recovery phases were treated as free optimization vari-
ables in the optimization, with lower and upper bounds set, respectively, to 0.1 s and 3 s
for each phase. In the propulsion phase, a positive angular velocity for the lever (y; > 0)
is ensured. During the recovery phase, the angular velocity of the lever is constrained to

remain lower than the angular velocity of the rear wheel after reduction, thereby preventing
the coupling between the lever and the rear wheel as

Yo < i, Ry (16)
The phase transition constraints include the requirement that the position of the wheelchair at

the beginning of the return phase x;(#;) is equal to the distance traveled during the propulsion
phase,

x(t) = (vi(t) = v1(0)) iy Ry a7)

and that the velocity at the beginning of the return phase X, (#;) is equal to the velocity at the
end of the propulsion phase,

X(t) =yt i, Ry. (18)

Moreover, a continuous transition between the propulsion and the recovery phases requires

7i(t) = ra(t), (19)
71(t) = na(t), (20)

and a periodic motion with a collisionless transition between the recovery and the propulsion
phases requires

y2(t2) = 11(0), 1)
72(2) =1 (0). (22)

Additionally, lower and upper bounds on shoulder and elbow angles are added according to
the reference model proposed by [29] as

Qpin =< O[(V) = Anax

(23)
ﬂmin = ﬂ(y) = ﬂmax .
Finally, a prescribed average locomotion velocity v is imposed with
X(h)=Vh. (24
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L =0.60m B3
L= 0m

@ \
L =0.60 m C3
L, 0.30 mQ

‘ax

Fig.2 Illustration of the seven investigated configurations, where L is the distance of the hand position with
respect to the pivot along the lever, and L,y is the horizontal position of the lever’s pivot with respect to the
rear wheel axis

2.4 Simulations

A distinctive feature of lever-propelled wheelchairs is the possibility of moving the hand
along the lever, changing the lever arm (L) with respect to the pivot, as illustrated in Fig. 1.
Additionally, the pivot can be constructively installed in different locations with respect to
the rear-wheel axle, represented as L, in Fig. 1. In this investigation, we explore combina-
tions of lever arm L and pivot position L.y, which compose 7 configurations as illustrated
in Fig. 2.

In Group A, containing a single configuration A0, the lever’s center of rotation coincides
with the rear-wheel axis, and the hand distance to the pivot is the same as the handrim ra-
dius, with L = Ry,. This condition approximates handrim-propelled wheelchair locomotion.
Although the trajectory of the hand in the recovery phase is constrained along the handrim,
we consider this configuration close enough to handrim-propelled locomotion to serve as a
reference for comparison. In this group, the lever’s mass and moment of inertia were set to
0 kg to approximate it to handrim-propelled locomotion further.

In Group B, the lever’s center of rotation is positioned at the center of the rear wheel,
while in Group C, it is offset by 0.3 m to the front. Both groups, B and C, have three
configurations corresponding to three different hand positions along the lever, with L =
0.4 m, L =0.5m, and L = 0.6 m. These values were selected based on previous studies on
lever-propelled wheelchairs: L =0.42 m [10], L =0.49 m [34], and 0.395 < L < 0.480 m
[13].

For each of the seven configurations in Fig. 2, the effect of different transmission ratios
i, (Equation (1)) is investigated at different locomotion speeds, on a level surface, and a
constant slope. Eight gear ratios, ranging from 0.5 to 2.25, with increments of 0.25, were
tested. On a level surface (¢ = 0° in Fig. 1), average velocities of v = 0.5 m/s, 1.0 m/s,
and 1.5 m/s were simulated. For locomotion on a slope with ¢ = 4°, the velocity was fixed
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at v = 0.5 m/s. This resulted in 168 combinations for locomotion on a level surface (7
configurations x 8 gear ratios x 3 velocities) and 56 combinations for locomotion on the
slope (7 configurations x 8 gear ratios), totalizing 224 simulations.

The OCP was solved using the PROPT® software, which implements a Direct Colloca-
tion approach. The mesh employed was determined through a sensitivity assessment with
respect to the number of collocation points and the objective function value. Beyond 50 col-
location points per phase, the objective function exhibits minimal variation. Therefore, the
simulations were generated with 51 collocation points per phase, resulting in 102 collocation
points in a cycle.

