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Effect of Amplitude and Number of Repetitions
of the Perturbation on System Identification of

Human Balance Control During Stance
I. M. Schut , J. H. Pasma, J. C. De Veij Mestdagh , H. Van Der Kooij, and A. C. Schouten

Abstract— To unravel the underlying mechanisms of
human balance control, system identification techniques
are applied in combination with dedicated perturbations,
like support surface translations. However, it remains
unclear what the optimal amplitude and number of repeti-
tions of the perturbation signal are. In this study we investi-
gated the effect of the amplitude and number of repetitions
on the identification of the neuromuscular controller (NMC).
Healthy participants were asked to stand on a treadmill while
small continuous support surface translations were applied
in the form of a periodic multisine signal. The perturbation
amplitude varied over seven conditions between 0.02 and
0.20 m peak-to-peak (ptp), where 6.5 repetitions of the
multisine signal were applied for each amplitude, resulting
in a trial length of 130 sec. For one of the conditions, 24 rep-
etitions were recorded. The recorded external perturbation
torque, body sway and ankle torque were used to calculate
both the relative variability of the frequency response func-
tion (FRF) of the NMC, i.e., a measure for precision, depend-
ing on the noise-to-signal ratio (NSR) and the nonlinear
distortions. Results showed that the perturbation amplitude
should be minimally 0.05 m ptp, but higher perturbation
amplitudes are preferred since they resulted in a higher
precision, due to a lower noise-to-signal ratio (NSR). There
is, however, no need to further increase the perturbation
amplitude than 0.14 m ptp. Increasing the number of repeti-
tions improves the precision, but the number of repetitions
minimally required, depends on the perturbation amplitude
and the preferred precision. Nonlinear contributions are
low and, for the ankle torque, constant over perturbation
amplitude.

Index Terms— Human balance control, nonlinear distor-
tions, precision, relative variability, system identification.
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I. INTRODUCTION

HUMAN balance control is essential to keep the human
body upright in the gravitational field. Deviations from

the upright position can be caused by internal and external
disturbances, such as breathing and pushes against the body
respectively. The central nervous system (CNS) receives sen-
sory information about deviations from the upright position
and generates stabilizing corrective ankle torques by sending
motor commands to the muscles. Balance control is often
described using a simplified model consisting of a single
inverted pendulum representing the human body (B), pivoting
around the ankle axes, controlled by a neuromuscular con-
troller (NMC) representing the CNS and the muscles, forming
a closed loop control system [1]–[3].

To quantify the contribution of the NMC to balance control,
system identification techniques are used, thereby typically
applying continuous anterior-posterior translations of the sup-
port surface to perturb the human body, while measuring the
response in terms of body sway and ankle torque [1], [2],
[4]–[10]. Alternatively, pushes against the body at the hip
and/or shoulders are used as perturbations while measuring
the EMG response and body sway [11]–[14]. The perturbation
signal is repeated several times in one or more trials. However,
no consistency exists on the perturbation amplitude and the
number of repetitions required. The used peak-to-peak (ptp)
perturbation amplitude ranges from 0.05 to 0.23 m for support
surface translations, from 1 to 16 Nm for torques at the
ankle joint or from 0.04 to 0.15 m for displacements of
the hip or shoulder pushes. The used number of repetitions
varies from 4 to 54. The length of one perturbation signal
depends on the lowest excited frequency, resulting in recording
lengths of 10 to 720 s in total. However, there are no studies
investigating the effect of the perturbation amplitude and the
number of repetitions on the quality of the estimated NMC.
On one hand, the perturbation amplitude must be high enough
to reach a low noise-to-signal ratio (NSR), and the number
of repetitions must be high enough to allow for averaging,
thereby both improving the quality of the estimated NMC.
On the other hand, the perturbation amplitude must be low
enough so participants can withstand the perturbation without
stepping, and the number of repetitions must be low enough
to avoid artefacts due to fatigue.
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Another important aspect to consider is the nonlinear behav-
ior of human balance control. Since human balance control
is often considered as linear feedback control [1], [15]–[19],
linear system identification techniques can be used. However,
nonlinear responses affect the linear estimation of the NMC
since parts of the signal are transferred to other frequen-
cies [20]. Nonlinearities can be either odd, which generate
power on odd harmonics of the excited frequency, or even,
which generate power on the even harmonics of the excited
frequencies. By using linear system identification techniques
in combination with random perturbation signals however,
nonlinearities are often not accurately characterized because
they cannot be separated from the noise. Therefore, it is
important to know how the nonlinear distortions change with
perturbation amplitude. Using periodic perturbation signals,
van der Kooij et al. [1] showed that the linear response of
both body sway and ankle torque increased with increasing
perturbation amplitude. However, only two moderate pertur-
bation amplitudes were used.

