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Single-leg landing (SL) is often associated with a high injury risk, especially anterior cruciate ligament 
(ACL) injuries and lateral ankle sprain. This work investigates the relationship between ankle motion 
patterns (ankle initial contact angle [AICA] and ankle range of motion [AROM]) and the lower limb injury 
risk during SL, and proposes an optimized landing strategy that can reduce the injury risk. To more 
realistically revert and simulate the ACL injury mechanics, we developed a knee musculoskeletal model 
that reverts the ACL ligament to a nonlinear short-term viscoelastic mechanical mechanism (strain rate-
dependent) generated by the dense connective tissue as a function of strain. Sixty healthy male subjects 
were recruited to collect biomechanics data during SL. The correlation analysis was conducted to explore 
the relationship between AICA, AROM, and peak vertical ground reaction force (PVGRF), joint total energy 
dissipation (TED), peak ankle knee hip sagittal moment, peak ankle inversion angle (PAIA), and peak ACL 
force (PAF). AICA exhibits a negative correlation with PVGRF (r = −0.591) and PAF (r = −0.554), and a 
positive correlation with TED (r = 0.490) and PAIA (r = 0.502). AROM exhibits a positive correlation with 
TED (r = 0.687) and PAIA (r = 0.600). The results suggested that the appropriate increases in AICA (30° 
to 40°) and AROM (50° to 70°) may reduce the lower limb injury risk. This study has the potential to offer 
novel perspectives on the optimized application of landing strategies, thus giving the crucial theoretical 
basis for decreasing injury risk.

Introduction

Landing is an essential sports technique, and its use is particu-
larly frequent in most ball sports [1–5]. The supporting styles 
for landing can be divided into single-leg and double-leg sup-
ports. Compared to double-leg landing support, the use of 
single-leg landing (SL) support facilitates rapid deceleration 
and swift changes in direction after landing, so it is used more 
frequently in exercises [1,5–7]. Different landing patterns can 
cause different loading effects on the musculoskeletal and soft 
tissues of the lower limb joints [1,2,7–9]. Lower limb muscu-
loskeletal injuries are also common in different landing pat-
terns, such as anterior cruciate ligament (ACL) injuries, ankle 
sprains, and patellar tendonitis [1,4,5,7,10,11].

During landing, as the key joint connecting the ankle and 
hip, the knee has the highest risk of injury [8,12,13]. The most 
common is the non-contact ACL injury, with more than 80% 

of its injuries occurring during landing tasks [1,5,6,14]. As one 
of the main ligaments around the knee joint, the ACL is crucial 
for maintaining stability in the knee joint [15,16]. After an ACL 
rupture, the patients experience a general decrease in their 
exercise level and quality of life. Even after prompt treatment, 
only 55% of patients return to their daily competitive sport level 
within the first year [17]. More seriously, ACL ruptures also 
frequently lead to other pathologic changes, such as osteoar-
thritis of the knee [14,18–21].

It is also true that ankle sprains, on the other hand, are one 
of the most common injuries associated with landing, and more 
than 80% of ankle sprains occur in the lateral [22,23]. Lateral 
ankle sprain (LAS) causes structural damage to the lateral col-
lateral ligaments (anterior tibiofibular ligament and calcaneo-
fibular ligament) of the ankle joint [23,24]. These structural 
injuries may cause joint pain, swelling, and related dysfunction. 
In severe cases, they can also cause re-sprains of the ankle joint 

Citation: Xu D, Zhou H, Quan W, Ma X, 
Chon TE, Fernandez J, Gusztav F, 
Kovács A, Baker JS, Gu Y. New Insights 
Optimize Landing Strategies to 
Reduce Lower Limb Injury Risk. 
Cyborg Bionic Syst. 2024;5:Article 
0126. https://doi.org/10.34133/
cbsystems.0126

Submitted 10 February 2024  
Accepted 12 April 2024  
Published 22 May 2024

Copyright © 2024 Datao Xu et al.  
Exclusive licensee Beijing Institute of 
Technology Press. No claim to original 
U.S. Government Works. Distributed 
under a Creative Commons 
Attribution License 4.0 (CC BY 4.0).

D
ow

nloaded from
 https://spj.science.org on Septem

ber 01, 2024

https://doi.org/10.34133/cbsystems.0126
mailto:guyaodong@nbu.edu.cn
https://doi.org/10.34133/cbsystems.0126
https://doi.org/10.34133/cbsystems.0126
https://creativecommons.org/licenses/by/4.0/
https://creativecommons.org/licenses/by/4.0/
http://crossmark.crossref.org/dialog/?doi=10.34133%2Fcbsystems.0126&domain=pdf&date_stamp=2024-05-22


Xu et al. 2024 | https://doi.org/10.34133/cbsystems.0126 2

and progress to chronic ankle instability [22,24]. An increased 
ankle inversion angle is recognized as one of the important 
biomechanical factors causing LAS [23,24]. Ankle inversion is 
the inward rotation of the ankle joint that turns the sole toward 
the midline of the body. When the ankle is in greater plan-
tarflexion and inversion, it is considered to be at greater risk 
for LAS [24–26].

