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ABSTRACT
The purpose of this study was to quantify the magnitude and frequency content of surfacemeasured accelerations at each major human body segment from foot to head during
impact landings. Twelve males performed two single leg drop landings from each of 0.15
m, 0.30 m, and 0.45 m. Triaxial accelerometers (2000 Hz) were positioned over the: first
metatarsophalangeal joint; distal anteromedial tibia; superior to the medial femoral condyle;
L5 vertebra; and C6 vertebra. Analysis of acceleration signal power spectral densities
revealed two distinct components, 2-14 Hz and 14-58 Hz, which were assumed to
correspond to time domain signal joint rotations and elastic wave tissue deformation,
respectively. Between each accelerometer position from the metatarsophalangeal joint to
the L5 vertebra, signals exhibited decreased peak acceleration, increased time to peak
acceleration, and decreased power spectral density integral of both the 2-14 Hz and 14-58
Hz components, with no further attenuation beyond the L5 vertebra. This resulted in peak
accelerations close to vital organs of less than 10% of those at the foot. Following landings
from greater heights, peak accelerations measured distally were greater, as was
attenuation prior to the L5 position. Active and passive mechanisms within the lower limb
therefore contribute to progressive attenuation of accelerations, preventing excessive
accelerations from reaching the torso and head, even when distal accelerations are large.
Keywords: accelerometer; bone stimulus; tibial acceleration; impact load; training load

INTRODUCTION
Impacts are inevitable in many human activities. During a drop landing, the feet
experience ground reaction forces as great as ten times bodyweight (Edwards, Steele,
& McGhee, 2009). These forces cause accelerations that are transferred through the
tissues of the human musculoskeletal system from the foot to the head (Moran &
Marshall, 2006; Zhang, Derrick, Evans, & Yu, 2008). Large impacts can result in the
propagation of elastic waves through the soft tissue of the body (Furlong, Voukelatos,
Kong, & Pain, 2019). Compliance in the form of joint rotations and tissue deformation
prolongs the impact and, alongside progressively greater segment masses, reduces
accelerations in a distal-to-proximal manner, preventing excessive accelerations at the
brain and other vital organs (Hamill, Derrick, & Holt, 1995; Pozzo, Berthoz, Lefort, &
Vitte, 1991). Joint rotations reduce the effective axial stiffness of the body, a
mechanism of limiting ground reaction forces and hence accelerations during impacts
(Lafortune, Lake, & Hennig, 1996; Zhang, Bates, & Dufek, 2000). Further contributors
to acceleration attenuation include medial longitudinal foot arch compliance
(Hageman, Hall, Sterner, & Mirka, 2011), heel pad deformation (Pain & Challis, 2001),
compliance within joint structures (Hoshino & Wallace, 1987), spinal compression
(Helliwell, Smeathers, & Wright, 1989), and soft tissue movement (Furlong et al., 2019;
Pain & Challis, 2002).
Impact attenuation within lower limb joints has been investigated using cadavers;
under the same applied impact load, the peak force transmitted through an isolated
knee joint compared with an intact knee increased sequentially as lateral and medial
menisci were cut (+13%), menisci and soft tissue removed (+21%), cartilage and sub2