In this study, we separated the nonlinear contributions
from the noise using linear system identification techniques
with specific periodic perturbation signals according to the
methods of Pintelon and Schoukens [21] on healthy partici-
pants; a method that is not often used in the field of human
balance control. This method allows us to 1) estimate the
NMC, 2) quantify the relative variability of the estimation,
i.e. a measure for precision, as a function of perturbation
amplitude and number of repetitions, and 3) quantify both odd
and even nonlinear contributions as a function of perturbation
amplitude. The results of this study will help researchers to
select an appropriate perturbation amplitude and number of
repetitions to estimate the NMC, allowing for the investigation
of the underlying changes in balance control due to ageing or
pathologies, such as Parkinson’s disease and stroke.

II. METHODS

A. Participants

Twelve healthy volunteers (six women, median age
26 years, range 24-65 years, height 1.73±0.09 m, weight
73.67±14.19 kg) participated in the study. The study was
approved by the Human Research Ethics Committee of the
Delft University of Technology (The Netherlands) and was
in accordance with the Declaration of Helsinki (59th WMA
General Assembly, Seoul, Republic of Korea, October 2008).
All participants gave written informed consent.

B. Apparatus and Recording

Standing balance was perturbed in anterior-posterior
direction with support surface translations applied by an
instrumented split belt treadmill (GRAIL, Motekforce Link,
Amsterdam, The Netherlands), where both belts moved in syn-
chrony. Participants wore comfortable flat shoes and a safety
harness to prevent fall injuries, without constraining normal
body sway or providing support or body-oriented information.
Two 6-DOF force plates embedded in the treadmill recorded
ground reaction forces of each foot at a sample frequency
of 1000 Hz. Eight retroreflective markers were attached to

the participants’ acromioclavicular joints, major trochanters,
lateral epicondyles and lateral malleoli of both left and right
side. Additional markers were placed on each treadmill belt.
Ten motion capture cameras (Vicon Bonita, Vicon Motion
Systems, Oxford, United Kingdom) surrounding the treadmill
recorded the marker positions at a sample frequency of 100 Hz.
Approximately 2 m in front of the treadmill a grid of 0.2 by
0.2 m was projected on a semi-cylindrical screen, at which
participants could focus their gaze.

C. Perturbation Signal

The perturbation was a random-phase multisine signal with
a period of 20 s, designed to excite 18 specific odd frequen-
cies between 0.05 and 5 Hz at an interleaved logarithmic
frequency grid, since changes in human balance control are
most pronounced in the frequency range of 0-3 Hz [5]. The
multisine has a flat velocity spectrum, except for the magnitude
of the first excited frequency (0.05 Hz), which was 1/3 of
the magnitude of the second excited frequency (0.15 Hz),
to prevent dominance of the lowest frequency in the belt
movement. The unexcited odd and even harmonics enable
analysis of the nonlinear contributions [20], [22]–[24]. The
amplitude and the number of repetitions of the 20 s multisine
varied between conditions, see procedures.

D. Procedures

Participants were instructed to stand as normal as possible
without moving their feet, with eyes open and the arms crossed
in front of the chest. Prior to the perturbation trials, a static trial
of 5 s was recorded to calculate the length of the pendulum,
i.e. the height of the center of mass (CoM) above the ankle
joint. Subsequently, participants performed three practice trials
of 60 s, with a low, middle (mid) and high perturbation
amplitude of 0.02, 0.08 and 0.2 m ptp respectively.

To study the effect of the amplitude of the perturbation
signal to the relative variability of the NMC estimation,
the perturbation amplitude varied over seven conditions, rang-
ing from 0.02 m ptp (A2) to 0.2 m ptp (A20) (table I). For each
condition, 6.5 periods of the multisine were recorded, resulting
in a trial length of 130 s. All conditions were recorded once,
except for the A8 condition which was recorded 4 times to
study the effect of the number of repetitions on the relative
variability of the NMC estimation. All 10 trials were presented
in random order. Between each trial, participants could take
an optional break of 1 minute.