To obtain the optimal control problem solutions for locomotion on the horizontal plane,
we first solved the optimal control problem for a velocity of 0.1 m/s. The simulations for
higher velocities were obtained from this initial solution by sequentially increasing the ve-
locity by 0.1 m/s until 1.5 m/s, using the previously obtained solution as the initial guess for
the next velocity. For the locomotion on a slope, the simulations were obtained according to
the following strategy:

1. From an initial guess corresponding to the locomotion on the horizontal plane at 0.5 m/s,
solve the optimization problem for a slope of 1° and a velocity of 0.1 m/s.

2. From this solution, obtain the solution for larger velocities sequentially with increments
of 0.1 m/s until 0.5 m/s.

3. From the solution for 0.5 m/s and slope of 1°, obtain solutions for higher inclinations
with increments of 1° until the maximal slope angle of 4° is achieved.

This strategy was repeated for each combination of hand position, pivot position, and gear
ratio. This approach improves convergence and ensures consistency across multiple configu-
rations, but does not systematically search for or guarantee global optimality. The optimiza-
tion problems were solved using SNOPT’s default convergence settings, with a feasibility
tolerance of 1076 and an optimality tolerance of 107°.

3 Results

The proposed equivalent model and implemented optimal control approach allowed the gen-
eration of the 224 simulations in approximately two hours and 29 minutes on a computer
with an Intel i7 processor and 32 GB of RAM. Each simulation took approximately 40 sec-
onds of CPU time on average. It is important to note that the time required for curve genera-
tion for each of the seven configurations is not included in this stage, as these are calculated
only once. As an illustration of typical predicted patterns, Fig. 3 shows the muscle activation
and kinematics results obtained for locomotion on a level surface with configuration B2, av-
erage velocity v = 1.0 m/s, and gear ratio i, = 1.75. In the propulsion phase (0% — 29.7%
of the cycle), the agonistic equivalent muscle is activated (Fig. 3.a), applying positive work
and accelerating the wheelchair forward (Fig. 3.b), while the lever moves clockwise, the
shoulder moves counterclockwise, and the elbow extends (Fig. 3.c). The activation of the
antagonistic muscle and the decoupling of the lever and rear wheel characterize the start of
the recovery phase (29.7%). The lever is first decelerated until it reaches zero angular ve-
locity and the furthest position from the trunk (29.7% — 39.2%). Subsequently, the lever is
accelerated backward under the continuing effect of the antagonistic muscle until its deacti-
vation and the reactivation of the agonistic muscle (39.2% — 66.1%). This reactivation of the
agonistic muscle decelerates the backward motion of the lever until it reaches zero angular
velocity and the nearest position to the trunk (66.1% — 90%). Finally, under the continuing
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Fig. 3 Predicted equivalent muscle activations (a), kinematics (b), and joint angles (c) for locomotion on
a level surface with configuration B2, average velocity v = 1.0 m/s, and gear ratio i, = 1.75 (Color figure

online)
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Fig. 4 Predicted locomotion performance for different lever-propelled wheelchair configurations. Each bar
represents the cost function value for one configuration defined by hand position, pivot location, and gear
ratio (illustrated at the top). Results are shown for four conditions: (a) ¥ = 0.5 m/s, ¢ = 0°, (b) v = 1.0 m/s,
9 =0°(c) v=1.5m/s, ¢ =0°, and (d) ¥ = 0.5 m/s, ¢ = 4° (Color figure online)

effect of the agonistic muscle, the lever is accelerated until it reaches the coupling velocity

(90% — 100%), and the cycle is restarted.

The results show that the different configurations and gear ratios can substantially affect
the locomotion performance in terms of the cost function value (Figs. 4(a), (b), (c) and (d)).
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Fig. 5 Available torque along the propulsion cycle by the equivalent agonistic muscle ago with respect to
the lever angle (left) and lever’s angular velocity (right) for locomotion on a level surface with an average
velocity of v =1.0 m/s, and a gear ratio of i, = 1 for conditions A0 and B2. The color map indicates muscle
activation intensity (Color figure online)

For all investigated conditions (locomotion velocities and terrain inclination), it is clear that
the B configurations, with the lever pivot coincident with the rear wheel axis, outperform the
reference AQ configuration representing handrim-propelled wheelchairs. Shifting the handle
forward, as in configuration group C, deteriorated the performance, leading to comparable
or worse cost function values than the AO ones.