During the landing process, the lower limbs undergo a 
transfer of load impact pattern from the distal to the proximal: 
foot-ankle to knee and knee to hip [4,5,13]. The ankle joint and 
its surrounding muscles and tissues have a crucial function in 
absorbing the load impact during landing, serving as the initial 
point for the transfer of this impact [5]. Research has shown 
that they can withstand impact forces ranging from 2 to 5 times 
the individual's body weight during an SL [5,9,27,28]. Previous 
studies have suggested that increasing the ankle initial contact 
angle (AICA) during landing may increase ankle energy dis-
sipation [5,29], and a greater ankle range of motion (AROM) 
has also been thought to increase the time to the peak point of 
vertical ground reaction force (VGRF) [1,3], thereby reducing 
the impact on the lower limb [5]. However, whether ankle joint 
motion patterns (AICA and AROM) during SL affect joint 
energy dissipation and the degree of shock load cushioning 
across the lower limb, or even if there is some association with 
lower limb injury, remains to be further explored. It is undeni-
able that AICA and AROM during SL can be adjusted to a large 
extent by human autonomic awareness. Consequently, guiding 
individuals to consciously adjust their ankle movement pat-
terns during landing based on the discovered laws is anticipated 
to decrease the incidence of lower limb injuries [5,7].

In assessing the ACL injury mechanism, traditional models 
mainly set ligaments as having linear force–length character-
istics and consider them independent of strain rate [30–32]. 
However, ligaments, as dense connective tissue (DCT), are 
characterized by short-term viscoelastic strain, which affects 
the force–length characteristics [31,33]. Hence, to more realisti-
cally revert and simulate the ACL injury mechanics, this study 
developed a knee musculoskeletal model that reverts the ACL 
ligament to a nonlinear short-term viscoelastic mechanical 
mechanism (strain rate-dependent) generated by the DCT as a 
function of strain. By implementing the structural constitutive 
model, this study calculated the compressive stress on the liga-
ment at different strains [33,34].

Therefore, this study aims to explore an optimized landing 
strategy to reduce the injury risk of the lower limb. We hypoth-
esized that the variations in ankle motion patterns (AICA and 
AROM) during SL would be associated with the injury risk of 
the lower limb. Among these, by appropriately increasing AICA 
and AROM during SL, the overall injury risk of the lower limb, 
particularly ACL injury, can be minimized, but this increases 
the LAS risk. Furthermore, there is an “optimal” ankle move-
ment pattern that can balance the association between the LAS 
and ACL injury risk, allowing for minimization of the overall 
injury risk.

During landing, when the body undergoes a greater VGRF, 
the impact on the joints of the lower limbs is greater [35,36]. 
Among them, the degree to which the joints and soft tissues of 
the lower extremities are subjected to loads increases if the 
landing impact is not effectively dissipated [2,5]. To be exact, 
insufficient energy dissipation in the lower extremity joints will 
increase the injury risk [5]. The moment is the torsional effect 
that the forces around the joint produce, and a larger moment 

implies greater stress on the muscles and ligaments surround-
ing the joint [1,26]. These changes in biomechanical outcomes 
are thought to lead to an increased risk of lower limb injury 
[26,36,37]. Furthermore, the greater the loading force on the 
ACL, the greater the risk of ACL tears and strains [5,37].

Therefore, the following works are specified: (a) The peak 
VGRF (PVGRF), total energy dissipation (TED), peak ankle 
sagittal moment, peak knee sagittal moment, and peak hip sag-
ittal moment were used to assess the overall injury risk of the 
lower limb, and explored their relationships with AICA and 
AROM. (b) The peak ankle inversion angle (PAIA) and peak 
ankle inversion moment (PAIM) were used to assess the LAS 
risk, and hypothesized the positive correlation between them 
and AICA and AROM. (c) The ACL model was developed and 
constructed to calculate ACL dynamic loading forces, and then 
the peak ACL force (PAF) was used to assess the ACL injury 
risk, and hypothesized the negative correlation between them 
and AICA and AROM. (d) The feasible ankle motion patterns 
were explored to balance the LAS and ACL injury risk based 
on the interaction between PAIA and PAF.

Materials and Methods

Subjects
Sixty healthy male subjects were recruited for this experi-
ment, and their anthropometric parameters are as follows: 
age, 22.43 ± 5.02 years; height, 1.84 ± 0.12 m; and body mass, 
81.93 ± 12.81 kg. Subjects were screened based on (a) no 
history of serious lower limb surgery within the past 6 months; 
(b) no other injury variables that would affect the study; and 
(c) no other problems that would affect sports performance. 
We informed the subjects in advance of the experiment’s purpose, 
requirements and procedures, and they signed the written 
informed consent form. The Ethics Committee of Ningbo 
University approved the study protocol (approval number: 
RAGH20210120).