E. Data Processing

Data were processed in Matlab version R2016b (Math-
Works, Natick, MA, USA). Force plate data were resampled
to 100 Hz to match the sample frequency of the marker data.

The marker and force plate data from the static trial were
used to calculate the length of the pendulum according to
Winter et al. [25], and the mass of the participant respectively.

The first 10 s of the data from the perturbation trials were
discarded to remove transient effects, leaving 120 s of data.
The data were cut in 6 segments of 20 s, i.e. the length of
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TABLE I
CONDITIONS

one period of the multisine. Position of the CoM was derived
from the marker positions. Body sway (BS), i.e. the angle
of the CoM with respect to the vertical, was calculated using
the CoM position in anterior-posterior direction and the length
of the pendulum. The Centre of Pressure with respect to the
ankle position (CoP) of both feet was used to calculate the
left and right ankle torque with inverse dynamics [26]. Total
ankle torque was calculated by the sum of both left and right
ankle torque.

Translations of the belt position resulted in an external
torque perturbing human standing balance according to [5]

Dext (t) = −mcomlcom ẍss(t) (1)

in which ẍss(t) is the acceleration of the support surface
derived from the belt markers, lcom is the length of the
pendulum and mcom is the mass of the pendulum, i.e. the
mass of the participant minus the mass of the feet [25].

F. Data Analysis

For the data analysis, the Matlab toolbox provided by
Pintelon and Schoukens [21] was used. The perturbation
torque Dext(t), body sway BS(t) and ankle torque T(t) were
transformed to the frequency domain using the fast Fourier
transform (FFT) and divided into periodic responses and
nonperiodic noise. The periodic response Dext(f), BS(f) and
T(f) respectively, were obtained by averaging the FFT over all
segments. The nonperiodic noise Dext,n(f), BSn(f) and Tn(f)
are different for each segment and are defined as the remnants
after subtracting the mean FFT from each segment. The power
spectral densities (PSDs) were calculated for both the periodic
responses and the nonperiodic noise. The dynamics of the
NMC are described by the frequency response function (FRF),
i.e. the relation between body sway and ankle torque, in terms
of a magnitude and phase [2], [5], [6], [27]. The FRF can be
defined as

G ( f ) = G0 ( f ) + G B ( f ) + GS ( f ) + NG ( f ) (2)

in which G0(f) is the underlying linear system, GB(f) is the
bias due to the nonlinear distortions, GS(f) are the stochastic

nonlinear contributions and NG(f) are the errors due to the
output noise [20].

1) Best Linear Approximation: The underlying linear system
combined with the bias due to nonlinear distortions defines
the best linear approximation (BLA)

G B L A ( f ) = G0 ( f ) + G B ( f ) (3)

Since the perturbation signal is periodic, the GBLA(f) of the
NMC can be estimated by

G B L A ( fex ) = − T ( fex )

BS ( fex )
(4)

in which fex are the excited frequencies [1], [28].
2) Relative Variability of the Best Linear Approximation: The

sample variance of the estimated BLA is defined as [22]

σ 2
G ( fex )

= |G B L A ( fex )|2
P

×
(
σ 2

Tn
( fex )

|T ( fex )|2
+ σ 2

BSn
( fex )

|BS( fex )|2
−2Re

σ 2
Tn BSn
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)

(5)

where P is the number of repetitions, σ 2
Xn

( fex ) is the variance
of the nonperiodic noise of the body sway or ankle torque
and σ 2

Tn BSn
( fex ) is the covariance of the body sway and ankle

torque according to

σ 2
Xn

( fex ) = 1

P − 1

∑P

p=1
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(6)

σ 2
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( fex ) = 1
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∑P

p=1
T p

n ( fex ) · conj (BS p
n ( fex )) (7)

where p denotes the repetition index. The first and second term
within the brackets of (5) represent the NSR of the nonperiodic
noise of the ankle torque (NSRT) and body sway (NSRBS)
respectively. The third term represents the correlation between
both signals (NSRTBS).

