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A new wheelchair ergometer designed as an
admittance-controlled haptic robot
Félix Chénier, Pascal Bigras, Rachid Aissaoui

Abstract—Wheelchair ergometers aim to simulate the propulsion of a wheelchair in a controlled laboratory setup. One
drawback of current ergometers is that the simulated wheelchair
is always modelled as a simple unidimensional mass and friction,
which do not allow a correct simulation of turning maneuvers. In
this article, we present a new design for a wheelchair ergometer
based on haptic robotics. This ergometer allows to simulate any
linear or non-linear model of the wheelchair-user system in realtime, including models that implement turning maneuvers.
The presented prototype was validated experimentally. The
rear wheels of the ergometer match the rear wheels’ velocities
of the simulated wheelchair with a root-mean-square (RMS)
error of 0.9 %. Therefore, the ergometer’s accuracy is mainly
bounded by the accuracy of the wheelchair-user model, which
means that future improvements of the wheelchair-user model
will be directly reflected by the ergometer. The conditions for
stability were also evaluated. A minimal simulated mass of 18 kg
and a minimal simulated moment of inertia of 1 kg·m2 are
needed. These requirements are encountered by any wheelchairuser combination.
Index Terms—Haptic interfaces, Real time systems, Handicapped aids, Wheelchairs, Ergometers, Simulators, Force feedback, Stability
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I. I NTRODUCTION

HEELCHAIR propulsion is a tedious activity that
presents a high risk of long-term injuries and pain
to the upper body [1]. To understand and reduce the impact
of this activity on the upper body, biomechanical analysis of
wheelchair propulsion was performed extensively during the
last decade, mainly on straight line, either on level-ground,
ramps or cross-slopes [2], [3]. This being said, turning is
a significantly different task than propelling in straight line.
For example, to perform a left turn, the left hand stops
propelling and slows down the left wheel, while the right
hand compensates with higher propulsion forces [4]. Currently,
little is known on the biomechanics of turning maneuvers,
despite their recurrent use in tight spaces. This may be
related to the limited availability of appropriate evaluation
tools. As a matter of fact, stationary wheelchair ergometers
such as treadmills or rollers allow to simulate the propulsion
conditions with a better reproducibility than on the ground
while requiring less space, and thus are extensively used in the
study of wheelchair propulsion [2], [3], [5]. Treadmills have
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the advantage of reproducing accurate propulsion conditions
on different ramps and cross-slopes, whereas roller ergometers
are more suitable to user-selected speeds and may simulate
different rolling resistances [2], [6]. Turning maneuvers are
however impossible on treadmills. Moreover, whereas current
roller ergometers simulate the total wheelchair-user’s mass
by inertial rollers and the rolling resistance by breaks [7]–
[15], the wheelchair-user system’s moment of inertia and the
orientation of the caster wheels are not taken into account,
despite their important contribution on the behaviour on a real
wheelchair [16]. Consequently, no stationary ergometer can
currently reproduce the wheelchair propulsion on curvilinear
paths.
Recently, a new model of the wheelchair-user system propelled on straight and curvilinear paths was presented and
validated [16]. This model is a non-linear estimator of the
wheels’ velocities as a function of the moments applied on
the rear wheels by the user. Due to its non-linear nature, it
would be difficult to implement this dynamic model on an
ergometer using only mechanical parts. However, haptic robots
allow to generate large ranges of force-velocity interactions at
the robot-user interface [17]. Thus, a wheelchair ergometer
could be designed as a haptic robot for which the robot-user
interface is the wheelchair’s hand rims.
In this article, we present a new wheelchair ergometer
designed as an admittance-controlled haptic robot, which
reproduces the wheelchair-user model described in [16] in
real time, thus enabling straight and curvilinear propulsion.
The first fold of this article is a description of the prototype,
including details of the virtual environment and of the haptic
interface. The second fold is a validation of the prototype,
based on its frequency response, on an analysis of stability,
and on a measure of the resultant forces at the hand rims for
a user performing continuous propulsion with one and two
hands.
II. D ESCRIPTION OF THE PROTOTYPE
A. Overview
A picture of the prototype is shown in Fig. 1. The user’s
wheelchair is placed on two independent motorized rollers.
Contrarily to other ergometers [7]–[11], the rollers are empty
so that their moment of inertia is voluntarily minimal. For
example, the combined moment of inertia of the motors, rollers
and wheels is of 0.15 kg·m2 , compared to 3.5 kg·m2 for
the wheelchair ergometer of University of Pittsburg [10]. The
inertial effect of the wheelchair during propulsion is instead
simulated, and is provided by the motors.
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B. Haptic control
There are two main strategies in haptic control: impedance
and admittance control. The first is most popular because
force sensors are not necessary: the motors generate feedback
moments as a reaction to displacements of the wheels. This
strategy is well suited to simulate low-inertia objects with a
highly back-drivable interface, which means the wheels must
be easy to move when no feedback moments are applied
[17], [19]. A wheelchair-user system has however a high
inertia. Moreover, Harrison et al. [11] found that to fulfil
the high back-drivability requirement, frequent realignments
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The rollers are driven by two D063M direct drive motors
(Kollmorgen). As direct drive motors provide high torques
at low velocities, their action can be applied directly to the
rollers without a timing belt or additional gearing. The motors
generate up to 390 N at the roller-wheel interfaces, which is
thrice the maximal force generated by experienced users on
an Americans with Disabilities Act (ADA) standardized ramp
of 5 [18]. They are therefore strong enough to generate any
realistic force feedback to the user. The motors are driven by
two AKD-B00606 120 V 1-phase drives (Kollmorgen), and are
current-commanded by a current loop integrated in the drives.
The rollers’ angular position is measured by sin/cos encoders
with a high resolution of 262144 ticks by motor revolution.
As a force sensor, the rear wheels of the user’s wheelchair
are substituted by two Infrared SmartWheels (Three Rivers
Holdings, LCC) that measure in real time the forces and
moments applied by the user on the rear wheels.
Two computers are used in parallel. A first computer runs
the real-time operating system xPC Target (The MathWorks,
Inc.) at a sampling frequency of 2 kHz. This computer
implements the control loops and the virtual environment.
It is connected to the instrumented wheels by two RS232
serial ports, and to the motor drives by a NI PCI-6221 DAQ
card (National Instruments Corp.). A second computer running
Windows (Microsoft Corp.) acts as the interface between the
ergometer and the operator. It controls the operation of the ergometer and logs selected data. Both computers communicate
by a TCP-IP link.
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Fig. 3: Free-body diagram of the wheelchair-user model (top
view).