chondral bone removed (+35%), and with a total knee replacement (+80%) (Hoshino
& Wallace, 1987). Shank and thigh soft tissue displacement of up to 1.4 cm relative to
the underlying bone (Furlong et al., 2019) will also contribute to force and acceleration
attenuation throughout the leg. Impacts simulated via a model comprising a heel pad
linked to a rigid shank resulted in peak forces over 100% greater than a model with the
heel pad attached to a shank with a wobbling mass (Pain & Challis, 2001). In the upper
body, flexion of the spine at upper cervical levels and extension at lower cervical levels
has been observed in low speed rear-end car crash impacts (Deng, Begeman, Yang,
Tashman, & King, 2000) and it has been shown that the vertebrae of healthy controls,
but not participants with spinal fusion, are able to attenuate shock at frequencies above
15 Hz (Helliwell et al., 1989).
The mechanical vibration literature offers additional insights into elastic wave
transmission through the human body. Maximal acceleration integrals following
platform-induced vibrations have been reported to be approximately 4.5 and 11 times
greater at the lower legs when compared to the hips and head respectively (Sonza,
Völkel, Zaro, Achaval, & Hennig, 2015). Substantial amplification of peak acceleration
can occur between 10 Hz and 40 Hz at the ankle, 10 Hz and 25 Hz at the knee, 10 Hz
and 20 Hz at the hip, and at 10 Hz at the spine (Kiiski, Heinonen, Järvinen, Kannus, &
Sievänen, 2008). Beyond these frequencies, the transmitted vibration power declined
to between a tenth and a thousandth of that delivered by the platform. The human body
is therefore capable of attenuating higher frequency mechanical waves in a distal-toproximal manner. Transmissibility of vibrations is affected by body segment mass
(Mansfield, 2005), body kinematics (Harazin & Grzesik, 1998; Matsumoto & Griffin,
1998; Paddan & Griffin, 1993), and muscle activity (Wakeling, Nigg, & Rozitis, 2002).
The damping coefficients of soft tissue increase with muscle force (von Tscharner,
2000) and shortening velocity (Wakeling & Nigg, 2001), leading to energy absorption
by the muscle during vibrations due to detachment and cycling of cross bridges.
Existing knowledge of in vivo whole-body impact elastic wave reduction largely
stems from surface-mounted accelerometer investigations. The majority of studies
have attached accelerometers to the tibia and forehead of participants in activities
including walking (Forner et al., 1995; Light, McLellan, & Klenerman, 1980; LucasCuevas et al., 2013; Voloshin, Wosk, & Brull, 1981), running (Derrick, Hamill, &
Caldwell, 1998; Hamill et al., 1995; Shorten & Winslow, 1992), and landing (Zhang et
al., 2008). These studies have consistently reported lower peak accelerations at the
forehead compared with the tibia. A limited number of studies have shown the same
pattern of distal-to-proximal acceleration reduction at additional positions such as the
medial femoral condyle (Voloshin & Wosk, 1983; Voloshin & Wosk, 1982; Wosk &
Voloshin, 1981) or sacrum (Henriksen et al., 2008) but none has quantified the
progressive reduction at each body segment from foot to head.
Such acceleration-time signals include relatively lower frequency components
due to joint rotations, as well as relatively higher frequency components due to
electrical noise or resonance in the accelerometer attachment. For example, Shorten
and Winslow (1992) utilised power spectral analysis to identify two major components
of the typical tibia acceleration power spectrum during treadmill running, corresponding
to the active (5 - 8 Hz) and impact-related (12 - 20 Hz) phases of the time-domain
ground reaction force. Both the amplitude and frequency of tibial accelerations
increased with increasing running speed, with the greatest attenuation between tibia
and head occurring in the range of 15 - 50 Hz. Attenuation increased with increasing
running speed, suggesting that shock attenuating mechanisms limit transmission of