Experimental protocol and procedures
Experiments were conducted in the biomechanics laboratory of 
Ningbo University. The instrument has a motion capture device 
with an 8-camera system (Vicon Metrics Ltd., UK), a wireless 
electromyographic (EMG) system with 16 channels (Delsys, 
Boston, MA, USA), and 2 force plates (AMTI, Watertown, USA), 
and the sampling frequencies were set as 200 Hz, 1000 Hz, and 
1000 Hz, respectively. The current study carried out a lower limb 
musculoskeletal modeling based on the pipeline constructed 
from previous models [5,30,31,38]. This musculoskeletal model 
was mainly constructed and developed based on the 2392 generic 
musculoskeletal model [31,39]. The current model contains a 
total of 5 main joints of the lower extremity (hip, knee, ankle, 
subtalar, and metatarsophalangeal joints), 10 rigid bodies, and 
90 musculotendon actuators. Among them, the hip, knee, and 
ankle joints have 3 degrees of freedom (DOF), and the subtalar 
joint and metatarsophalangeal joint only have sagittal plane DOF. 
For the 90 musculotendon actuators, based on the 92 muscu-
lotendon actuators of the 2392 model, 6 musculotendon actua-
tors near the spine of the upper limbs were removed, and 4 ACL 
musculotendon actuators from the left and right knees were 
added.

As shown in Fig. 1, 38 reflective markers were placed on the 
body to track movement (Fig. 1A), and 10 wireless EMG sen-
sors were used for the surface EMG signal acquisition (Fig. 1B). 
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During EMG signal acquisition, we first treated the skin surface 
with alcohol cleaning and wiping to ensure that the electrodes 
could adhere well and record muscle activity accurately [5]. 
The EMG sensors were then placed jointly by 2 experimental 
operators to ensure that their electrodes were placed in the 
middle of the target muscle and aligned with the orientation 
of the muscle fibers [38]. Besides the use of EMG patches, we 
used a bandage for secondary fixation of the EMG sensors to 

ensure that the electrodes would remain stable and in close 
contact with the muscles. Before starting the formal data acqui-
sition, we also performed signal testing to ensure that the elec-
trodes were properly placed and could accurately record muscle 
activity. For the adjacent muscles, such as the soleus and lat-
eral gastrocnemius, 2 experimental operators simultane-
ously observed the EMG signal data during the acquisition 
in real time. For the observed abnormal fluctuation signal, it 
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Rectus femoris

Vastus lateralis
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Medial gastrocnemius
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Fig. 1. Overview of the data collection and the ACL model. (A) Illustration of the reflective mark’s position about the updated musculoskeletal model. (B) Illustration of the 
surface EMG test’s position on lower limbs. (C) Illustration of the process of SL biomechanics test.
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is considered an acquisition failure, and the acquisition will be 
carried out after debugging and checking again.

For these 10 muscles, the corresponding maximal voluntary 
contraction (MVC) was also collected to calculate the muscle 
activation [39]. The placement of reflective markers was con-
ducted by the same experimenter for all subjects and checked 
by a different experimenter. All subjects were required to wear 
leggings and uniform shoes. After the warm-up (run at their 
own pace for 10 min), the subjects were familiarized with the 
experimental procedures. Once the reflective markers and 
EMG sensors were attached, subjects were required to stand in 
a standard anatomical position on the force plate with their feet 
open, shoulder width apart, and arms open to 45° diagonally 
downward, and they were visually ahead and kept motionless 
until the experimenter completed static data collection.

The whole test process of the SL biomechanics test is outlined 
in Fig. 1C. A 40-cm-high jump platform was placed directly in 
front of the force plate, and the subject stood on the jump plat-
form with his hands on his hips. After hearing the “begin” signal 
from the experimenter, the subject moves the dominant leg 
forward, and leans forward to fall vertically from the jump plat-
form at no initial speed synchronously. All subjects were asked 
to try their best to pause briefly for half a second after leaning 
forward to ensure no initial velocity while falling from the plat-
form. We determined it in the Vicon Nexus software by observ-
ing the real-time spatial displacement changes of the medial and 
lateral ankle reflective markers. When the reflective marker is 
observed to have no obvious displacement change for 100 time 
points (0.5 s), the landing test is considered valid. Subjects were 
instructed to land with their dominant leg as close to the center 
of the force plate as possible, and then land on one leg for sup-
port and balance. A successful experiment was defined as the 
subject's ability to balance on the dominant leg for 3 s without 
any tendency to fall. Five successful landing trial datasets were 
collected for each subject. The subjects rested for at least 30 s 
between each session in the landing test.