of the motors, rollers, clutches and brakes were needed.
Our prototype does not contain clutches or brakes, but the
motors and rollers still need to be well aligned to reduce the
friction. We found that a more adapted solution was to use an
admittance control, which is more suited to the simulation
of high-inertia objects with hardly back-drivable interfaces
[17], [19]. For this control strategy, the motors adjust their
velocity as a reaction to the moments applied on the wheels.
Fig. 2 shows a top-level schematic of the admittance control
used by the proposed wheelchair ergometer. It is composed of
two main parts: the virtual environment (VE) and the haptic
interface. Both parts will be described in the next sections.
C. Virtual environment
The VE implements the behaviour of a virtual object in
its environment. In our case, the virtual object is a userpropelled manual wheelchair and the environment is a levelground floor. More precisely, the VE outputs the virtual
rear wheels’ angular velocities (!VE-R , !VE-L ) that correspond
to the applied moments (MmeasR , MmeasL ). This is also the
function of the dynamic model of the wheelchair-user system
presented in [16]. This model, for which a free-body diagram
is given in Fig. 3, was validated with 10 subjects and was
found to be twice as accurate as the model of a standard
independent-rollers ergometer for the continuous propulsion
of a wheelchair on curvilinear paths. Therefore, it will be used
as the ergometer’s VE.
Rearranging the model’s motion equations from [16],
the virtual rear wheels’ angular accelerations !˙ VE =
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[!˙ VE-R !˙ VE-L ]T are expressed as a function of the moments measured by the instrumented wheels ⌧meas =
[MmeasR MmeasL ]T :
!˙ VE = M
where:
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rR , rC , dR , dL , dF , dC , dW are geometrical constants
according to Fig. 3 (m);
• m is the total mass of the simulated wheelchair-user
system (kg);
• I0y is the equivalent vertical moment of inertia of the
simulated wheelchair-user system around reference frame
O (kg·m2 ), which combines the mass m and the moment
of inertia IWy around the centre of mass: I0y = IWy +
d2W m = constant;
• Froll is the rolling resistance (N);
• !CR and !CL are the angular velocities of the right and left
caster wheels (rad/s), and can be expressed as a function
of the rear wheels angular velocities: [!CR !CL ]T =
(rR /rC )JF !VE ;
• ↵R and ↵L are the orientation of the right and left caster
wheels (rad), computed from the kinematic model of the
wheelchair [20]:
✓
◆
rR (!VE-R !VE-L )
dF sin ↵i
↵˙ i =
dL cos ↵i ⌥
dC
dC dR
2
rR (!VE-R + !VE-L )
sin ↵i , i 2 {R, L} (7)
2dC
•

