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Abstract— Back-support (BS) exoskeletons aim at preventing
or minimizing low-back pain in workers within occupational
environments. Currently, there is no consensus on the optimal
controller for BS exoskeletons. We propose a controller based on
electromyography (EMG)-informed musculoskeletal modeling
that estimates back muscle-tendon forces and moments. In this
study, we validate an EMG-driven trunk model to estimate
flexion-extension moments at the lumbar L5/S1 joint, during
symmetric lifting tasks. In a first experimental session, ground
reaction forces, subject kinematics and bipolar EMG activity
from abdominal and lumbar muscles were recorded to estimate
L5/S1 moments using both, inverse dynamics (ID) and EMG-
driven modeling approaches. One subject performed squatting
and stooping lifting tasks with three weight conditions (0, 5
and 15 kg). Correlation coefficients, R2, between reference
moments (from ID) and corresponding EMG-driven estimates
ranged between 0.94 and 0.98, with root mean squared errors
between 10.23 and 20.30 Nm. In a second experimental session,
4 high-density EMG (HDEMG) grids (256 channels) were
used to generate high-fidelity topographical activation maps
of thoracolumbar muscles during lifting tasks. These maps
revealed that lifting objects using the squatting technique,
underlay a shift of activation from caudal muscle trunk regions
to cranial areas while lowering the weights. Muscle forces
derived from EMG-driven modeling altogether with HDEMG
activation maps are here proposed as a new framework to
understand trunk neuromechanics during complex lifting tasks.

I. INTRODUCTION

Physically demanding tasks such as heavy object lifting
or prolonged stooped postures have a high prevalence within
occupational environments. These activities take a toll on the
human musculoskeletal system. As a result, low back and
shoulder pain are present in more than 40% of the European
working population [1]. Physical loading of the low back
has been regarded as one of the main contributors to the
development of chronic low back pain (LBP) [2]. LBP does
not only have an impact on workers’ quality of life, but it
also entails an economical burden due to the costs related to
diagnosis and treatment.

Robotic exoskeletons have the capacity to enhance human
motor capabilities. These devices augment human power
by providing assistive forces or torques to a single or
multiple joints. In a clinical setting, patients suffering from
neuromusuclar disorders or disabilities, such as spinal cord
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injury or post-stroke patients, can see their motor function
improved or even restored by using this technology [3].
Exoskeletons have also been developed to increase muscular
strength and endurance in military tasks, such as carrying
heavy objects [4]. However, applications are not limited to
clinical or military settings. In the past years, much focus
has been placed on occupational scenarios [5].

Back-support exoskeletons (i.e. trunk exoskeletons), are
designed to relieve back musculature and spine loading.
Therefore, they could play a key role in preventing LBP.
Their potential relies on their ability to provide assistive
torques while maintaining the freedom and flexibility of hu-
man movements. Compared to passive models, active back-
support exoskeletons are generally able to provide greater
assistance levels in a much more controlled manner. They
provide assistive torques generated by electric motors, hy-
draulic or pneumatic actuators and the onset of actuation and
its magnitude are dictated by a controller. Hence, physical
loading on workers spine and musculature may be reduced,
which may decrease the incidence of work-related injuries.

Currently, there is no consensus on the best strategy
to control back-support exoskeletons for preventing LBP.
Some controllers rely on physiological or biomechanical
variables, which can be measured using non-invasive tech-
niques. For instance, some controllers aim at minimizing
electromyographic (EMG) activity of back muscles [6].
However, given the highly non-linear relation between EMG
and joint loading, a reduction in back muscles EMG does
not necessarily involve a reduction in spine loading. On
the contrary, individual back muscle forces directly relate
to the magnitude of compressive forces exerted on interver-
tebral joints. Previous biomechanical studies suggest that the
lumbo-sacral joint (L5/S1) exhibits peak compressive forces
in a variety of tasks, such as object lifting and lowering. Such
peak compressive forces can rise as high as 5000 N lifting a
weight of 15 kg [7]. However, to the best of our knowledge,
there is no controller considering estimates of back muscle
forces and spine compressive forces in their control action.

Another factor to take into account in the design of back-
support exoskeleton controllers is the neuromechanics of tho-
racolumbar muscles. Many studies have examined the spatial
distribution of muscle activation across lumbar, thoracic and
cervical muscles in both, healthy and LBP patients, during
fatiguing and non-fatiguing tasks [8]. However, there is no
full understanding of such EMG activation strategies and
how they result in mechanical forces. In the past years,
high-density surface EMG (HDEMG) has provided new
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perspectives on the field due to its potential to measure
the EMG distribution over large surface areas, such as that
spanned by the erector spinae muscle.