Data initial processing and collection
The data of the landing phase from the initial contact force point 
(VGRF > 10 N) to the maximum knee flexion was selected for 
analysis [3,6]. Firstly, the data were processed in Vicon Nexus 
software: (a) name the captured reflective markers; (b) fix the 
missing reflective markers; and (c) delete the redundant and 
wrong reflective markers. After that, the exported C3D files from 
Vicon Nexus were imported into Visual 3D 6.7.3 (C-Motion Inc., 
Germantown, US) software for the further modeling process. 
The joint kinematics and joint kinetics were calculated by using 
the built-in algorithms in Visual 3D. In the specific modeling, 
we determined the anatomical bone position of the subject 
through the reflective marker points [1]. By combining the input 
height and weight, we were able to determine the specific rigid 
segment ratio for each subject. In the calculation process, lower 
limb joint angles and angular velocities were calculated based on 
the collected data of displacement changes of reflective marker 
points in space over time. In conjunction with the synchronized 
collected ground reaction force data, an inverse dynamics algo-
rithm then calculated the joint reaction forces and joint moments. 
The joint power is defined as the product of the joint moment 
and the joint angular velocity [2].

Based on the calculated most appropriate signal-to-noise 
ratio, the fourth-order zero-phase lag Butterworth low-pass 
filters with frequencies of 10 and 20 Hz were used to filter the 

kinematic and kinetic data [2,40]. Among them, each joint 
energy dissipation (joint negative/eccentric work) was calcu-
lated by the integral of joint power over time [4]. The TED was 
defined as the sum of ankle, knee, and hip joint energy dissipa-
tion. This work only considered joint energy dissipation in the 
sagittal plane, as the lower limb energy dissipation is mainly 
concentrated in the sagittal plane during SL [2,4].

The EMG activation results were obtained from the EMG 
sensors, which were compared with the results obtained by 
OpenSim to validate the musculoskeletal model [5,41]. First, 
the raw EMG signals were processed firstly by band-pass filter-
ing with a Butterworth fourth-order filter (frequency range of 
10 to 400 Hz). Then, the full-wave rectification was conducted. 
Based on the determined most appropriate signal-to-noise 
ratio, the low-pass filter with a 6-Hz cutoff frequency was used 
[5,42]. EMG signal was normalized by dividing the maximum 
EMG amplitude of maximal voluntary contraction (MVC) by 
the maximum root mean square amplitude to obtain the nor-
malized signal ei(t). We used a recursive non-linear model 
(second-order differential equation) to solve the muscle activa-
tion ai(t) by the obtained normalized signal ei(t) [38,41,43]. 
First, we used the normalized signal ei(t) to solve the neural 
activation:

where t represents the activation time point, and ui(t) is related 
to the previous activations: ui(t − 1), ui(t − 2). The electro-
mechanical delay d is set to be 10 ms, and α, β1 = C1 + C2, 
β2 = C1 × C2 (|C1| < 1, |C2| < 1) are the coefficients defining the 
second-order dynamics [38]. These parameters map ei(t) to 
ui(t), which is the key to forming a stable equation, and must 
satisfy the conditions α = 1 + β1 + β2. Then, the muscle activa-
tion ai(t) was solved by the non-linear model [38,43]:

where Ai is set to 1.5, which is the nonlinear shape coefficient, 
and represents the degree of nonlinearity of the neural activation 
ui(t) and muscle activation ai(t) [38,41]. All data were imported 
into MATLAB (Visual R2022a, MathWorks, USA) to expand 
into 101 data point curves (0% to 100% landing phase) by self-
written MATLAB scripts.

Nonlinear ACL model creation and property setting
When evaluating the mechanism of ACL injury, the traditional 
ACL model primarily sets ligaments as having linear force–
length characteristics and considers them independent of strain 
rate [30–32]. However, as DCT, ligaments are characterized by 
short-term viscoelastic strain, which affects their force–length 
characteristics [31,33]. In order to more realistically revert and 
simulate the ACL injury mechanics, this study developed a knee 
musculoskeletal model that reverts the ACL ligament to a non-
linear short-term viscoelastic mechanical mechanism (strain 
rate-dependent) generated by the DCT as a function of strain. 
By implementing the structural constitutive model, this study 
calculated the compressive stress on the ligament at different 
strains [33,34]. As presented in Fig. 2, we developed a graphical 
user interface (GUI) for OpenSim based on App Designer in 
MATLAB to assess the ligament material parameters. Meanwhile, 
ligament elongation and DCT forces were calculated based on 
the muscle and force analysis tools in the OpenSim analysis tool-
box (Fig. 2A). Considering the short-term viscoelastic behavior 

(1)ui(t) = �ei(t − d) − �1ui(t − 1) − �2ui(t − 2)

(2)ai(t) =
eAiui(t) − 1

eAi − 1
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of ligament DCTs, the current study fits a sixth-order polynomial 
equation in the GUI to calculate the material parameters [33,34]. 
The coefficient matrix pm,n of this sixth-order polynomial equa-
tion is represented as follows:

where K is the sample size for this coefficient matrix equation, 
and L is the number of coefficients. The coefficient matrix result 
is calculated from the coefficient term pm, n for each sample n. 
We created a C++ library (containing the equation. h and equa-
tion. cpp files) through the Win64 C++ compiler to build and 
simulate the proposed intrinsic model of the ligament structure. 