accelerations to the head despite increases in ground reaction force. Following even
greater ground reaction forces in bilateral drop landings, Zhang et al. (2008) found that
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drop height had no significant effect on acceleration signal attenuation (average
transfer function from 21 to 50 Hz) between the tibia and forehead. A maximal capacity
to attenuate accelerations may therefore be implied. These studies offer no
quantification of acceleration attenuation below the tibia or at sites between the tibia
and head.
The purpose of the present study was therefore to quantify the magnitude and
frequency content of surface-measured accelerations at each major human body
segment from foot to head during impact landings. It was hypothesised that: 1) peak
acceleration, median frequency, and power spectral density integral content within the
frequency ranges corresponding to both joint rotations and the elastic wave, would
each decrease for acceleration signals at progressively more superior body segments;
2) greater landing heights would lead to increases in these measures at all positions
below the neck; 3) peak accelerations would occur temporally later at more superior
body segments. This will be the first study using such measures to quantify the
progressive transfer of accelerations between multiple adjacent body segments (i.e.
foot – shank – thigh – lower back – upper back) and the signal energy losses
associated with both joint rotations and tissue compliance during in vivo impact
landings.
METHODS
Participants
Twelve recreationally active males (minimum two sport sessions per week)
participated in this study (age: 30 ± 7 years; height: 1.78 ± 0.06 m; mass: 77.4 ± 7.0
kg). Each participant was free from any injuries, had refrained from strenuous physical
activity for 36 h, and completed a health screen questionnaire prior to taking part.
Testing procedures were explained in accordance with Loughborough University
ethical guidelines, and each participant completed an informed consent form. All
procedures were conducted according to the Declaration of Helsinki for studies
involving human participants.
Data Collection
Following a self-selected warm up, participants performed two successful
barefoot single (dominant) leg drop landings from each of 0.15 m, 0.30 m, and 0.45 m
onto a force platform (AMTI Inc., Watertown, MA; 600 x 400 mm, 2000 Hz). With the
aim of inducing increasing distal impact accelerations from increasing drop heights,
participants were instructed to maximise joint stiffness upon landing whilst keeping
upper arms by their side with elbows flexed to ~90°. Drop landings were used to mimic
high impact sporting activities during which athletes attempt to maximise leg stiffness
and hence ground reaction forces and performance outcomes associated with rapidly
changing the momentum of the body (e.g. jump take-offs, cutting manoeuvres) in a
controlled manner. Trials were considered successful if the participant landed with the
dominant foot wholly on the force platform, was judged to have stepped off the box
horizontally, and showed no visible changes in body configuration after landing with
increasing drop heights.
Triaxial accelerometers (Dytran Instruments Inc., Chatsworth, CA; 2000 Hz; 10
grams; range: 100 g; sensitivity: 50 mV·g-1) were positioned (Figure 1) over the: 1) first
metatarsophalangeal joint; 2) distal anteromedial tibia; 3) superior to the medial
femoral condyle; 4) L5 vertebra; and 5) C6 vertebra. Accelerometers were held in
position by elastic tape tightened to the limit of participant comfort with the z-axis
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aligned with the segment's longitudinal axis (Valiant, McMahon, & Frederick, 1987;
Ziegert & Lewis, 1979). Resultant accelerations were used for all analyses. Ground
reaction force and acceleration data were collected and synchronised through Vicon
(Nexus 2.6.1; OMG Plc, Oxford, UK).