Our ultimate goal is to implement exoskeleton controllers,
whose assistance will maintain spinal compressive forces
within acceptable limits. Before implementing such con-
trollers, it is necessary to understand trunk muscle recruit-
ment strategies and how active muscles contribute to generate
forces, in a large repertoire of tasks. Most state of the art
approaches focus on inverse dynamics (ID) analyses of spinal
joint mechanics, and on low density EMG measurements.
However, these studies cannot provide a full understand-
ing of trunk neuromechanics because trunk muscles span
large areas so low-density EMG recordings cannot capture
whole-muscle activation patterns [8], and ID analyses do
not provide any insight on force generation patterns at a
muscle level [9]. The main goal of the present study is to
provide, for the first time, a framework based on modeling
and HDEMG for deriving high-resolution estimates of trunk
muscle activity and resulting muscle-tendon forces and joint
moments, during a large range of box lifting conditions.

II. METHODS

A. Subjects and apparatus

One male subject (26 years old; body mass: 68.0 kg;
height: 1.75 m) participated in the experiment. The partici-
pant did not have any history of LBP in the past.

Ground reaction forces (GRF) and moments were mea-
sured using an AMTI dual force plate (AMTI, MA, USA).
In both experimental sessions, the subject placed one foot on
each individual plate and signals were recorded at 2048 Hz.

Qualisys motion capture system (Qualisys Medical AB,
Gothenburg, Sweden) was used to measure subject full-body
and box kinematics. Ten infrarred Oqus cameras recorded
the 3D trajectories of 70 spherical reflective markers (62 on
the subject and 1 on each corner of the box). Marker position
was recorded at 128 Hz. In order to linearly scale the anthro-
pometry of the generic musculoskeletal model, 22 out of the
62 markers were were placed on (right and left): medial and
lateral malleoli, medial and lateral femur epicondyles, great
trochanters, medial and lateral humeral epicondyles, ulnar
and radial styloids and 2nd and 5th knuckles. Cluster markers
(triplets) were used to track subject kinematics during inverse
kinematics (IK) computation. A total of 24 cluster markers
were used to track 8 body segments (right and left): shanks,
thighs, upper arms and forearms. Other markers were used
for both, scaling and IK: right acromions, sternum, C7, T10,
anterior and posterior iliac spines, 1st and 5th metatarsus and
calcaneus.

In experimental session I (see section II-C.1), EMG ac-
tivity from lumbar and abdominal muscles was measured
with the Delsys Bagnoli system (Delsys Bagnoli, Delsys,
Boston, MA) at 2048 Hz. 12 EMG bipolar electrodes were
placed bilaterally on the subject following previously de-
scribed guidelines [10]. Ventrally, we measured the activity
of the rectus abdominis muscle (umbilicus level), the internal
oblique muscle (superior to the inguinal ligament), and the

lateral part of the external oblique muscle (midaxillary line,
halfway between the iliac crest and the lowest edge of
the rib cage). Dorsally, electrodes were attached over the
iliocostalis lumborum muscle (6 cm lateral to L2) and over
the longissimus thoracis pars lumborum (3 cm lateral to L1)
and pars thoracis (4 cm lateral to T10).

In experimental session II (see section II-C.2), HDEMG
activity was measured with the Refa system (TMSi, Olden-
zaal, The Netherlands) and 4 semidisposable 8 × 8 grids.
Each grid comprised 64 electrodes evenly spaced (inter-
electrode distance of 8.5 mm) and had surface of 71×76 mm.
The electrodes were adhered to the skin unilaterally, 1 cm
right to the spine. The bottom grid was placed immediately
above the posterior iliac spine, at the level of L5. The rest of
the grids were stacked one on top of another, with an inter-
grid distance of 3-5 mm. Given the height of the subject, the
top border of the uppermost grid was located at the height
of the inferior angle of the scapula.

Marker position, GRF, bipolar and HDEMG signals were
synchronized by Qualisys Track Manager software.

B. EMG-driven musculoskeletal modeling

A framework based on our previously proposed cali-
brated EMG-informed neuromusculoskeletal modeling took-
box (CEINMS) [11], [12] was used to estimate net L5/S1
joint moments and musculotendon unit (MTU) forces based
on joint angles and EMG recordings. Fig. 1 depicts a block
diagram of the model and its main components.