At lower gear ratios, no convergence was observed as the locomotion velocity increased.
Specifically, at a velocity of 1.0 m/s, the simulation failed to converge for a gear ratio of
i, = 0.5. Likewise, at a velocity of 1.5 m/s, the simulation did not converge for gear ratios of
i, = 0.5 and i, = 0.75. These combinations of higher locomotion velocities and lower gear
ratios lead to increased upper body velocities and accelerations, leading to large inertial
forces that surpass the available muscle capacity, which is diminished due to the torque-
velocity relationship.

Regarding hand position along the lever, a distance of L = 0.5 m generally led to lower
effort compared to higher or lower values of L for both configuration groups (B2 and C2)
and all conditions.

Optimal gear ratios, in turn, increase with locomotion speed. The best performing con-
figuration B2 presented its lowest cost function values at gear ratios i, = 1.25, i, = 1.75,
and i, = 2.25, at velocities v = 0.5 m/s, v = 1.0 m/s and v = 1.5 m/s, respectively. For the
locomotion on a 4°-slope at 0.5 m/s (Fig. 4d), the optimal gear ratios are lower, as expected,
ranging from i, = 0.75 to i, = 1.00.

The proposed equivalent muscle approach led to a low computational cost, allowing a
straightforward analysis and interpretation of the results. In particular, this approach un-
veiled how different design configurations affect the biomechanical performance of the
user-wheelchair system. Figures 5 and 6 illustrate this by comparing configuration B2 to
configurations A0 and C2, respectively. The plots display the available torque capacity of
the agonistic EMA over the full simulated propulsion cycle as a function of simulated lever

@ Springer



The influence of lever-propelled wheelchair parameters

Start of the propulsion phase
e End of the propulsion phase

600 600
g s
5500 %500
[} 5]
£.400 £.400
5 5
= =
s 300 2 300
= =
2 2
% 200 . / é 200

Q .
100 A A 100
B GO
0

60 70 80 90 100 110 120 130 140 -150 -100 -50 O 50 100 150 200

Lever angle (°) Lever angular speed (°/s)
|
0 0.02 0.04 0.06 0.08 0.10 0.12 0.14

Muscle activation

Fig. 6 Available torque along the propulsion cycle by the equivalent agonistic muscle ago with respect to
the lever angle (left) and lever’s angular velocity (right) for locomotion on a level surface with an average
velocity of v =1.0 m/s, and a gear ratio of i, = 1 for conditions B2 and C2. The color map indicates muscle
activation intensity (Color figure online)

angle (left) and angular velocity (right), evidencing the underlying force—length—velocity
relationship. The color code indicates the predicted normalized neural excitation, represent-
ing the fraction of the available torque applied by the agonistic EMA in the simulation. Note
that the region of low available torque coincides with the propulsion phase as muscles apply
force concentrically (with reduced force capacity), and the mechanical gain is less favor-
able (with arms more flexed). This, associated with the fact that larger forces are required
in the propulsion phase, leads to larger activation levels (indicated in red). Conversely, the
part of the cycle with negative lever velocity corresponds to conditions in which this ago-
nistic EMA would contract eccentrically and apply negative work, which are the reasons for
higher muscle capacity and low activation (indicated in blue), respectively.

Figure 5 shows a substantially larger torque capacity of configuration B2 compared to
A0, evidencing the biomechanical advantage provided by the lever-propelled wheelchair
compared to a conventional handrim-propelled wheelchair. B2 provides a biomechanical
advantage also with respect to C2, albeit less evident in the propulsion phase, as shown in
Fig. 6. In this case, the superior performance of B2 can also be explained by the positive
effect of gravity in the propulsion phase. To better understand this effect, Fig. 7 presents the
generalized torque acting on the lever due to gravity, as defined in Equation (4). Configura-
tion B2 exhibits consistently higher generalized gravitational torque — approximately 6 N m
more than C2 — throughout the propulsion phase. This difference arises from the posterior
positioning of the lever pivot in B2, which leads to a forward leaning of the lever and the
beneficial effect of gravity during the propulsion phase. As a result, part of the required net
torque is provided by gravity, reducing the effort demanded from the agonistic actuator.