D. Haptic interface
The haptic interface is the link between the user and the VE.
Its role is to match the measured moments (MmeasR , MmeasL )
to the applied moments (MappR , MappL ), and the real wheels’
velocities (!R , !L ) to the virtual wheels’ velocities (!VE-R ,
!VE-L ). Fig. 4 shows a block schematic of the proposed haptic
interface for one wheel; the interface is duplicated for the other
wheel. The Real world part models the real velocity ! of the
wheel as a response to the motor’s current imotor and to the
perturbation Mapp applied by the user. The Real-time computer
part is mainly a velocity compensator. A proportional-integral
(PI) compensator is used to eliminate the steady state error.
As the roller has a low moment of inertia, the external
perturbation Mapp has a high impact on its acceleration.
However, this external perturbation is measured, thus the direct

application of an inverse torque through the gain kR kT 1 counterbalances this perturbation. By doing so, the compensator
can be set slower, therefore its gains can be lowered.
The motor’s velocity !motor is compared to the reference
velocity !d . However, only the motor’s angle ✓motor is available
through the position encoder. Therefore, !motor is estimated
based on a derivative low-pass filtering of the measured
motor’s position, using the first order filter as/(s + a). Values
for the time constant a of this velocity filter and for the
compensator’s gains kP and kI are given later in section III.
E. Stability
On admittance-controlled haptic interfaces, instabilities may
happen when rendering a low inertia [17], [19]. Fortunately,
a typical wheelchair-user system has a total mass of about
100 kg, which is far from being a low inertia. The ergometer
is thus unlikely to be unstable. Notwithstanding this, because
of its important impact on the users’ safety, the stability of the
ergometer needs to be addressed.
Assuming a passive human [21], the stability of a system
such as Fig. 2 is demonstrated by showing the passivity of
the Haptic robot block [22]. Usually, the VE is considered
non-passive to take account of the discontinuities introduced
by the computer processing. Consequently, the haptic interface
ensures the haptic robot’s passivity by implementing a virtual
coupling [21] or a passivity observer and controller (PO/PC)
[23], [24]. However, the main drawback with virtual couplings
and PO/PCs is that they could interfere in the user’s perception
of the VE [17].
In our case, the haptic robot does not need to be fast. As
a matter of fact, at least 99 % of the hand kinematics is
comprised in the 0-5 Hz band when propelling a wheelchair
[25]. The computer processing is therefore largely fast enough
to be approximated by a continuous process, simplifying the
passivity analysis of the VE. Thus, if the VE is indeed
passive, the whole system of Fig. 2 will be necessarily passive,
assuming a transparent haptic interface (its outputs must match
its inputs perfectly). We will now show the passivity of the
VE and the transparency of the haptic interface.
1) Passivity of the virtual environment: We show the VE
passivity using the energy-based Lyapunov function of the VE
[22]. In other words, we will show that:
dE(t)
 Pinput
dt

(8)

where dE(t)/dt is the rate of “energy” variation in the VE
and Pinput is the power generated by the user. Developing (8)
yields:

d 1 T
! M! VE = !VE T M!˙ VE  !VE T ⌧meas
(9)
dt 2 VE
Replacing !˙ VE from (1):
!VE T ⌧meas + rR (!VE T JF T f )  !VE T ⌧meas

(10)