A previously validated musculoskeletal model [9] was also
used to calculate L5/S1 joint moments. The model, known
as lifting full-body model (LFB), comprises 30 segments,
29 degrees of freedom and 238 Hill-type MTU representing
trunk muscles. This model was used to obtain joint angles
(via IK) and joint torques (via ID). IK-derived joint angles
were used as input by CEINMS and ID-derived joint torques
were used in the calibration stage of CEINMS.

Fig. 1. CEINMS block diagram (adapted from [12]) constituted by five
main blocks: MTU kinematics, MTU dynamics and MTU activation, joint
dynamics and model calibration. The MTU kinematics block computes
MTU lengths and moment arms from experimental joint angles. The MTU
activation block maps the EMG activity to non-linear activations of model
MTU. MTU forces are computed as a function of MTU activation and
MTU kinematics in the MTU dynamics block. After calibration, the model
operates in open-loop using EMG and joint kinematics as input.

1110



C. Experimental protocol

1) Session I: After skin preparation and bipolar EMG
electrode placement, maximum voluntary contractions trials
(MVC) were recorded for all studied muscles. Then, reflec-
tive markers were placed as outlined in section II-A. The
subject was asked to stand as still as possible and the static
trial was recorded. Subsequently, the subject was instructed
on how to perform the symmetrical lifting tasks. Two lifting
techniques were used to symmetrically lift a box (22 x 40 x
30 cm) placed on the ground in front of the subject: squatting
(SQ) and stooping (ST). Squatting consists of lifting the
box while bending the knees and maintaining the trunk as
upright as possible. Stooping involves lifting the box with
extended knees. For each lifting technique, three different
weight conditions were considered: no weight (0 kg), 5 and
15 kg. The subject had to complete a total of 36 lifting trials
(6 trials per condition). Each trial consisted of 2 repetitions,
and each repetition involved: (1) bending over to grab the
box, (2) lifting the box until upright posture, (3) bending over
to place the box and (4) returning to upright posture. After
each trial, the subject rested for 1 minute to minimize muscle
fatigue. The order in which the subject performed each of the
6 conditions was randomly pre-allocated to prevent potential
order-related confounding effects.

2) Session II: After placing HDEMG grids as outlined
in section II-A, MVC for lumbar and thoracic muscles was
recorded. Then, reflective markers were placed and the static
trial was recorded. Finally, the subject completed one lifting
trial per condition: SQ (0 and 15 kg) and ST (0 and 15 kg).
All tasks were performed similarly as in session I.

D. Data analysis

GRF, marker trajectories, bipolar EMG and monopolar
HDEMG signals were processed using MOtoNMS Matlab
toolbox [13]. GRF and marker trajectories were low-pass
filtered (cut-off frequency: 6 Hz). Bipolar and HDEMG
signals were processed to obtain EMG linear envelopes. Raw
signals were: bandpass filtered (bandpass cut-off frequency:
30-300 Hz), full-wave rectified and low-pass filtered (cut-off
frequency: 6 Hz). All filters were zero-lag 2nd order But-
terworth filters. MVC data from each specific experimental
session were used to normalize the linear envelopes.

Following the data pre-processing, the LFB model was
scaled using the 3D marker data from the static trials and
the marker set described in section II-A. Then, marker
trajectories from lifting trials were used to perform IK, thus,
obtaining joint angles, MTU lengths and moment arms. For
session I data, the weight of the box was added to the model
as an external force. It was assumed that the weight of
the box was equally distributed on both hands (2.5 kg on
each hand for the 5 kg condition, and 7.5 kg for the 15 kg
condition) and inertial properties of the box were neglected.
Two vertical forces representing the weight were applied
to the model’s hands at the instant when the four bottom
markers of the box experienced a vertical displacement of 1
cm. Finally, joint angles, GRF and box weight forces were

TABLE I
MAPPING BETWEEN LFB MODEL MUSCLES AND MEASURED EMG

CHANNELS. THE NUMBER OF MTUS WITHIN EACH MUSCLE GROUP IS

INDICATED IN PARENTHESIS

LFB model muscle EMG channel

Multifidus (50) Longissimus
pars lumborum

Longissimus thoracis
pars lumborum (10)

Longissimus thoracis
pars lumborum

Iliocostalis lumborum
pars lumborum (8)

Iliocostalis
pars lumborum

Longissimus thoracis
pars thoracis (42)

Longissimus thoracis
pars thoracis

Iliocostalis lumborum
pars thoracis (16)

Longissimus thoracis
pars thoracis

Psoas major (22) Not assigned (passive)
Rectus abdominis (2) Rectus abdominis
External oblique (12) External oblique
Internal oblique (12) Internal oblique

Quadratus lumborum (36) Not assigned (passive)
Latissimus dorsi (28) Not assigned (passive)

used to obtain net joint moments via ID. Scaling, IK and ID
were performed with OpenSim software [14].