Figure 8 shows the cadence (in cycles per second) for configurations AO and B2 across
varying gear ratios (i, ), locomotion velocities (v = 0.5, 1.0, 1.5 m/s), and terrain inclinations
(slope = 0° and 4°). For each condition, cadence decreased as gear ratio increased, con-
sistent with the expected inverse relationship between cadence and mechanical advantage.
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Fig.7 Generalized torque due to
gravity at the lever along the
propulsion phase kg1 (g1) as in
Equation (4) for locomotion on a
level surface with an average
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Fig. 8 Predicted cadence (cycles/s) for configuration AO and B2. Conditions marked with * indicate the
optimal condition in terms of effort (14), employed as the objective function for generating the predictive
simulation (Color figure online)

Across all scenarios, configuration B2 exhibited lower cadence values than A0, especially at
higher velocities, which reflects the effect of the longer stroke length associated with lever
propulsion. Conditions marked with an asterisk indicate the configurations with the lowest
cost function value among the tested cases.

To complement the cadence results, Tables 6 to 9 present the predicted duty cycle values
across all valid simulations. In general, lever-propelled configurations tend to operate with
lower duty cycles than AO across all conditions, indicating shorter propulsion phase dura-
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tions as a fraction of the complete cycle duration. It can also be observed that the duty cycle
increases with increasing gear ratios and decreases with increasing velocity.

4 Discussion

The use of MTGs is a common model-reduction approach to decrease model dimension
and computation cost in predictive simulations of human motion [16, 18, 24]. The proposed
modeling approach in this study extends the idea of MTGs to cases where the human mus-
culoskeletal system interacts with a mechanical device, such as a robot, mobility assistive
aid, sports equipment, or machine, with the formation of one-DoF closed kinematic chains.
We show that these model topologies allow the use of a single pair of antagonistic torque
generators, acting directly onto the mechanical system. This pair of equivalent actuators,
called EMAs, represents not only the intrinsic muscle system properties but also the effect
of the multibody system configuration, containing device and human body segments. Be-
sides lever-propelled wheelchair locomotion [12], other examples of potential applications
of this approach are in modeling of walking with crutches [35], canoeing [36], and rowing
[37].

EMAs can be derived from complex musculoskeletal models, as in this study, from bi-
ological joint MTGs, or through experimental measurements of the resulting generalized
torque during maximal voluntary contraction at different combinations of the corresponding
generalized coordinate and generalized velocity.

One possible advantage of EMAs over MTGs is the potential for further model reduc-
tion. A single pair of EMAs is required for each one-DoF kinematic chain instead of a
pair of MTGs for each active biological joint in the kinematic chain. In this study, for in-
stance, instead of a single pair of EMAs, two pairs of MTGs, one pair at the shoulder and
another one at the elbow, would be required, increasing the dimension of the problem and
potentially leading to higher computational cost to solve the associated large-scale optimal
control problem. Another interesting feature of EMAs is the intrinsic incorporation of the
combined effect of biarticular muscles. This is a limitation of MTGs as they are derived
for individual joints independently and, therefore, cannot take into account the combined
effect of adjacent joint angular velocities and positions on the force generation capacity of
biarticular muscles. However, these potential benefits were not systematically investigated
here, and the present discussion is speculative. A systematic comparison between EMA and
MTG formulations, in terms of computational performance, accuracy, and biomechanical
interpretability, remains a relevant direction for future work.

Finally, and not least importantly, EMAs are a powerful tool for unveiling and inter-
preting the overall available actuation capacity of the human body, considering the mus-
culoskeletal properties and kinematic constraints resulting from the human-device interac-
tion. As evidenced in this study, a single pair of EMAs acting directly on the levers could
represent the equivalent effect of all upper limb muscles and associated mechanical gains,
providing a straightforward interpretation of the reason for the superiority of one system
configuration over another. EMAs, therefore, can be a useful tool during the design process
by providing deeper insight into the human-device interaction.