This inequality resolves to:
(JF !VE )T f  0

(11)
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Mapp is the moment applied by the user (Nm).
Mmeas is the measured moment Mapp (Nm).
!VE is the velocity of the virtual wheel (rad/s).
!motor is the velocity of the motor (rad/s).
✓motor is the position of the motor (rad).
!motor(est) is the estimated velocity of the motor (rad/s).
✓motor(meas) is the measured position of the motor (rad).
! is the velocity of the wheelchair’s wheel (rad/s).
id is the current reference of the motor (A).
imotor is the current in the motor (A).
kR is the ratio of radii between the wheelchair’s wheels
and the rollers. On our prototype, kR = 2.21.
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kT is the torque gain of the motor (Nm/A).
The D063M motors provide a torque gain of
4.406 Nm/A.
The unknown parameters J, kv and MF are the
total moment of inertia (kg·m2 ), viscous moment
of friction (Nm·s) and dry moment of friction
(Nm) of the wheel, roller and motor, reported
around the motor’s rotation axis.
kP is the proportional gain of the compensator
and is set experimentally.
kI is the integral gain of the compensator and is
set experimentally.

Fig. 4: Block schematic of the haptic interface for one wheel.

The rear wheels velocities !VE can be expressed as a
function of the caster wheels velocities !C = [!CR !CL ]T by:
!VE = (rC /rR )(JF

1

!C )

(12)

Combining (11) and (12):
(rC /rR )(JF JF

1

!C )T f  0

(13)

The ratio of wheels’ radii (rC /rR ) is positive, which reduces
the passivity condition to:
!C T f  0

Developing !C T f yields:
 Froll
⇥
⇤
2 sgn(!CR ) =
!CR !CL
Froll
2 sgn(!CL )

(14)

Froll
(|!CR | + |!CL |) (15)
2

which is indeed never positive, as Froll is a positive real
parameter of the VE. This confirms the passivity of the VE.
2) Transparency of the haptic interface: Minimal requirements for the transparency of the haptic interface of Fig. 4
are a low velocity error and a bandwidth that matches at
least the bandwidth of wheelchair propulsion of 5 Hz. These
minimal requirements will be verified experimentally. This
being said, they may not be sufficient to guaranty the global
stability of the system. Consequently, as a safety feature, we
implemented a real-time power observer that computes the
instant power on both sides of the haptic interface, namely the
user power (Puser = !Mapp ⇡ kR 1 !motor(est) Mmeas ) and the VE
power (PVE = !VE Mmeas ). If Puser is negative and significantly

lower than PVE , then the user is receiving unexpected power.
In that case, the ergometer is stopped instantly. We defined
the threshold for unexpected received power to 3 W, which
is 5 % of the average power normally applied on continuous
propulsion by wheelchair users [18].
It is also worth noting that the minimal bandwidth of 5 Hz
is valid only if the rendered inertial parameters m and I0y are
representative of the propulsion of a wheelchair. With lower
inertial values, the user may generate accelerations that may
not be followed by the compensators [19]. Minimal values for
m and I0y will also be found experimentally.
III. E XPERIMENTAL METHOD
The VE was previously validated for the continuous propulsion on straight and curvilinear patterns. The velocity of the
rear wheels are estimated with a root-mean-square (RMS)
error of 6 % on straight line, and 8 % to 11 % on curvilinear
patterns [16].
Therefore, the validation of the proposed ergometer is based
on the reproduction of this VE at the user-wheels interface.
To this effect, the transparency of the haptic interface was
experimentally verified, first by measuring the compensators’
bandwidth and accuracy, then by measuring the minimal
allowed VE parameters. Finally, a user propelled on the
ergometer in different wheeling conditions while the resultant
forces at the hand rims were measured. These forces were
compared with the literature.
Parameters a, kP and kI of the compensators were chosen
experimentally. For the velocity filters, a low value of a rejects
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TABLE I: Virtual environment’s parameters values
m = 99.0 kg
dL = 0.475 m
rR = 0.300 m