Equation (5) was rewritten to define the relative variability
ε, which is described by the ratio between the sample standard
deviation (σG(fex)) and GBLA(fex)

ε =
√√√√ σ 2

G

|G B L A|2
=

√
1

P

∑
N S R (8)

with
∑

N S R the sum of the three terms between brackets
in (5), i.e. NSRT, NSRBS and NSRTBS. The bars indicate
averaging over the excited frequencies and participants. ε indi-
cates how much nonperiodic noise is left after averaging the
segments, relative to GBLA(fex). An ε of 0 indicates a perfect
estimator without noise, i.e. no relative variability and thus
high precision. An ε of 1 indicates a poor estimator with a high
relative variability where the noise level is of the same order
as the magnitude of GBLA(fex), i.e. low precision. According
to (8), the relative variability of the estimated GBLA(fex) can
be influenced by both the number of repetitions and the NSR,
which itself can be influenced by the perturbation amplitude.
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Equation (8) was used to calculate the required number of
repetitions Pε to reach given ε of 0.02, 0.05, 0.10 and 0.15

Pε =
√∑

N S R

ε2 (9)

Pε was calculated for each perturbation amplitude on a low
frequency range of 0.05-0.95 Hz, mid frequency range of
1.00-2.35 Hz and high frequency range of 2.40-4.95 Hz.

To check the calculated number of repetitions required to
reach ε of 0.02, 0.05, 0.10 and 0.15, a technique called
bootstrapping was used [28]. For each number of repetitions,
ε was calculated according to (8) using x randomly chosen
repetitions, with x ranging from 1-23, out of the recorded
data of 24 repetitions at the A8 conditions. This process
was repeated 100 times, over which the mean and standard
deviation were calculated.

3) Quantifying Nonlinear Distortions: Since it is not possible
to quantify the bias due to nonlinear distortions (GB(f)), which
affects the estimation of GBLA(f), the stochastic nonlinear
contributions (GS(f)), which are of the same order as GB(f),
were calculated according to Pintelon and Schoukens [21].

First, the relative stochastic nonlinear contributions on the
perturbation torque, body sway and ankle torque were calcu-
lated, by looking at the odd and even unexcited harmonics.
When the power on the unexcited harmonics was twice as
large as the variance on those frequencies, the stochastic non-
linear contributions were detectable [22]. Stochastic nonlinear
contributions in the perturbation torque indicate nonlinearities
due to the treadmill. The periodic responses of the body sway
and ankle torque were corrected at the unexcited harmonics
for those impurities in the perturbation torque by

BSc ( fu) = BS( fu)−Dext ( fu)· B( fu)

1 + B ( fu) N MC( fu )
(10)

Tc ( fu) = T ( fu)−Dext ( fu) ·− B( fu)N MC( fu )

1+B ( fu) N MC( fu )
(11)

where fu represents the unexcited frequencies and B(fu) rep-
resents the rigid human body dynamics [21]. Any remaining
power on the unexcited frequencies is caused by the human.
The relative stochastic nonlinear contributions of the body
sway and ankle torque were calculated as a percentage by
respectively averaging the power of the corrected body sway
and corrected ankle torque over low, mid and high frequencies,
dividing to the total power, and multiplying by 100.

Second, the relative stochastic nonlinear contributions on the
body sway and ankle torque were used to calculate GS(fex),
which was compared to NG(fex), both calculated according to
Pintelon and Schoukens [21].

4) Variance Accounted For: To study the effect of both
the relative variability and nonlinear distortions (GB(fex)),
we calculate how well the estimated linear model GBLA(fex)
describes the measured data, using the variance accounted for
(VAF). The modeled ankle torque was calculated according

Tmod( fex ) = 1

P

∑P

p=1
(BS( fex )·G B L A( fex )) (12)

Fig. 1. Time series of a typical participant. Mean (black) and standard
deviation (grey) over 6 segments of the belt position (upper row), body
sway (BS) (middel row) and ankle torque (T) (bottom row) are shown for
the A2, A11 and A20 condition.

and converted to the time domain using the inverse Fourier
transform

Tmod (t) = F−1 (Tmod( fex )) (13)

The VAF was calculated according

V AF =
(

1 − var(T (t) − Tmod(t))

var(T (t))

)
· 100% (14)

where T (t) and Tmod(t) are the recorded ankle torque and
modeled ankle torque respectively, both averaged over 6 seg-
ments and filtered with a second order butterworth lowpass
filter with a cutoff frequency of 5 Hz. A VAF of e.g. 100%
indicates that 100% of the measured data can be explained by
the linear system GBLA(fex). The VAF values can be decreased
by the bias due to nonlinear distortions (GB(fex)) or remaining
noise after averaging over 6 segments.

III. RESULTS

The time series and corresponding PSD of the perturbation
torque, corrected body sway and corrected ankle torque of a
typical participant are shown in Fig 1 and Fig 2.