The advantages of EMAs come at the expense of fewer actuation degrees of freedom. The
approach relies on a single equivalent neural excitation for each of the antagonistic EMAs,
modulating the maximal torque-velocity-position relationships. This single neural excita-
tion per EMA can oversimplify the muscle recruitment patterns, a limitation that is shared
with the MTGs. Another important limitation of the approach is that the closed kinematic
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chain needs to have a single degree of freedom. An extension of the approach to kinematic
chains with more than one degree of freedom may be possible but will require further as-
sumptions on how equivalent actuators are defined and distributed. EMAs are problem- and
configuration-specific. In fact, we needed to derive a different pair of EMAs for each hand
position along the lever, as this changes the parameters of the closed-loop kinematic chain.
This is a clear disadvantage compared to MTGs, which do not change depending on the
device and how the person interacts with it. Furthermore, because the actuator moment is
applied directly to the lever, this formulation does not allow the estimation of internal or in-
teraction forces between the user and the device (e.g., individual muscle forces, joint contact
forces, hand forces), which limits direct comparison with experimental data.

While limited in scope, the results align with prior studies indicating potential biome-
chanical benefits of lever-propelled wheelchairs relative to handrim-based configurations
[8, 10, 13, 34]. Jolanta et al. [34], for instance, show that the physiological metrics VO2max,
heart rate, and ventilation were significantly lower during lever-propelled locomotion com-
pared to handrim-propelled locomotion, indicating that it was less physically demanding,
particularly at higher speeds. In our study, the cost function values (Figs. 4(a), (b), (c), (d))
for lever-propelled wheelchair locomotion (configurations B and C) are consistently lower
than the ones for handrim-propelled wheelchair (configuration A) for the tested scenarios,
except for locomotion on an even surface at v = 0.5 m/s with configuration C (Fig. 4a).
This evidences that lever-propelled wheelchairs are mostly advantageous, but poor design
choices in gear ratios, pivot location, and hand misplacement along the lever can deteriorate
performance, even canceling out the gains over handrim-propelled wheelchairs.

The comparison of available torque in the agonistic EMAs in Fig. 5 reveals that the
better performance of lever-propelled wheelchairs (configuration B2) compared to handrim-
propelled wheelchairs (configuration AQ) is due to a substantial biomechanical and mech-
anism configuration advantage. Indeed, the available torque of the agonistic EMA in B2
exceeds the one in AQ by 20% to over 100% in the critical propulsion phase and the preced-
ing acceleration phase, leading to lower overall muscle excitation and the observed reduced
effort.

The results show that the position of the lever’s pivot plays an important role in per-
formance, with posterior placement (configuration B) presenting substantially superior per-
formance compared to an anterior one (configuration C) in all tested scenarios (Figs. 4(a),
(b), (c), (d)). This finding corroborates previous literature reports indicating that a poste-
rior placement enhances performance. Fiok et al. [13], for instance, designed a dedicated
test bench to assess various lever configurations, including adjustable lever lengths and axis
positions, and concluded that placing the pivot close to the rear wheel axis improves perfor-
mance based on measurements of heart rate, mechanical efficiency, and surface EMG.

The proposed modeling approach unveils the causes for the better performance of pos-
teriorly located lever pivots. The comparison of the available torque by the agonistic EMA
in conditions B2 and C2 in Fig. 6 evidences the biomechanical advantage of B2 over C2,
particularly in the acceleration phase preceding the propulsion phase. This difference, how-
ever, does not fully explain the substantial difference in performance observed in Fig. 4b.
A deeper analysis reveals that the generalized torque due to gravity during the propulsion
phase also contributes significantly to the reduction of muscle activations during this critical
phase, as evidenced in Fig. 7. This favorable gravitational effect on the mechanisms with
posterior pivot positions in the propulsion phase is associated with an unfavorable effect on
the recovery phase. However, as the recovery phase is uncritical, presenting low activation
levels, the overall effect of gravity on the effort over the complete cycle is beneficial.
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The results also show an important effect of gear ratio on performance. As expected,
smaller gear ratios i, (low gear) performed better at low speeds and slopes, while perfor-
mance at increasing speeds requires progressively larger gear ratios (high gear). It is note-
worthy that a gear ratio of i, = 1.0 is close to optimal at a lower speed of v = 0.5 m/s on
a level surface as well as on a steep 4° slope and performs satisfactorily at v = 1.0 m/s.
The fact that this speed range is commonly encountered in most daily activities, combined
with the finding that placing the lever pivot on the rear wheel axis is favorable, supports
the conclusion that a simple mechanical design can result in highly effective wheelchairs. A
design featuring a gear ratio of i, = 1.0 and a lever pivot attached to the rear wheel axis via
a ratcheting mechanism eliminates the need for complex mechanical transmission systems.