In order to drive the EMG-driven model (CEINMS), a
mapping between the measured bipolar EMG channels and
the LFB muscles was established (see Table I). Then, for
each experimental condition, optimal fiber length, maximum
isometric force and tendon slack length of the EMG-driven
model MTUs were calibrated based on EMG signals, joint
angles and ID moments (see Fig. 1). One individual lifting
repetition was used to calibrate the model. The calibrated
model was then used to compute the net L5/S1 flexion-
extension (FE) moment and MTU forces for the remaining
11 repetitions, based exclusively on EMG and joint angles.

Root mean squared (RMS) values for normalized HDEMG
linear envelopes were used to create topographical maps of
muscle activation, during the lifts of session II. RMS values
were computed using a 250 millisecond window.

III. RESULTS

The net FE moment at L5/S1 joint estimated via ID (refer-
ence moments) and CEINMS varied substantially throughout
the lifting cycle (LC) (see Fig. 2, and Table II for a quan-
titative comparison of both estimates). Initially, during erect
standing posture (0% LC), the ID moment for all conditions
was approximately 0 Nm, meaning that the joint experienced
either a slight extension or flexion moment. Here, during
all SQ conditions and ST 0 kg condition, the CEINMS
moment was approximately -40 Nm. Then, as the subject

TABLE II
ROOT MEAN SQUARED ERRORS (RMSE) AND R2 BETWEEN ID AND

CEINMS MOMENTS FOR ALL EXPERIMENTAL CONDITIONS

Squat
0 kg

Squat
5 kg

Squat
15 kg

Stoop
0 kg

Stoop
5 kg

Stoop
15 kg

RMSE 11.31 10.73 14.09 10.23 11.70 20.30
R2 0.97 0.96 0.95 0.98 0.96 0.94
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Fig. 2. L5/S1 flexion-extension moment estimated via ID and EMG-driven model (CEINMS), in blue and red respectively. CEINMS muscle forces (green)
for a representative MTU of the longissimums thoracis pars lumborum muscle. Normalized EMG linear envelopes (orange) for longissimums thoracis pars
lumborum muscle. Data are shown for the 6 experimental conditions of session I. Solid lines show the mean over all repetitions and the shaded areas
correspond to ± 1 standard deviation. L5/S1 moments and MTU forces are normalized to body weight.

bent forward to grab the box the joint moment increased.
Such increment was generally higher during stooping tasks
(see Table III). During the 0 kg conditions, as soon as the
subject lifted the box (25-30% LC), the FE moment started to
decrease, until reaching 0 Nm (upright posture), for both ID
and CEINMS. However, in the weight conditions, as soon
as the subject lifted the box, the net moment experienced
an increase due to its weight. For SQ with 5 and 15 kg,
the increase was approximately 30 and 80 Nm, respectively.
For ST with 5 and 15 kg, the increase was roughly 40 and
100 Nm, respectively. Moment changes in ID and CEINMS
estimates were similar. Around 50% LC (standing while
holding the weight), the moment was higher compared with
the no weight conditions. For SQ 5 kg condition, the moment

TABLE III
MAXIMUM MEAN L5/S1 MOMENT ESTIMATED VIA ID AND CEINMS,

MUSCLE FORCE AT REPRESENTATIVE MTU OF THE LONGISSIMUS

THROACIS PARS LUMBORUM MUSCLE AND NORMALIZED EMG FOR ALL

CONDITIONS. STANDARD DEVIATIONS ARE SHOWN IN PARENTHESIS

CEINMS
moment [Nm]

ID moment
[Nm]

MTU
force [N]

EMG
[-]

Squat 0 kg 110.23
(16.80)

90.44
(10.53)

208.86
(27.07)

0.21
(0.05)

Squat 5 kg 106.75
(23.28)

105.70
(23.04)

133.59
(16.88)

0.27
(0.06)

Squat 15 kg 147.60
(34.49)