I0y = 8.0 kg·m2
dR = 0.533 m
dC = 0.040 m

Froll = 14.0 N
dF = 0.455 m

most quantization noise from ✓motor(meas) . However, unless a is
significantly higher than the bandwidth of the compensators,
the velocity filters will introduce a significant phase shift that
may affect the stability of the compensators. We found that a
cut-off frequency of a = 2⇡ ⇥(120 Hz), which is 24 times the
expected bandwidth of the compensators, gave good results at
rejecting the quantization noise while keeping the phase shift
to 87.6 at 5 Hz, which is near the ideal differentiator value
of 90 .
For the compensator’s gains, higher values of kP are advisable to increase the bandwidth of the compensator. However,
when kP is set too high, the real velocity can oscillate around
the reference, and the unfiltered quantization noise from the
velocity filter can be amplified too much and passed to the
current command. Both cases generate vibrations and acoustic
noise that may affect the user experience. Thus, kP was set
to 2, which is the highest value before these phenomenons
occur. Based on the selected value of kP , kI was experimentally
chosen so that the amplitude gain of the compensator was
mostly flat in the 0-4 Hz bandwidth, which contains 95 % to
99 % of the wheelchair propulsion spectrum [25]. This gave
a value of kI = 6.
VE parameters were set to simulate the propulsion of an
Invacare Ultralight A4 wheelchair over a tiled floor by an
average user. To this effect, averaged parameter values from
[16] were used as the VE parameters (Table I).
A. Frequency response of the compensators
The VE was replaced by a sinusoidal velocity reference
oscillating at ±10% of a 3 rad/s velocity offset. This offset
corresponds to a linear velocity of 0.9 m/s, which is a normal
wheeling speed among experimented wheelchair users [18].
The frequency of the reference was swept from 0.1 to 10 Hz.
For each frequency, the amplitude and phase of the real and
reference velocities of the motors were compared after the
system had stabilized.
B. Accuracy of the compensators
The steady-state error was calculated from the frequency
response at 0.1 Hz. Then, a user propelled on the ergometer
bimanually and synchronously with a self-selected average
velocity of 0.85 m/s. The compensators’ RMS error on continuous propulsion was calculated from the real and virtual
wheels’ velocities over one minute of propulsion.
C. Minimal VE parameters values
We were looking for the minimal values of m and I0y
for which the ergometer is stable. To this aim, m and I0y
were decreased from their initial values until the user was
able to trigger the power observers described in section II-E.
The strategy to destabilize the ergometer was to apply quick

successions of large positive and negative moments on the rear
wheels, in order to create accelerations and decelerations that
could not be followed by the velocity compensators. As the
firmness of the user grasp is an important factor of instability
[19], the user held the hand rims as firmly as possible. The
lowest VE parameters values for which the power observer
could not be triggered were recorded.
D. Resultant propulsion forces
A user propelled on the ergometer at 1 m/s with a push
frequency of 1 Hz. This velocity and frequency were chosen
in accordance with previous studies [5], [18] and were controlled using a speedometer and a metronome. The resultant
propulsion force |Fres | was calculated as the vector sum of the
three force components measured at the hand rim, and was
averaged over 20 pushes.
The user was first asked to propel bimanually, to compare
the resultant forces with a propulsion over the ground [18] and
on three other ergometers [5].
Then, the user was asked to propel the right wheel at the
same velocity while keeping the left wheel stopped, to simulate
the propulsion along a circular path around the left wheel. This
task was repeated with an alternate VE, expressed in (16),
that simulates the behaviour of a standard independent-rollers
ergometer as two independent inertial and resistive systems
[16]. This allowed to compare the forces needed to perform
turning maneuvers on an ergometer implementing the standard
independent-rollers model (Eq. 16) and on the same ergometer
implementing the new dynamic model of the wheelchair-user
system (Eq. 1).
!˙ VE(alt) = M(alt)
where:

1

(⌧meas + f(alt) )


Froll sgn(!VE-R )
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2
" 2
#
0
2
mrR
1
M(alt) =
2
0
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R

IV. R ESULTS
A. Frequency response of the compensators
The frequency response of the compenators is presented as
a Bode plot in Fig. 5. We observe a -3dB cut-off frequency
of 5 Hz, and a -6dB cut-off frequency of about 6 Hz. On
frequencies higher than 6 Hz, the amplitude gain drops quickly
with a slope of -60 dB/decade. In the 0-4 Hz band, the
amplitude gain stays very flat and within ±1 dB, and the
phase shift ranges from 0 to 30 . As a conclusion, the
5 Hz bandwidth of the compensators is indeed large enough
to follow any wheels’ velocities in the wheelchair propulsion
bandwidth.
B. Accuracy of the compensators
The steady state RMS velocity error was measured at 0.1 Hz
and gave 0.17 % and 0.16 % for the right and left wheels,
which is negligible. The RMS velocity error over one minute

Amplitude (dB)
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TABLE II: Three stable cases with low inertial parameters.
Bold values indicate minimal values under which the stability
of the ergometer cannot be ensured.