In this process, an adaptive product algorithm is used to solve 
the numerical integration [44]. Build the NNL class in Visual 
Studio (Microsoft Ltd. 2017) and then create the NLSR.dll and 
NLSR.lib folders in the OpenSim plugin to register the NLL 
class into the OpenSim GUI. Based on the constructed struc-
tural constitutive model, this work inputs the material param-
eters and mechanical parameters of the ligament DCT in the 
GUI to define the properties of the DCT bundle (Fig. 2B). 
Finally, the nonlinear characteristic strains and internal loading 
forces of the ligament under different strains were calculated 
based on the analysis tools in OpenSim.

The ACL length was defined as the resting length Lr based 
on the state when the knee was in the neutral position, and the 
extended length of the ACL when the knee was flexed during 

(3)pm,n =

∑K
m=1

pm,n

L
(n = 1, 2, … m)
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Fig. 2. Illustration of the ACL model construction and property setting. (A) Flow diagram of the NLSR plugin creation and DCT model simulation. (B) Illustration of the ACL 
strain simulation (DCTs). (C) Illustration of the ACL model that was constructed in OpenSim and MATLAB.
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SL was defined as Le, and the ligament strain was calculated by 
the percentage of Le to Lr:

Among them, there is a “ligament-class” property in OpenSim, 
which means that there is a defect in that the extension length 
cannot be calculated during the dynamic simulation of SL [31]. 
Therefore, in this study, the instantaneous strain rate (ISR) �̇ 
was calculated by differentiating the strain with respect to time 
[33]:

Then, by assuming that the mean axial direction of the ACL 
collagen fibers is parallel to the loading direction of the stress 
(Fa), the probability density function defining the fiber orienta-
tion under the orientation coefficient m of the collagen fibers 
is:

where δ is the Dirac delta function. Constructing computa-
tional functions for nominal axial stress based on strain and 
strain rate [33,34]:

The boundary conditions are set to no traction, that is, the 
pressure term p is equal to 0 [34]. λ represents the ratio of liga-
ment extension length Le relative to resting length Lr:

σe is the elastic stress generated in the collagen fibers of the 
ligament:

where �e is the elastic stress generated in each collagen fiber of 
the ligament. R(λs) represents the probability density function 
of the fiber activity density of the ligament in the stretched state 
(λs). K is a constant, taken as 70 MPa, which is used to represent 
the collagen fiber’s elastic modulus [45]. σv is the viscous stress 
generated in the collagen fibers of the ligament:

where λr is the stretch ratio of λ and λs, and η represents the 
absolute viscosity coefficient, taken as 20 MPa/S [45]. The term 
D

Dt
 represents the time derivative of matter. Therefore, combin-

ing Eqs. 7, 9, and 10, the following equation can be obtained:

Based on previous studies [33,34,45,46], distribution functions 
were used to solve for the uncoiled stretch of collagen fibers to 
obtain the probability distribution of their unwinding R(λ):

where α, β > 0, are the shape and scale with boundary condi-
tions, respectively. γ is the location parameter, when it con-
verges to zero based on the Weibull model [34] λs = eε

s. Thus, 
the final calculation function of the nominal axial stresses 
developed based on the DCT is

where α = 4.5 and β = 0.3 are the shape and scale factors of the 
probability distribution function, respectively, for the sequen-
tial straightening of collagen fibers under stress loading in the 
2-parameter Weibull model [33,34,45].

Based on the mechanical and material properties of liga-
ments, the ligament fiber bundle model is defined as a nonlin-
ear viscoelastic unit [5,33]. When the ligament is in a resting 
or slack state, that is, the strain is equal to or less than zero, then 
the compressive stress within the ligament is zero. When the 
ligament is in tension, the strain is greater than 0, the internal 
ligament loading force is Faf:

where A is the average physiologic cross-sectional area of the 
DCTs. Based on our previous study, the anteromedial ACL 
(A-ACL) and posterolateral ACL (P-ACL) were modeled using 
the DCTs (Fig. 2C), and a tunnel connecting the femur and 
tibia at both ends [5,45]. The ACL was attached to the medial 
front of the tibial intercondylar eminence and extended to the 
medial side of the lateral condyle of the femur. For the A-ACL, 
the resting length is set to 30 mm, the cross-sectional area is 
set to 20.7 mm2, and the max isometric force is set to 1,500 N. 
For the P-ACL, the resting length is set to 23.36 mm, the cross-
sectional area is set to 19.3 mm2, and the max isometric force 
is set to 1,600 N. The final calculated total ACL force was deter-
mined as the combination of the A-ACL force and the P-ACL 
force [5].