153.22
(28.70)

134.00
(19.42)

0.35
(0.07)

Stoop 0 kg 110.02
(22.13)

116.45
(12.73)

27.86
(5.01)

0.18
(0.07)

Stoop 5 kg 125.65
(28.34)

132.35
(16.06)

32.39
(3.64)

0.25
(0.05)

Stoop 15 kg 154.69
(24.36)

186.41
(40.93)

38.09
(6.12)

0.33
(0.08)

was approximately 20 Nm higher (SQ 15 kg, 50 Nm; ST 5
kg, 5 Nm; ST 15 kg, 40 Nm). At this point of the LC,
similar moments were found for ID and CEINMS estimates.
Thereupon, as the subject flexed to low down the box (65-
75% LC), the moment progressively increased and finally,
returned to initial standing levels when the trial finished.

In a similar manner, EMG activity of all back muscles
was substantially modulated across conditions. Fig. 2 and
Table III report the measured EMG values of a repre-
sentative muscle: the longissimus thoracis pars lumborum
(LTL). During SQ conditions, the EMG signal of this muscle
exhibited an analogous behavior as the joint moment: periods
of increased activity (bending postures) and periods of low
activity (upright postures). For ST lifting conditions, we
observed a first peak of activity matching the box lifting
but no similar peak while lowering it.

Muscle forces estimated via EMG-driven modeling experi-
enced large differences across lifting techniques and weight
conditions (Fig. 2 and Table III). The force generated by
a specific MTU of the LTL muscle strongly decreased with
increasing weight during SQ lifting. Nevertheless, during ST
the force slightly increased with increasing weight and its
magnitude was remarkably lower compared with SQ lifting.

Fig. 3 shows topographical maps created from HDEMG
recordings, at specific stages of the LC for the 15 kg
SQ condition. While the subject was standing upright, the
overall activation of thoracolumbar musculature remained
low (around 0.1). At the instant of lifting the box, EMG
remarkably increased, being the center of activity located in
more caudal regions. On the contrary, during the lowering
movement, cranial regions of the back expressed a higher
electrical activity.
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Fig. 3. Topographical maps (interpolated with 20-fold factor) of the normalized EMG RMS values obtained at 1%, 21%, 28%, 46%, 68% and 99% of
the LC. The percentages correspond to: upright posture without box (start), lift-off of the box, beginning of box lifting, standing while holding the box,
lowering down the box and upright posture without box (end), respectively. IK-derived L5/S1 FE angles are shown in the upper plot.

IV. DISCUSSION
The primary goal of the present study was to develop a

framework which allows to measure high-resolution activa-
tion patterns of thoracolumbar muscles and to understand
the relation between MTU forces and lumbar joint moments.
As a first step, we validated an EMG-driven musculoskele-
tal modeling pipeline (based on our previously proposed
CEINMS toolbox) to estimate moments around the lumbar
joint L5/S1, during symmetric lifting tasks. We performed
a quantitative comparison between CEINMS and the gold
standard ID estimates. We found high correlation, R2 (range:
0.94 - 0.98) and low RMSE (range: 10.23 - 20.30 Nm) values
between ID and CEINMS estimates for the 6 experimental
conditions. This suggested the validity of our EMG-driven
model to accurately estimate the L5/S1 joint moment across
a variety of lifting techniques and weight conditions.

For all SQ and ST 0 kg conditions, at the beginning
and the end of the lifting trials we found a discrepancy of
approximately 40 Nm of the CEINMS moment with respect
to the ID gold standard. Such discrepancy may arise from
inaccuracies in both, ID and CEINMS moment computations.
During standing without holding weight, muscle activation
is the lowest, therefore, passive tissue properties and mus-
culoskeletal model geometry play a key role in moment
estimation. More accurate ID estimates may be obtained
by using imaging techniques to scale the LFB model. In
the case of CEINMS, for each lifting and weight condition,
we calibrated MTU parameters of our model (optimal fiber
length, tendon-slack length and maximum isometric force)
by using a specific lifting repetition. However, the calibration
data only included the dynamic lifting movement and not a
static standing posture component. Thus, we hypothesize that
our model was not correctly calibrated for static postures. In
future analyses, we will calibrate tendon-slack length and
optimal fiber length, based on methods proposed in [15],
which may improve the estimation of muscle passive forces.