Figure 1 - Accelerometer positions and attachments. Created with BioRender.com

Data Reduction
All data reduction was performed in MATLAB (Version R2017b, The MathWorks
Inc., Natick, MA). Time of first ground contact was identified for each trial as the first
time point at which the vertical ground reaction force exceeded 10 N. Beginning at first
ground contact, a 0.1 s subsample of the time-domain resultant acceleration data was
extracted, sufficient to capture the post-landing elastic wave (Shorten & Winslow,
1992; Wakeling et al., 2002). Two time-domain parameters were identified for each
accelerometer position: peak resultant acceleration; and its timing relative to first
ground contact.
The power spectra of resultant accelerations were determined by Fast Fourier
Transformation of the time-domain signals, using the same signal processing
techniques for discontinuous and non-periodic signals as Shorten and Winslow (1992).
The mean value of each signal was subtracted throughout the subsample and any
linear trend was removed. To enable the analysis of frequency components in 2 Hz
intervals (i.e. sampling frequency ÷ number of data points), each subsample was
padded with zeroes to a total sample duration of 0.5 s prior to Fast Fourier
Transformation. This addition of L zeroes to N adjusted time-domain acceleration
values reduces the calculated powers by a factor of N/(N+L). The inverse of this factor
was therefore applied to the calculated powers to obtain representative powers. The
power spectral density of each signal frequency component was determined as the
power of that component divided by the frequency interval (2 Hz). In accordance with
Shorten and Winslow (1992), 2 Hz intervals were considered to provide sufficient
resolution without the need for additional data padding.
As in previous literature (e.g. Shorten & Winslow, 1992; Zhang et al., 2008), the
power spectral densities of each acceleration signal at the most distal accelerometer
position (first metatarsophalangeal joint) were visually inspected to identify common
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frequency ranges associated with the two main components: joint rotations; and the
elastic wave. Three frequency-domain parameters were determined for each
accelerometer position: median power spectral density frequency; and the power
spectral density integral within the frequency ranges associated with each of the two
components defined above. For each accelerometer position, parameter values were
averaged for the two trials from each drop height.
Statistical Analysis
All statistical analyses were performed within JASP (Amsterdam, Netherlands)
software Version 0.10. Data were presented as mean ± standard deviation. A fully
Bayesian inferential statistical approach (see Kruschke & Liddell, 2018 for an
introduction) was used to provide probabilistic statements for both the null and
alternative hypotheses (Mengersen, Drovandi, Robert, Pyne, & Gore, 2016; Sainani,
2018). Each analysis was conducted using the JASP default ‘noninformative’ prior
(Wang, Chow, & Chen, 2005). Bayesian two-way repeated measures ANOVA was
used to evaluate the effects of accelerometer position (within) and drop height
(between) on each parameter describing acceleration transmission. Bayes factor
(BF10) was reported to indicate the strength of the evidence for each analysis,
interpreted as: 1/3 < anecdotal ≤ 3; 3 < moderate ≤ 10; 10 < strong ≤ 30; 30 < very
strong ≤ 100; extreme > 100 (Lee & Wagenmakers, 2013). Evidence for the alternative
hypothesis (H1) was set as BF10 > 3 and for the null hypothesis (H0) BF10 < 1/3.
Frequentist p-values were also reported for the overall main and interaction effects for
comparison but were not used to make inferences. Where a meaningful BF 10 was
discovered, a Bayesian post-hoc was performed (Westfall, Johnson, & Utts, 1997).
Markov Chain Monte Carlo with Gibbs sampling (10,000 samples) was used to make
inferences, with 95% credible intervals (CI) (Harrison et al., 2020; Ly, Verhagen, &
Wagenmakers, 2016). Estimates of median standardised effect size (Cohen’s d; ES)
were calculated, and interpreted as: trivial < 0.2; 0.2 ≤ small < 0.6; 0.6 ≤ moderate <
1.2; 1.2 ≤ large < 2.0; very large ≥ 2.0 (Hopkins, Marshall, Batterham, & Hanin, 2009).
RESULTS
The power spectra of first metatarsophalangeal joint acceleration signals
contained two major distinct components (Figure 2): the first from 2 ± 0 Hz to 14 ± 1
Hz on average; and the second from 15 ± 1 to 43 ± 7 Hz on average, with a maximum
upper limit of 58 Hz. Signal content at frequencies greater than this second component
were relatively negligible. As in previous studies, these components were considered
to correspond to the low frequency joint rotations and higher frequency elastic wave
tissue deformation related phases of the time-domain signals, respectively. The 2 - 14
Hz and 14 - 58 Hz components were therefore identified as frequency ranges
encompassing the joint rotations and elastic wave respectively for further analyses.
Effects of accelerometer position
Accelerometer position had a meaningful effect on all four dependent variables:
magnitude of peak resultant accelerations (Figures 3 & 4; BF10 = ∞, extreme; p <
0.001); timing of peak resultant accelerations (Figures 3 & 5; BF10 = 1.8 × 1014,
extreme; p < 0.001); median power spectral density frequency (Figure 6; BF10 = 12149,
extreme; p = 0.003); and power spectral density integral within both the 2-14 Hz (Figure
7; BF10 = ∞, extreme; p < 0.001) and 14 – 58 Hz (Figure 7; BF10 = 2.7 × 1014, extreme;
p < 0.001) ranges.
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Figure 2 - Typical power spectral density plot for first metatarsophalangeal joint accelerometer signal
(participant 3) for the first 100 ms following single-leg drop landings from each of 0.15, 0.30, and 0.45
m. Dashed lines indicate 14 – 58 Hz, identified as containing the second major frequency component
for all trials, corresponding to the elastic wave.