0
−6

−12
−18

m (kg)
I0y (kg·m2 )

Phase (deg)

0
−15
−30
−45
−60
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Fig. 5: Frequency response of the velocity compensators.
Legend: Right wheel: - - - , Left wheel: —
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Fig. 6: Excerpt of the real velocities (—) and virtual velocities
(- - -) of the right wheel (bottom) and of the left wheel (top),
in a case of continuous bimanual propulsion. Grey shades
correspond to the push phases.

of propulsion was 0.87 % and 0.75 % for the right and left
wheels. Fig. 6 shows the good match between the virtual and
real wheels’ velocities.
C. Minimal VE parameters values
The user was unable to trigger the power observers in the
three conditions of Table II. We observe on cases 1 and 2 that
individually, the inertial parameters can be very low before
an active behaviour of the ergometer can be observed. On
case 3, we observe that these parameters can also be very low
altogether, although slightly higher, with a minimal mass of
18 kg and a minimal moment of inertia of 1 kg·m2 . As a
comparison, Eicholtz measured a mass and moment of inertia
of 13.17 kg and 1.213 kg·m2 for a Quickie GT wheelchair
alone [26]. Thus, for the ergometer to be stable, the simulated
user would need to weight at least 5 kg. The minimal moment
of inertia is already reached by the wheelchair alone. In other
words, the ergometer will be stable for any realistic values of
the VE parameters.
D. Resultant propulsion forces
Fig. 7a shows the resultant forces for the bimanual propulsion on the ergometer. Peak forces vary in the 45 to 73 N
range from one push to another. This is comparable to the
average peak forces measured at similar velocities and push

(c)

100

|Fres | (N)

Wheel velocity (rad/s)

Case 2
99.0
0.5

50

50

0

0
0

0.5

1

Time (s)
Fig. 7: Resultant forces for different wheeling conditions on
the ergometer (mean ± s.d. over 20 pushes). (a) Straight line.
(b) Circular path around the left wheel. (c) Circular path
around the left wheel while simulating the behaviour of a
standard independent-rollers ergometer.
frequencies on a tiled floor (72.3 ± 25.3 N) [18] and on three
other ergometers (60.3 ± 5.07 N, 48.7 ± 4.2 N, and 69.7 ±
5.3 N) [5].
When a user turns around the left wheel, he needs to apply
more force on the right wheel to maintain the movement,
and a backward force on the left wheel to keep it stopped
[4]. This expected behaviour is reproduced by the proposed
ergometer (Fig. 7b), but not by the simulated independentrollers ergometer (Fig. 7c), where the wheels are independent
and therefore cannot reproduce the interaction between both
wheels of a real wheelchair.
V. D ISCUSSION
A. Transparency of the haptic interface
Based on Fig. 4, the closed-loop transfer function of the
haptic interface is given by a second order equation. However,
we observed in Fig. 5 that the cut-off slope of the amplitude
gain is of -60 dB/decade instead of -40 dB/decade. This means
that the real system is at least a third order, and that at least
one real pole of the Real world part of Fig. 4 is not modelled.
Moreover, as the transition from 0 to -60 dB/decade happens
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on a narrow band, this means the additional pole has a strong
contribution to the bandwidth of the compensators. We believe
this unmodeled pole comes from the rubber transmission link
between the motors and the rollers. It is known that any
haptic interface must maximize its stiffness while eliminating
its backlash [27], [28]. In our case, if the transmission link
was slightly more elastic, the unmodeled pole would decrease
in frequency and the necessary 5 Hz bandwidth could not be
reached. Therefore, even though the transmission link was stiff
enough on the proposed prototype, future prototype designs
should emphasis on this potential issue.
As the stability of an admittance-controlled interface is
bounded by the minimal rendered inertial parameters, an
experimental search of the minimal allowed inertial parameters
was best suited to show the stability of the ergometer. This
technique was also used previously for a similar application
[19]. However, the user may miss existing states of activeness.
Notwithstanding this, the experimental conditions (firm grip,
large accelerations and decelerations) were specifically aimed
to trigger instabilities. Moreover, if the rendered mass and
moment of inertia are significantly higher than their minimal
values, the probability of instability becomes negligible. We
found minimal values of m = 18 kg and I0y = 1 kg·m2 ,
whereas plausible values are in orders of 100 kg and 8 kg·m2
[16]. Therefore, the stability of the ergometer is experimentally
ensured for wheelchair propulsion.
B. Propulsion on the ergometer
When testing the ergometer by inexperienced users, we
received a recurrent comment that wheelchair propulsion
on the ergometer felt realistic for continuous propulsion,
but somewhat heavier than on the ground during start-ups.
However, the VE is well reproduced by the haptic interface
(Fig. 6), and the resultant forces on continuous propulsion are
comparable to resultant forces on the ground (Fig. 7a). The
following preliminary observations may explain this feeling:
a) Larger acceleration: We observed that when initiating
the movement from stop, the same users accelerated faster on
the ergometer than they did on the ground, which results in
stronger forces and could explain the feeling of heaviness. This
behaviour of the users could be due to the absence of a visual
feedback of their trajectory or velocity, and to the absence of
an acceleration feeling on their body. Moreover, maybe they
dared to accelerate more because they did not have to steer or
to keep the wheelchair’s balance.
b) Dynamic model of the wheelchair: When a real
wheelchair-user system accelerates quickly, its centre of pressure moves temporarily backward. This is the phenomenon
involved in wheelies. Consequently, as the rear wheels offer
less rolling resistance than the front wheels, the total rolling
resistance decreases temporarily [29]. This phenomenon cannot be reproduced neither by current roller ergometers since
the wheelchair is stationary, neither by the proposed ergometer
since the simulated rolling resistance Froll is constant.
A study on three similar ergometers correlated the average
forces and wheeling velocities from an ergometer to another
for continuous propulsion, but not for start-ups [5], which