A. Relative Variability of the Best Linear Approximation

Fig 3 shows the estimated FRF of GBLA(f) and σG averaged
over the participants, both normalized for the gravitational
stiffness, i.e. mass of the pendulum multiplied by the length
of the pendulum and the gravitational constant (mcomlcomg),
to eliminate the effect of participants mass and height. The
ratio between σG and GBLA(f), i.e. ε, decreases by increasing
the perturbation amplitude (Fig 3) due to lower NSR of the
nonperiodic noise on those perturbation amplitudes (Fig 4).
However, at higher perturbation amplitudes, �NSR seems to
flatten out.
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Fig. 2. Power spectral densities (PSDs) of the perturbation torque (upper
row), body sway (middle row), corrected for impurities in the perturbation
torque, and ankle torque (bottom row), corrected for impurities in the
perturbation torque, for the A2, A11 and A20 condition of one typical
participant, presented by the mean power over the 6 segments of
the excited (+, black), unexcited odd (o, green) and unexcited even
(∗, red) frequencies. The solid black line represents the variance over the
6 segments of the excited and unexcited frequencies. The three areas
between the two vertical grey lines represent the three frequency groups.

Fig. 3. Mean and standard deviation over all participants of the
magnitude of GBLA (upper row, solid) and square root of the sample
variance (σG) (upper row, dotted), both normalized for the gravitation
force, phase of GBLA (middle row) and relative variability ε (bottom row)
for the A2, A11 and A20 condition. The three areas between the two
vertical grey lines represent the three frequency groups.

Table II shows, for each frequency group, the required
values for Pε , given a certain perturbation amplitude and ε
of 0.02, 0.05, 0.10 and 0.15. Both higher perturbation ampli-
tudes, i.e. due to the decreasing NSR, and higher numbers
of Pε result in a lower ε. Note however that at the higher
perturbation amplitudes, a lower ε can only be obtained by
increasing Pε and not by further increasing the perturbation
amplitude due to the flattened NSR.

Fig. 4. Mean and standard deviation over all participants of NSRBS
(top left), NSRT (top right), the correlation term (bottom left) and the
summation of the three terms (NSRBS+NSRT-NSRTBS) (bottom right)
for all amplitude conditions. For each term, the results are plotted for the
low (solid), mid (dashed) and high (dotted) frequency range.

TABLE II
REQUIRED NUMBER OF REPETITIONS

Fig 5 shows the calculated ε using the bootstrap method (εb)
together with the calculated ε corresponding to table II (εt).
Both ε are comparable although εb is around 0.02 lower than
εt at the high frequency range.

B. Quantifying Nonlinear Distortions

Fig 6 shows the estimated relative stochastic nonlinear
contributions on the unexcited odd and even harmonics for the
corrected body sway and corrected ankle torque. The relative
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Fig. 5. Mean over 100 relative variabilities (ε) calculated with the
bootstrap method (εb)(grey) for low (solid), mid (dashed) and high
(dotted) frequencies. The calculated ε corresponding to Table II (εt) are
shown in black for low (solid), mid (dashed) and high (dotted) frequencies.

Fig. 6. Mean and standard deviation over all participants of the
relative stochastic odd (left) and even (right) nonlinear contributions in
the corrective body sway (top) and corrective ankle torque (bottom).
The results are plotted for low (solid), mid (dashed) and high (dotted)
frequencies. Note the different scales on the y-axis.

stochastic nonlinear contributions are only shown for those
perturbation amplitudes where the stochastic nonlinear contri-
butions were detectable.

For the corrected body sway the power on the odd and
even unexcited harmonics is too low to detect any stochastic
nonlinear contributions. Only at A20 stochastic nonlinear con-
tributions could be detected in the lower and mid frequencies,
although not contributing more than 0.1% for odd and 2.3%
for even harmonics.

In the corrected ankle torque, both odd and even relative
stochastic nonlinear contributions are highest on the high
frequencies (1.1-1.5% and 2.4-3.4% respectively), but they are
also present on the mid frequencies (0.7-1.2%). For the lower
frequencies, the stochastic nonlinear contributions could only
be detected for the A20 condition, where the contributions are

Fig. 7. (Top) Filtered measured ankle torque (black) and filtered
modeled ankle torque (grey) of one typical participant for the A2, A11 and
A20 condition. (Bottom) Mean and standard deviation over all participants
of the Variance Accounted For (VAF) for all amplitude conditions.