Figure 3 - Resultant acceleration at each accelerometer position for the first 100 ms of ground contact
following a typical (participant 3) single-leg drop landing from 0.15 m. Created with BioRender.com
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Figure 4 - Peak resultant acceleration at each accelerometer position following single leg drop landings
from each of 0.15 m, 0.30 m, and 0.45 m. Bars show 95% credible intervals.

Figure 5 - Time of peak resultant acceleration relative to first ground contact at each accelerometer
position following single leg drop landings from each of 0.15 m, 0.30 m, and 0.45 m. Bars show 95%
credible intervals.
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Figure 6 - Median power spectral density (PSD) frequency for the whole acceleration signal at each
accelerometer position following single leg drop landings from each of 0.15 m, 0.30 m, and 0.45 m. Bars
show 95% credible intervals.

Figure 7 - Power spectral density (PSD) integrals associated with joint rotations (left: 2 – 14 Hz) and the
elastic wave (right: 14 – 58 Hz) at each accelerometer position following single leg drop landings from
each of 0.15 m, 0.30 m, and 0.45 m. Bars show 95% credible intervals.
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With every progressive step up the lower body (Table 1), peak resultant
accelerations reduced and the acceleration signal power spectral density integrals
relating to both frequency components (2-14 Hz and 14 – 58 Hz) were attenuated.
There were no further differences in these parameters between L5 and C6. On
average, compared with the metatarsophalangeal joint, peak resultant acceleration
was reduced by 42 ± 21%, 90 ± 35%, 93 ± 4%, and 93 ± 3% at the distal tibia, medial
femoral condyle, L5, and C6 respectively (Figure 4).
Table 1. Bayesian post-hoc comparisons for adjacent accelerometer positions and drop heights.
peak resultant
acceleration

time of peak
resultant
acceleration

median PSD
frequency
(whole
signal)

PSD integral
(2 – 14 Hz)

BF10

ES

BF10

ES

BF10

ES

PSD integral (14
– 58 Hz)