The lower limbs will dramatically change the acceleration 
and GRF of each segment during the landing phase, particularly 
in the early landing stage, which will prevent the optimization 
process from being convergent. As a result, during the whole 
modeling and simulation process, many attempts were per-
formed to simulate the landing using the Computed Muscle 
Control (CMC) and Reduce Residuals Algorithm (RRA) for 
each segment. The strain of the ACL varies with the knee valgus 
angle under different flexion conditions. The ACL strain can 
be seen as a function of knee kinematics according to the simu-
lation results after CMC, which is the function of the muscle 
optimization process. Therefore, this work sets the ratio of pas-
sive ACL strain to flexion-extension and varus-valgus angle to 
15% by adjusting the ACL material properties for passive fiber 
strain at the maximum isometric force [31,47–49]. As a maxi-
mum tolerance ratio, 15% is reasonable because the range of 
9% to 15% has been shown to cause ACL rupture and micro-
fiber damage [5,49,50]. If a passive ACL strain characteristic is 
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specified as less than 1% in an individual model, additional 
adjustments are made to the models to ensure that the strain 
limit can be accurately controlled. For the contact area between 
ligament and bone (junction of ligament together with bones), 
the maximum strain was limited to 2.5% to 3.0% to ensure that 
the isometric force could start from the lowest value in the 
simulation [47]. The length of bony osteoligamentous (tendons) 
and ligaments (muscles) will be examined during CMC based 
on the determined ACL strain when the presence of deforma-
tion of the entire muscle–tendon unit [5,31].

Statistical analysis
Data analysis was conducted in SPSS 27.0 (IBM Corporation, NY, 
USA). Before formal analysis, the Kolmogorov–Smirnov test was 
performed to determine the normality of the data for each vari-
able. All data obeyed a normal distribution. For the relationship 
between the ankle motion patterns (AICA and AROM) and lower 
limb injury risk (peak VGRF [PVGRF], total energy dissipation 
[TED], peak ankle dorsiflexion moment [PADM], peak knee 
flexion moment [PKFM], peak hip flexion moment [PHFM], 
peak ACL force [PAF], peak ankle inversion angle [PAIA], and 
peak ankle inversion moment [PAIM]), the Pearson correlation 
and linear regression analysis were conducted to explore them 
(significant level P < 0.05). The value of Pearson correlation 
coefficient r ranges from −1 to 1. r > 0, r < 0, and |r| = 1 represent 

the positive, negative, and no correlation, respectively. |r| = 1 
indicates a perfectly linear correlation.

Meanwhile, the PAF and PAIA were standardized (0 to 1) to 
enable PAF and PAIA to be compared on the same frame of refer-
ence. This allows an effective assessment of the interaction 
between ACL injury and LAS risk. The corresponding maximum 
PAF and PAIA were estimated as the maximum likelihood of 
injury risk occurring, and the minimum PAF and PAIA were 
estimated as the minimum likelihood of injury risk occurring [5]. 
Therefore, the injury risk calculation formula is as follows:

where PAF/PAIAcurrent value, PAF/PAIAmaximum value, and 
PAF/PAIAminimum value correspond to the current, maximum, and 
minimum values of PAF/PAIA, respectively.

Results

Muscle activation and raw waveform data during the 
landing phase
Figure 3 presents the results of the comparison between the muscle 
activation results collected by the EMG sensor and the OpenSim 
musculoskeletal model simulation results. In both cases, the 

Rinjury risk =
PAF∕PAIAcurrent value − PAF∕PAIAminimum value

PAF∕PAIAmaximum value − PAF∕PAIAminimum value
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Fig. 3. Illustration of the EMG/Activation of selected muscles. (A) Comparative results of muscle activation degrees for all subjects. (B) Comparative results of time-dependent 
muscle activation for a typical subject.
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activation levels of the 10 selected muscles remained essentially 
the same, suggesting that the model constructed in this study has 
a high degree of reliability [31,39]. The raw data waveform of the 
relevant parameters during the landing phase is shown in Fig. 4.