1.5% (odd) and 2.4% (even). When increasing the perturbation
amplitude, both odd and even relative stochastic nonlinear
contributions do not change.

GS(fex), i.e. the stochastic nonlinear contributions of body
sway and ankle torque together, was as large as NG(fex) (both
not shown) for almost all perturbation amplitudes, meaning
that GS(fex) is of the same level as noise. Moreover, GS(fex)
was for none of the perturbation amplitudes twice as large as
the noise NG(fex) and thus not detectable.

C. Variance Accounted For

Fig 7 shows the filtered ankle torque and modeled ankle
torque, averaged over the segments of the A2, A11 and
A20 condition for one typical participant. The averaged VAF
over all participants increases from 63±15% to 95±2% by
increasing the perturbation amplitude (Fig 7, bottom row) and
flattens out at A14.

IV. DISCUSSION

In this paper we used a specific periodic perturbation signal
to study the effect of the perturbation amplitude and the
number of repetitions on the estimation of the NMC with
respect to the precision and nonlinear contributions. Since
both perturbation amplitude and the number of repetitions
have an effect on the precision of the estimator, the required
number of repetitions to reach a certain relative variability was
calculated given a specific perturbation amplitude. In addition,
the relative stochastic nonlinear contributions were quantified
and the variance accounted for was calculated, indicating how
well the linear estimator of the NMC explained the measured
data.

A. Precision of the Best Linear Approximation

Both increasing the perturbation amplitude and the number
of repetitions of the perturbation signal resulted in a higher
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precision, indicating an improvement of the estimation of the
NMC.

Table II shows that the minimal perturbation amplitude that
can be used is A5 since �NSR is too high for amplitudes
lower than A5, thereby requiring hundreds of repetitions of
the perturbation signal. Higher perturbation amplitudes result
in a lower �NSR and are therefore preferred over lower
perturbation amplitudes. However, since the �NSR flattens out
above A14, it is better to increase the number of repetitions
than to increase the perturbation amplitude in order to further
improve the precision of the estimator.

Unfortunately, researchers are often limited to lower per-
turbation amplitudes due to physical limitations of the par-
ticipants such as fatigue or the inability to withstand higher
perturbation amplitudes. To still reach an acceptable preci-
sion, more repetitions of the perturbation signal are required.
Table II helps the researcher selecting the required number of
repetitions. Researchers have to decide what ε is acceptable
in a low, mid or high frequency group, depending on the
expected changes in the NMC of the participant group of
interest, and in what frequency group those changes are most
pronounced.

Researcher should keep in mind that for each perturbation
amplitude, the �NSR of the nonperiodic noise is different for
the low, mid and high frequencies. Therefore, when choosing
a proper number of repetitions to obtain a certain precision in
one frequency range, the precision might be worse in another
frequency range.

The measured ε using the bootstrap method were 0.02 lower
than calculated in Table II at the high frequencies. This
difference could be explained by higher variance of the FRF
in the high frequency range. Since the variance at these
frequencies is large, it is important to keep in mind that it
seems that even more repetitions than stated in Table II are
required to reach a certain ε in this frequency range.

Our findings are comparable with van der Kooij et al. [1]
showing more power in the PSD of the body sway and ankle
torque and a decrease in NSRBS and NSRT when increasing
the perturbation amplitude from 0.06 m ptp to 0.08 m ptp. In
addition, the correlation between the nonperiodic noise of the
body sway and ankle torque (not shown) was high up to 1 Hz,
with similar values to van der Kooij et al. This correlation
suggests that the dominant source of the noise occurred inside
the feedback loop, i.e. the human. The physiological cause
could be the imperfect processing of noisy sensory signals,
time variant behavior due to fatigue or adaption, or to other
discontinuous control mechanisms [1].

The used peak-to-peak perturbation amplitudes of other
studies ranging from 0.05 to 0.23 m for the support sur-
face translations [1], [2], [4]–[10] and perturbation ampli-
tudes ranging from 0.04 to 0.15 m for hip or shoulder
pushes [11], [12] are comparable with our perturbation ampli-
tudes. The perturbation torques at the ankle joint ranging from
1 to 16 Nm [13], [14] are also comparable with our induced
perturbation torque, when assuming the mass of the partici-
pant was not taken into account. This shows that in general
the used perturbation amplitudes in previous studies seem
acceptable.