However, users who require locomotion at higher speeds over longer distances would
certainly benefit from higher gear ratios, according to the simulation results. More complex
designs may be justified in these cases, with variable gear ratios or fixed higher gear ratios
determined by a trade-off between performance at lower and higher velocities.

While the position of the hand along the handle affects the overall mechanical gain, inter-
acting to some extent with the gear ratio, its most important influence is on upper extremity
configuration and the resulting biomechanical characteristics of the resulting EMAs, chang-
ing the equivalent torque capacity and available range of motion. A position of the hand
corresponding to L = 0.5 m was shown to be consistently favorable in all investigated sce-
narios. This could be a general guideline for the placement of anatomical handles on the
lever. However, allowing for fine-tuned hand position adjustment along the lever might be
interesting, depending on the user’s anthropometrics and terrain conditions.

Propulsion cadence is related to the frequency of periodic loading on the upper extremity
and is considered a relevant aspect in the evaluation of wheelchair locomotion [10]. Al-
though cadence was not included in the cost function, the resulting values from simulations
minimizing effort can be observed in Fig. 8, comparing the handrim-propelled configura-
tion AO with the lever-propelled configuration B2. While configuration AQ was used as a
baseline to represent handrim-propelled locomotion, we acknowledge that it only repro-
duces an “arcing” pattern in the recovery phase — a strategy that can be biomechanically
less efficient than other hand trajectories in the recovery phase [38]. Therefore, using AO
as a reference scenario may underestimate the performance potential of optimized handrim
propulsion, even considering that the impact is expected to be small because the recov-
ery phase is associated with substantially lower muscle activity than the propulsion phase.
Accordingly, the advantages of lever-propelled configurations observed in our simulations
should be interpreted in light of this modeling choice. Further investigation comparing lever
propulsion with more efficient handrim propulsion patterns is needed to better contextualize
these findings.

The simulated cadence for the AQ configuration at a target velocity of 1.0 m/s was ap-
proximately 1.5 Hz, which is higher than values typically reported in the literature for
handrim-propelled wheelchair locomotion. For instance, Boninger et al. [39] reported an
average cadence of 1.13 Hz with a standard deviation of 0.18 Hz for the arcing pattern
(propulsion speed of 0.90 m/s). Similarly, Rankin et al. [40] evaluated four propulsion strate-
gies: (i) self-selected, (ii) maximum contact angle, (iii) minimum peak force, and (iv) min-
imum cadence. Propulsion velocity and cadence varied according to the adopted strategy.
The following values represent the means across subjects, with standard deviations shown
in parentheses: (i) 1.11 (0.24) m/s, 0.83 (0.17) Hz; (ii) 1.06 (0.20) m/s, 0.48 (0.18) Hz; (iii)
1.00 (0.18) m/s, 1.04 (0.21) Hz; and (iv) 1.06 (0.23) m/s, 0.27 (0.13) Hz. These findings
indicate that the propulsion strategy can substantially affect cadence, and suggest that the
high cadence observed in our AQ simulations may be partially attributed to the absence of
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cadence-related penalization in the cost function or to limitations inherent to the reduced
modeling approach.

Although the results presented here are consistent with existing literature and previous
experimental studies, the analysis remains speculative to a certain extent, and future exper-
imental validation is required. Future studies should consider the effect of different body
anthropometry, motor control limitations, fore-aft adjustment of rear wheel position with
respect to the shoulder, as well as different model assumptions. The adopted model assumes
the trunk does not move with respect to the wheelchair and that the motion is contained in
the sagittal plane. Also, during acceleration periods and in slopes, there exists the possibility
of a pitch motion of the wheelchair, which we have not considered in our simulations. The
performance of these different configurations should also be evaluated in curves and tran-
sient conditions beyond steady-state locomotion along a straight trajectory. Furthermore,
the problem could be reformulated to include some of the parameters, such as the gear ratio,
as optimization variables within the OCP, allowing for the identification of task-dependent
optimal settings, and complementing the parametric analysis conducted here.