Relationship between the overall injury risk of lower 
limb and ankle motion patterns
There is a correlation between ankle movement patterns and 
overall injury risk (Table and Fig. 5 and 6). The results of the 

AICA and AROM are 33.47±5.16° and 59.99±8.35°, respectively 
(Table 1). The linear relationship and scatter distribution between 
PVGRF and TED, and AICA and AROM are shown in Fig. 5, 
and the detailed values are provided in Table 1. With the increase 
of AICA during SL, the PVGRF shows a downward trend (r = 
−0.591, P < 0.001). With the increase of AROM during landing, 
the PVGRF shows a downward trend (r = −0.451, P < 0.001). 
With the increase of AICA during landing, the TED shows an 
upward trend (r = 0.490, P < 0.001). With the increase of AROM 
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Fig. 4. Visualization of the raw data waveform of the relevant parameters during the landing phase.
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during landing, the TED shows an upward trend (r = 0.687, P < 
0.001).

The linear relationship and scatter distribution between 
peak ankle, knee, and hip sagittal moment, and AICA and 
AROM is shown in Fig. 6. With the increase of AICA during 
landing, the peak ankle (r = −0.542), knee (r = −0.441), and 
hip (r = −0.253) sagittal moment all show a downward trend 
(Table 1). With the increase of AROM during landing, the peak 
ankle (r = −0.357), knee (r = −0.284), and hip (r = −0.357) 
sagittal moment all show a downward trend (Table 1).

Relationship between the ACL injury risk and ankle 
motion patterns
AICA and AROM are negatively correlated with ACL injury 
risk (Fig. 7). With the increase of AICA during landing, the 
PAF shows a downward trend (r = −0.554, P < 0.001). With 
the increase of AROM during landing, the PAF shows a down-
ward trend (r = −0.332, P < 0.001) (Table 1).

Relationship between the LAS risk and ankle motion 
patterns
AICA and AROM are positively correlated with LAS risk (Fig. 
8). For the PAIA, it shows an upward trend with the increase 
of AICA (r = 0.502, P < 0.001) and AROM (r = 0.600, P < 
0.001) (Table 1). For the PAIM, it shows a downward trend with 
the increase of AICA (r = −0.268, P < 0.001) and AROM (r = 
−0.138, P = 0.168) (Table 1).

Interaction between LAS risk and ACL injury risk
As shown in Fig. 9, the LAS risk is negatively correlated with 
ACL injury risk (r = −0.330, P < 0.001). For the AICA, the 
intersection of PAF and PAIA occurs at 34.09°, and the approxi-
mate range of balanced LAS and ACL injury risk may be 30° 
to 40°. For the AROM, the intersection of PAF and PAIA occurs 
at 61.18°, and the approximate range of balanced LAS and ACL 
injury risk may be 50° to 70°.

Discussion
This work aims to explore an optimized landing strategy to 
reduce the injury risk of the lower limb. Specifically, we explored 
the relationship between ankle joint motion patterns and lower 
limb injury risk during SL, as well as investigated how to bal-
ance the association between the LAS and ACL injury risk 
under different ankle motion patterns. We hypothesized that 
the overall injury risk of the lower limb, particularly ACL 
injury, can be minimized by appropriately increasing AICA 
and AROM during SL, but this increases the LAS risk. The 
current findings partially support the hypothesis that the larger 
AICA and AROM exhibit smaller PVGRF and PAF, as well as 
larger TED and PAIA. In addition, based on the interaction 
between PAIA and PAF, we confirmed the range of the AICA 
and AROM that can balance the LAS and ACL injury risk.

During landing, the subject usually adopts ankle plantarflex-
ion, and then transitions to dorsiflexion until reaching the 
steady state. In this study, the maximum ankle plantarflexion 
angle AICA was mainly distributed in the range of 20° to 40° 
(33.47° ± 5.16°) based on the ankle anatomical position in nor-
mal standing at 0°. With the increase of the AICA and AROM, 
PVGRF exhibited a negative correlation with them, and the 
correlation coefficient of AICA (r = −0.591) was higher than 
that of AROM (r = −0.451). This indicates that using a larger 
plantarflexion angle is an effective way to reduce lower limb 
impact loads during SL. It also supports previous findings that 
greater AICA and AROM reduced PVGRF and increased time 
to PVGRF [7,29,51]. Overall, a larger AICA during SL allows 
the body to use the plantar flexors to attenuate and cushion the 
impact load to a greater extent, with the accompanying larger 
AROM also dissipating more load impact [1,7,51].