BF10

ES

BF10

ES

5.5 × 105

1.35

9405

1.09

0.25

0.19

1.4 × 107

6.30

43253

1.21

8.5 × 1012

2.74

1997

1.32

17.1

0.72

98226

4.30

4.8 × 1011

4.46

distal femur –
L5

7.10

0.52

0.19

0.09

0.22

0.13

4.19

1.71

5.75

0.49

L5 –
C6

0.30

0.18

7.81

0.68

1.18

0.40

0.56

0.30

0.18

0.03

0.15 m –
0.30 m

10.6

0.98

N/A

N/A

N/A

N/A

N/A

N/A

5.07

0.85

0.30 m –
0.45 m

16.6

1.00

N/A

N/A

N/A

N/A

N/A

N/A

1.84

0.76

accelerometer
position
MTP –
distal tibia
distal tibia –
distal femur

drop height

PSD: power spectral density; BF10: Bayes factor; ES: effect size; N/A: post-hoc comparisons
not performed because overall effect not meaningful in favour of the alternative hypothesis.
Peak accelerations were temporally delayed with every progressive step up the
body, except between the medial femoral condyle and L5 (Table 1). The median signal
frequency for the whole acceleration signal was lower at the medial femoral condyle
and L5 than at the metatarsophalangeal joint and distal anteromedial tibia. There was
no meaningful evidence of a difference in median frequency between other positions.
Effects of drop height
Drop height had a meaningful effect on the magnitude of peak resultant
accelerations (Figure 4; BF10 = 75.3, very strong; p < 0.001) and the 14 – 58 Hz power
spectral density integral (Figure 7; BF10 = 39.0, very strong; p < 0.001). Peak
accelerations increased with each increase in drop height (Table 1). The power
spectral density integral of the acceleration signal component relating to the elastic
wave (14 – 58 Hz) was greater following drops from 0.30 m compared with 0.15 m but
evidence of an increase between 0.30 m and 0.45 m was only anecdotal (Table 1).
Drop height had no effect on timing of peak resultant accelerations (Figure 5; BF10 =
0.119, moderate evidence for H0; p = 0.512) or median power spectral density
frequency (Figure 6; BF10 = 0.069, strong evidence for H0; p = 0.616). The effect of
drop height on the 2 – 14 Hz power spectral density integral was anecdotal, with no
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meaningful evidence in favour of the null or alternative hypothesis (Figure 7; BF 10 =
0.654; p = 0.017).
Accelerometer position x drop height interactions
The effect of accelerometer position on peak resultant acceleration (Figure 4;
BF10 = 11.2, strong; p < 0.001) and elastic wave component integral (Figure 7; BF10 =
24.6, strong; p < 0.001) increased with increases in drop height (i.e. increased
attenuation). There was no interaction effect on timing of peak resultant accelerations
(BF10 = 0.022, very strong evidence for H0; p = 0.683) or median power spectral density
frequency (BF10 = 0.105, moderate evidence for H0; p = 0.033). The interaction effect
on the joint rotation component integral was anecdotal, with no meaningful evidence
in favour of the null or alternative hypothesis (Figure 7; BF10 = 0.447; p = 0.003).
DISCUSSION
This study quantified the characteristics of surface-measured accelerations
throughout the body following an impact. Surface accelerations were attenuated in a
distal-to-proximal
manner
between
each
accelerometer
position
from
metatarsophalangeal joint to L5 vertebra but not beyond the L5 vertebra. This
attenuation was generally characterised by a temporal delay as well as decreases in
peak acceleration and median signal frequency. Peak accelerations and the attenuation
prior to L5 were greater following landings from greater heights. The same attenuation
pattern was observed in the energy (i.e. power spectral density integral) of both the
lower frequency range (2 – 14 Hz) relating to joint rotations, and the higher frequency
range (14 – 58 Hz) relating to the elastic wave. This is the first study using such
measures to quantify the progressive transfer of accelerations between multiple
adjacent body segments (i.e. foot – shank – thigh – lower back – upper back) and the
signal energy losses associated with both joint rotations and tissue compliance during
impact landings.
The progressive distal-to-proximal attenuation ensured that peak accelerations
close to vital organs were less than 10% of those at the foot. Compliance in the lower
limbs due to both joint rotations and tissue deformation acts to reduce the risk of serious
injury to these organs by limiting accelerations transmitted from the impact. Not only did
peak acceleration occur later at more superior sites, these superior sites were also less
affected by the amplifying effect of greater drop heights. Whilst distal accelerations
increased with each increase in drop height, compliance within the body associated with
joint rotations and tissue deformation was capable of increasing attenuation of the
accelerations between proximal sites. This ensured that greater impact forces and
consequent distal accelerations did not lead to greater accelerations at the torso and
head. It is not clear to what extent features within the trunk would contribute to
attenuation of any excessive accelerations reaching the L5 vertebra as this did not occur
in the present study. Indeed, the vertebrae of healthy controls, but not participants with
spinal fusion, are able to attenuate shock at frequencies above 15 Hz (Helliwell et al.,
1989), similar to the 14 – 58 Hz elastic wave component identified in the present study.