One important limitation of the proposed framework is that it does not provide direct
access to standard biomechanical indicators such as joint torques, shoulder contact forces,
or energy expenditure estimates that are commonly used in experimental studies. The EMA
formulation was intentionally designed to reduce model complexity and enable predictive
simulations across many configurations, but this comes at the cost of biomechanical resolu-
tion. While trends in neuromuscular effort may qualitatively align with metrics like heart rate
and metabolic cost, the present framework does not allow direct estimation of physiological
or joint-level loads. A potential direction for future work is to post-process the kinematic
and kinetic outputs of the predictive simulations using a full musculoskeletal model, such
as the original OpenSim model used to construct the EMA surfaces. This would include,
for instance, the application of inverse dynamics or muscle-driven simulations to estimate
joint torques and reaction forces from the patterns predicted by the OCP with the simplified
model. Such a hybrid approach could combine the scalability of the OCP+EMA framework
with the biomechanical detail provided by anatomically accurate models.

Another limitation concerns the wrist joint, which was considered as an unactuated hinge
joint connected directly to the lever. For the specific task of lever propulsion, we assumed
that the wrist torque has a limited influence on net torque transmission to the lever. This sim-
plification is common in the literature for similar tasks (e.g., [14, 16, 18]), where focus is
placed on shoulder and elbow contributions. Nevertheless, in tasks such as handrim propul-
sion, wrist moments, particularly on the ulnar and radial deviation directions, can influence
the effective force generation capacity.

The discussed limitations evidence the future need for experimental validation. To this
end, different lever-propelled wheelchair locomotion can be experimentally investigated us-
ing a motorized treadmill under prescribed velocity and slope conditions in a motion capture
laboratory to collect kinematics and temporal parameters. The force applied to the lever can
be collected using a custom instrumented lever. Additionally, metabolic energy expenditure
could be estimated based on oxygen consumption. This would provide a powerful exper-
imental setup to validate our modelling approach and to investigate the effect of design
parameters on lever-propelled wheelchair locomotion.

5 Conclusions

The analysis presented in this study is exploratory in nature and focuses on evaluating spe-
cific, mechanically plausible configurations of lever-propelled wheelchairs on locomotion
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performance across various velocities and tetrrain slopes using predictive simulations. The
proposed Equivalent Muscle Actuator (EMA) acts directly on the device and represents
the combined effect of the muscle system and the closed kinematic chain configuration,
leading to a substantial model reduction while providing insights into the human-device
interaction. The predictive simulations show a clear advantage of lever-propelled over con-
ventional handrim-propelled wheelchairs in terms of required effort and propulsion cadence
if the design parameters are chosen appropriately. The results also show that the placement
of the lever’s pivot on the rear wheel’s axis is advantageous compared to a more anterior
position and that a 1:1 gear ratio leads to a nearly optimal performance for low velocities
and satisfactory performance for moderate velocities. These combined findings indicate that
the simplest mechanical design, with the lever attached directly to the rear wheel’s axis and
no additional transmission, is an effective solution for activities of daily living, leading to
a reliable and affordable design. A design with higher or variable gear ratios seems to be
only justified for more active users, requiring locomotion at higher velocities. Furthermore,
a hand placed at 0.5 m from the axis along the lever was shown to lead consistently to better
performance, which provides another relevant design guideline. Although the predicted per-
formance is consistent with existing experimental findings in the literature, the developed
lever-propelled wheelchair model is not fully validated, and the reported conclusions remain
speculative to some extent, requiring future experimental confirmation.

Appendix

Table2 Objective function for v = 0.5 m/s, and slope = 0°. Cells are color-coded from green to red according
to the value of the objective function: lower values are closer to green, and higher values are closer to red
(Color table online)

Configuration ir=0.5 0.75 1 1.25 1.5 1.75 2 2.25
A0 0.00407  0.00302 0.00292 0.00313 0.00349 0.00393 0.00442  0.00495
B1 0.00374 0.00255
B2 0.00352

B3 0.00342  0.00270  0.00250 0.00251 0.00262 0.00281  0.00304
C1 0.00528 0.00411 0.00402 0.00412 0.00439 0.00473 0.00511 0.00552
C2 0.00454  0.00318 0.00294 0.00304 0.00328 0.00361  0.00400 0.00444
C3 OOEBEN 0.00494 0.00436  0.00429 0.00443 0.00469  0.00502 | 0.00558