We found the estimated ID and CEINMS overall moments
to be higher during ST lifting compared with SQ for all
weight conditions. These results agree with previous studies
which compared the effects of lifting techniques on lumbar
spine loading [16]. We also observed that lumbar moments
generated during 15 kg weight conditions were substantially
higher compared with 0 and 5 kg conditions. During 15 kg
trials, peak moments were 35 - 45 Nm higher compared with
0 kg trials. Previous studies showed differences of approx-
imately 20 Nm in L5/S1 peak moment, during symmetric
lifting of 7 and 12 kg boxes [17]. This suggested that the
sensitivity to differences in weight of our methodology is
similar to that of previously validated approaches.

For both lifting techniques, increasing weights resulted
not only in higher estimated moments (ID and CEINMS)
but also, higher EMG activity (specifically, we show the
longissimus thoracis pars lumborum muscle). Nevertheless,
it is interesting to note that, in the case of MTU forces
estimated via EMG-driven modeling, increasing weight did
not always involve higher forces. For 15 kg SQ lifting, the
muscle force generated at the representative MTU of the
LTL muscle was roughly 70 N lower than for the no weight
condition. In the case of ST lifting, the force generated
when lifting 15 kg was approximately 10 N higher than
with 0 kg. These preliminary results suggest a strong non-
linearity between trunk muscle forces and joint moments,
and highlight the need for a framework which provides a
better understanding of trunk mechanics at a muscle level.
In future studies, we will analyze the mechanisms underlying
individual and collective MTU force generation.

Measured EMG revealed remarkable differences in muscle
activation patterns across conditions. EMG activity was the
highest during 15 kg lifting (SQ and ST) trials for all
the measured muscles. Throughout the LC, it is possible
to observe a double peak activation pattern in which, low
activation periods reflect upright standing postures and high
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activation ones, bent postures. The first activation peak
matched the box lifting action (approx. 25% LC) while the
second corresponded to the lowering of the box (approx 75%
LC). It is possible to observe (Fig. 2) that for the weight
conditions, the lift-off peak was higher than for the box-drop
peak. This effect is more accentuated during ST conditions.

Topographical HDEMG maps obtained for the experimen-
tal session II, also contribute to understanding the different
muscle recruitment strategies adopted by the subject across
conditions. While most previous studies have focused on the
lumbar regions of the erector spinae muscle [8], using 4
HDEMG grids (256 monopolar EMG channels) allowed us
to analyze muscle activation in a much larger area, spanning
lumbar and thoracic areas of the aforementioned muscle. In
this paper, we showed changes in the topographical map
for different stages of the lifting cycle for heavy weight
(15 kg) SQ lifting. We observed that during weight lifting,
the centroid of EMG activity was located in the caudal
areas, that is, lumbar muscles. However, while lowering the
weight, the centroid of HDEMG activity appeared in more
cranial (thoracic) areas. This shift in muscle activation may
explain the lower EMG activation peak observed in the
LTL muscle while lowering of the box, during session I
lifts. Similar motor unit recruitment or motor unit discharge
rate adaptations have already been identified in other back
muscles like the trapezius [18]. In these topographical maps,
it is also possible to observe remarkable heterogeneity of
activity across the entire examined region. These results are
in line with previous studies which compared topographical
maps for healthy and LBP subjects during lifting tasks [8].

A limitation of the present study is the reduced sample
size. Only one healthy young subject was included, thus,
results may not hold to groups such as older individuals. Fur-
thermore, neglecting box inertial properties may introduce
some error in torque estimates. However, we expect this to
have a minor impact in the results due to slowness of lifting
movements. Another limitation stems from the impossibility
of validating muscle force estimates. In future studies, we
will include a larger sample size and validate a single EMG-
driven model, capable of estimating L5/S1 moments across
a large repertoire of lifting conditions.

The ultimate goal of this research is the implementation
of back-support exoskeleton control strategies based on real-
time estimates of spinal compressive forces. In this study, we
took the first step to validate our EMG-driven methodology
to estimate such property. We showed valid estimates of FE
L5/S1 moments, which are a basic component in the compu-
tation of compressive forces. In future studies, we will aim
at validating the EMG-driven modeling approach to estimate
compressive forces at the L5/S1 joint, offline and in real-
time. Additionally, we showed the potential of our EMG-
driven approach to analyze muscle force generation which,
in contrast to other methodologies, allows us to understand
muscle recruitment strategies. This, in combination with the
potential of HDEMG recordings, constitutes a framework
which will allow us to gain further understanding of the
thoracolumbar neuromechanics during lifting tasks.
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