Furthermore, it is not clear whether the lack of attenuation above L5 reflects the relative
lack of joint rotation above this position. Previous studies have reported unchanged peak
head acceleration (Hamill et al., 1995) and increased attenuation between tibia and
head with increased running speeds (Shorten & Winslow, 1992).
The present findings, together with those of Hamill et al. (1995) and Shorten and
Winslow (1992), contrast with Zhang et al. (2008) who reported that drop height had no
effect on impact attenuation between the tibia and the forehead during bilateral drop
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landings. However, the 21 – 50 Hz frequency component identified by Zhang et al.
(2008) as representative of the elastic wave more closely resembles the present study’s
14 – 58 Hz range than Shorten and Winslow’s (1992) 12 - 20 Hz during treadmill running.
A secondary analysis of the 21 – 58 Hz power spectral density integral in the present
study reported similar results to the 14 – 58 Hz range (accelerometer position BF10 =
∞; drop height BF10 = 50.6; interaction effect BF10 = 38.3). The differences in results
therefore cannot be attributed to the difference in lower frequency band (14 Hz vs 21
Hz) of the elastic wave component. Results were likewise unaffected when only the tibia
and C6 accelerometers were analysed and so this difference cannot be attributed to the
present study’s inclusion of acceleration attenuations distal to the tibia or a greater
number of measurement sites. Counterintuitively, it is possible that unilateral landings
offer greater capacity than bilateral landings for increasing attenuation following drops
from greater height. High frequency vibration transmission to the thoracic vertebrae has
been shown to be lower in unilateral stance compared with bilateral stance, possibly
due to coupled rotational motion of the whole upper body about the hip joint (Matsumoto
& Griffin, 1998).
Quantifying the relative contributions of specific structures (e.g. soft tissue motion
or compliance within joint structures) to the reported attenuation is beyond the scope of
this study. Future studies may wish to investigate these specific contributions, especially
given potential implications for the modelling of high impact activities in whole-body
inverse and forward dynamics investigations. Underestimating peak segment
accelerations due to excessive filtering of marker trajectories results in overestimation
of intersegmental forces and moments via inverse dynamics (Bobbert, Yeadon, & Nigg,
1992). These errors propagate between segments in a distal-to-proximal manner
(Tomescu, Bakker, Beach, & Chandrashekar, 2018). Similarly, it may be speculated that
failure to consider compliance within joint structures could lead to errors in segment
accelerations and hence also in calculated kinetics. In forward-dynamics simulations of
high-impact activities, excessive foot-ground spring compression has been necessary
to match experimentally recorded ground reaction forces and performance outcomes
due to a lack of compliance elsewhere in the rigid-body link system (Allen, King, &
Yeadon, 2012). This was despite the inclusion of wobbling masses representing soft
tissue motion. The authors concluded that compliance must be incorporated elsewhere
in the link system to accurately estimate internal forces during high-impact activities. It
may be further speculated that the inclusion of participant-specific anatomical
constraints during static optimisation (Glitsch & Baumann, 1997; Leardini et al., 2017)
and/or elastic components (e.g. Richard, Lamberto, Lu, Cappozzo, & Dumas, 2016)
when representing the connection between adjacent body segments may improve the
accuracy of estimated internal kinetics where impacts are involved. This may also
improve the timing of modelled elastic wave transmission (Allen et al., 2012), typically
instantaneous in rigid systems but not in vivo as demonstrated by this study. Whilst no
attempt was made to isolate the effects of individual mechanical structures, the present
study offers some time- and frequency-domain insight into the separate contributions of
joint rotations and tissue compliance to the overall attenuation between adjacent body
segments which is necessary in any biofidelic inverse or forward dynamics whole-body
model. Likewise, this highlights the importance of researchers and practitioners
monitoring post-impact accelerations close to their particular site of interest (Barrett et
al., 2016; Greig, Emmerson, & McCreadie, 2019).
In conclusion, this is the first study using time- and frequency-domain measures to
quantify the progressive transfer of accelerations between multiple adjacent body
segments (i.e. foot – shank – thigh – lower back – upper back) during in vivo impact
landings. Mechanisms associated with both joint rotations and tissue compliance within
12

the lower limb contribute to progressive attenuation and delay of accelerations,
preventing excessive accelerations from reaching the torso and head. Distal
accelerations are greater following landings from greater heights, but the body remains
capable of attenuating these accelerations before they reach the torso.
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