B. Quantifying Nonlinear Distortions

Since it is not possible to directly measure the bias due to
nonlinear distortions (GB(f)) on the estimation of the NMC,
we calculated the stochastic nonlinear contributions (GS(f)),
which are of the same order as GB(f) [22].

Our results showed that the relative stochastic nonlinear
contributions in the body sway due to nonlinear behavior
of the NMC are only 2.3% for the even low frequencies
and even lower (0.1%) for the odd mid frequencies, when
detectable. Note that when stochastic nonlinear contributions
are undetectable, the nonlinearities are small compared to the
noise, which does not necessarily mean that they are not
present. For the ankle torque, the relative stochastic nonlinear
contributions due to nonlinear behavior of the NMC are only
around 2% for the odd and even low frequencies and around
1% for the odd and even mid frequencies, when detectable.
The odd and even high frequencies, however, showed more
relative stochastic nonlinear contributions of 1.1-3.4%. The
relative stochastic nonlinear contributions in the ankle torque
do not change by increasing the perturbation amplitude.

Based on the results of van der Kooij [1], we expected the
relative stochastic nonlinear contributions to be higher at high
perturbation amplitudes. Especially at the higher perturbation
amplitudes at which participants could not withstand the per-
turbation by keeping their feet in place. However, the relative
nonlinear contributions did not increase at higher perturbation
amplitudes. Since the relative nonlinear contributions did not
increase at higher perturbation amplitudes, we assume that the
nonlinear behavior due to a change in strategy, i.e. stepping,
did not play a role yet. The fact that all participants could with-
stand the A20 condition supports this idea. The nonlinearities
could be introduced by the nonlinear properties of a single
inverted pendulum. However, the relative stochastic nonlinear
contributions corresponding to the measured ptp body sway
are too small to explain our results. Other explanations for
the nonlinearities could be the nonlinear dynamics of the
muscle such as short range stiffness or tendon stiffness, or
the existence of thresholds in the NMC [1], [29], [30].

C. Variance Accounted For

To study the effect of both the relative variability, i.e. pre-
cision, and nonlinear distortions (GB) on GBLA(f), the VAF
was calculated to show how well the estimated linear model
GBLA describes the measured data. The VAF increased from
61±15% to 93±2% by increasing the perturbation amplitude.
It remains unclear whether the VAF increases due to better
NSR or due to the reduction of nonlinear distortions (GB).
Nevertheless, the VAF shows that up to 93% of the data could
be explained by a linear model when using a perturbation
amplitude of A17 or A20.

D. Limitations

The treadmill introduces nonlinear distortions in the per-
turbation torque (Fig 2, upper row). Nonlinear distortions
in the perturbation torque due to nonlinear behavior of
the treadmill might be interfering with the linear sys-
tem identification techniques. However, with the method of
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Schoukens and Pintelon [20], the body sway and ankle torque
are corrected for the impurities. As the correction is not
perfect, it would be best to limit the amount of nonlinear
distortions in the perturbation torque.

The experiments in this study were performed with mainly
healthy young participants. When studying populations with
balance deficits, the variability between participants would
probably be higher. In this case, we suggest a larger study
population rather than higher perturbation amplitudes or higher
number of repetitions. The within-subject variability for these
populations is harder to predict and should first be investigated
which can be done using the method presented in this paper.

V. CONCLUSIONS

In this study, we provide guidance to choose the appropri-
ate amplitude and number of repetitions of the perturbation
signal used in system identification approaches. The minimal
perturbation amplitude should be 0.05 m peak-to-peak, since
lower perturbation amplitudes require too many repetitions.
However, higher perturbation amplitudes are preferred because
the precision of the estimation is better, i.e. the relative
variability is lower, resulting in a better explanation of the
data by a linear model. There is however no need to further
increase the perturbation amplitude than 0.14 m peak-to-peak.
Using more repetitions always results in better precision,
but the minimal required number of repetitions depends on
the chosen perturbation amplitude and the desired precision.
Nonlinear contributions are not higher than 3.5% in the range
of 0.02-0.20 m peak-to-peak and nonlinear contributions to
the ankle torque do not change with perturbation amplitude.
To conclude, when investigating changes in underlying mecha-
nisms of balance control due to ageing or pathologies, such as
Parkinson’s disease and stroke, the NMC could be estimated
with the use of linear system identification techniques despite
the presence of nonlinearities.
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