Table3 Objective function for v = 1.0 m/s, and slope = 0°. Cells are color-coded from green to red according
to the value of the objective function: lower values are closer to green, and higher values are closer to red
(Color table online)

Configuration ir=0.5 0.75 1 1.25 1.5 1.75 2 2.25
A0 NA 0.00612  0.00476  0.00434 0.00427 0.00438 0.00460 0.00488
B1 NA 0.00568 | 0.00383

B2 NA 0.00526 = 0.00351

B3 NA  [JOI00831 0.00551 0.00430 0.00375 0.00350 0.00340  0.00340
C1 NA 0.00654  0.00517  0.00473 0.00484 0.00483 0.00493 0.00511
C2 NA 0.00593  0.00435 0.00378 0.00359 0.00359 0.00369 0.00386
C3 NA _ 0.00635  0.00530  0.00485 0.00469 0.00468  0.00476
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Table4 Objective function for v = 1.5 m/s, and slope = 0°. Cells are color-coded from green to red according
to the value of the objective function: lower values are closer to green, and higher values are closer to red
(Color table online)

Configuration ir=0.5 0.75 1 1.25 1.5 1.75 2 2.25

A0 NA NA 0.00605  0.00550 0.00529  0.00527 0.00537
B1 NA NA  0.00667

B2 NA NA  0.00613

B3 NA NA 0.00690  0.00557

C1 NA NA 0.00604 0.00548 0.00527 0.00551  0.00549
C2 NA NA  0.00666 0.00523

C3 NA NA 0.00626  0.00565 0.00532  0.00517

Table5 Objective function for v = 0.5 m/s, and slope = 4°. Cells are color-coded from green to red according
to the value of the objective function: lower values are closer to green, and higher values are closer to red
(Color table online)

Configuration ir=0.5 0.75 1 1.25 1.5 1.75 2 2.25
A0 0.0350 0.0396 0.0451

B1

B2

B3

C1 0.0339 0.0366 0.0402

Cc2 0.0345 0.0426

C3 0.0354 0.0447

Table 6 Duty cycle for v = 0.5 m/s, and slope = 0°. Cells are color-coded from green to red according to
the value of the duty cycle: lower values are closer to green, and higher values are closer to red (Color table
online)

Configuration ir=0.5 0.75 1 1.25 1.5 1.75 2 2.25

A0 0.291
B1
B2
B3
C1
C2
C3

Table 7 Duty cycle for v = 1.0 m/s, and slope = 0°. Cells are color-coded from green to red according to
the value of the duty cycle: lower values are closer to green, and higher values are closer to red (Color table
online)

Configuration ir=0.5 0.75 1 1.25 1.5 1.75 2 2.25
A0 NA 0.280

B1 NA 0.206

B2 NA

B3 NA 0.288  0.329
C1 NA

C2 NA

C3 NA 0.277  0.318
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Table 8 Duty cycle for v = 1.5 m/s, and slope = 0°. Cells are color-coded from green to red according to
the value of the duty cycle: lower values are closer to green, and higher values are closer to red (Color table
online)

Configuration ir=0.5 0.75 1 1.25 1.5 1.75 2 2.25

A0 NA NA | 0.136 0.190 0.242
0.212  0.254

B1 NA NA 0.129 0.170
B2 NA NA 0.157 0.196 0.235 0.274
B3 NA NA 0.124 0.159 0.194 0.228
C1 NA NA 0.218 = 0.269 0.249

C2 NA NA 0.152 0.191 0.231  0.269
C3 NA NA 0.152 0.186 0.220

Table 9 Duty cycle for v = 0.5 m/s, and slope = 4°. Cells are color-coded from green to red according to
the value of the duty cycle: lower values are closer to green, and higher values are closer to red (Color table
online)

Configuration ir=0.5 0.75 1 1.25 1.5 1.75 2 2.25
A0 0.334 0.443 0.516
B1 0.397 0.497
B2 0.381 0.477
B3 0.338 0.432
C1 0.499 0.449

C2 0.392 0.488
C3 0.333  0.426
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