seems to corroborate our observation that start-ups may not
be well reproduced by ergometers. Therefore, as start-ups and
continuous propulsion are generally analyzed separately [18],
we agree with the literature that ergometers are advisable
to analyze the continuous propulsion [2], [3], [5], but that
start-ups should be analyzed on the ground rather than on an
ergometer [30].
The authors of [5] also discuss on the importance of the reproducibility of wheeling conditions between different subjects
and ergometers, which is currently difficult to achieve because
an ergometer’s rolling resistance is strongly dependent on the
user’s weight and position. The proposed ergometer should
solve this problem, since its rolling resistance is completely
defined by the VE.
The rear wheels’ velocities estimated by the current VE
on straight line are accurate with a 6 % RMS error, which
is equivalent to a perfectly calibrated roller ergometer [16].
As the velocity compensators did not introduce much error
(less than 0.9 %), this means that on straight line, the proposed ergometer is practically as accurate as a standard roller
ergometer. On the other hand, the same VE was found to
estimate the wheels velocities with twice the accuracy of a
roller ergometer on continuous curvilinear propulsion, with
RMS errors of 8 % and 11 % for the outward and inward
wheel respectively [16]. Therefore, the proposed ergometer is
much more accurate than a standard ergometer for continuous
curvilinear propulsion.
VI. C ONCLUSION
We presented a new wheelchair ergometer designed as a
haptic robot. This new design allows to simulate any model
of the wheelchair-user system, including the non-linear model
described in [16]. This model has twice the accuracy of
a standard independent-rollers ergometer for propulsion on
curvilinear paths. The necessary 5 Hz bandwidth is met by
the compensators; however, special attention should be put on
the transmission links between the motors and the rollers in
order to limit their elasticity and eliminate the backlash. We
also found that the accuracy of the ergometer is limited not
by the device itself (RMS error of less than 0.9 %), but by
the simulated VE (6 % to 11 % RMS error depending on
the wheeling trajectory). Therefore, future developments on
the ergometer’s accuracy should focus on improvements of
the dynamic model of the wheelchair-user system. Finally, the
choice of an admittance control not only allows the haptic
interfaces to be hardly back-drivable, thus reducing the maintenance needs, but also bounds the stability of the ergometer
to very low inertial parameters (m 18 kg, I0y 1 kg · m2 ).
Based on these minimal values, any possible values for the
VE’s parameters will ensure the stability of the ergometer.
This new wheelchair ergometer provides a haptic feedback
that is more representative of wheelchair propulsion, and that
can be modulated on the fly.
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technologie supérieure (ÉTS), Montreal, Quebec,
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de Montréal, in 1997. He is currently Associate Professor in the Department of automated manufacturing engineering, ÉTS. His research interests include
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