In addition, the joint power is shown in Fig. 4, the negative 
joint power represents that the joint extensor muscles dissipate 
the impact by producing eccentric work, and the higher nega-
tive joint power means a greater eccentric distance of the joint 
extensor muscle [2,4]. By integrating and calculating the joint 
power and obtaining TED, we found that TED presented a 

Table. Detailed results of the Pearson correlation coefficients between ankle motion patterns and lower limb variables

Variables Mean ± SD

Ankle initial contact angle (33.47° ± 5.16°) Ankle range of motion (59.99° ± 8.35°)

r R2 P r R2 p

Peak VGRF (N/kg) 36.61 ± 5.10 −0.591 0.349 <0.001 −0.451 0.203 <0.001

Total energy dissipation 
(J/kg)

6.01 ± 0.77 0.490 0.241 <0.001 0.687 0.472 <0.001

Ankle sagittal moment 
(Nm/kg)

1.61 ± 0.32 −0.542 0.294 <0.001 −0.357 0.128 <0.001

Knee sagittal moment 
(Nm/kg)

3.13 ± 0.56 −0.441 0.194 <0.001 −0.284 0.081 <0.001

Hip sagittal moment 
(Nm/kg)

1.58 ± 0.40 −0.253 0.064 <0.001 −0.357 0.128 <0.001

Ankle inversion angle (°) 14.19 ± 2.74 0.502 0.253 <0.001 0.600 0.360 <0.001

Ankle inversion moment 
(N/kg)

0.75 ± 0.23 −0.268 0.072 <0.001 −0.138 0.019 0.168

Peak ACL force (N/kg) 14.72 ± 1.68 −0.554 0.307 <0.001 −0.332 0.110 <0.001
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relatively obvious positive relation with AICA (r = 0.490) and 
AROM (r = 0.687) (Fig. 5). Firstly, it is undeniable that the 
increase of AICA drives the increase of AROM to a certain extent, 
which also leads to an increased demand for active muscle con-
traction of the distal joints, with a consequent increase in TED 
of the lower limb joints. The increase in TED suggests that the 
lower limb is well cushioned against impact loads, and then the 
load is reduced based on the passive joint structures, thus 
reducing the lower limb injury risk [2,12]. Therefore, the cur-
rent results demonstrate that changes in ankle motion patterns 
during SL can influence the degree of impact loading on the 
lower limb, as well as alter the joint ability to dissipate energy 
during transfer.

To further radiate the specific effect on each joint, the relation-
ships between AICA, AROM, peak ankle sagittal moment, peak 
knee sagittal moment, and peak hip sagittal moment were 
explored. The results showed that both AICA and AROM exhib-
ited negative correlations with each joint moment, with a stronger 
correlation between AICA and PADM (r = −0.542) and PKFM 
(r = −0.441). The magnitude of the sagittal joint moment is 

directly related to the joint injury risk during landing [1]. As 
shown in Fig. 6, we can find that the increase of AICA and AROM 
may reduce the injury risk of each joint to a certain extent, which 
also confirms the conclusion that has been derived above.

The reduction of AICA could raise the energy dissipation 
demand of the proximal joint, which would result in an increased 
ACL injury risk. Previous studies have also speculated that larger 
body anteverted angle and ankle plantarflexion in contact with 
the ground during SL may show better lower limb cushioning 
ability with less ACL injury [29,51]. According to Lee and Shin 
[52], there is a negative correlation between the AICA and both 
the peak knee valgus moment (r =  −0.5) and the total of the 
internal rotation moments and peak knee valgus (r =  −0.58). 
However, there are no relevant studies that directly demonstrate 
this from the dynamic loading of ACL itself, which often has a 
certain bias risk. Based on this, this study developed and con-
structed the ACL model in the OpenSim for musculoskeletal 
modeling simulations to calculate ACL dynamic loading forces 
during landing, and explored the relationship between ACL 
injury risk and ankle motion pattern.

4

6

8

To
ta
le
ne
rg
y
di
ss
ip
at
io
n
(J
/k
g)

Ankle initial contact angle  (°)
20 25 30 35 40 45

4

6

8

30

40

50

Pe
ak

V
G
R
F
(N

/k
g)

Ankle initial contact angle (°)
20 25 30 35 40 45

30

40

50

4

6

8
To

ta
le
ne
rg
y
di
ss
ip
at
io
n
(J
/k
g)

Ankle range of motion (°)
30 45 60 75 90

4

6

8

30

40

50

Pe
ak

V
G
R
F
(N

/k
g)

Ankle range of motion (°)
30 45 60 75 90

30

40

50

Fig. 5. Visualization of the linear relationship and scatter distribution between PVGRF and TED, and AICA and AROM.
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As shown in Fig. 8, the present work found that both AICA 
and AROM showed a negative correlation with PAF, with AICA 
(r = −0.554) showing a higher correlation than AROM (r = 
−0.332). The results suggested that increasing the AROM and 
AIC during SL would increase joint energy dissipation and lower 
the impact loads on the joints, thereby lowering the injury risk 
of the lower limb, including ACL injuries. Both AICA and 
AROM can be adjusted by autonomous awareness during SL, 
and larger AICA is often accompanied by larger AROM. As a 
result, we propose that the individual can actively and con-
sciously increase the AICA and AROM during SL to increase 
the TED, thus reducing lower limb injury risk. The muscles and 
tissues surrounding the ankle joint must be very strong in order 
to consciously increase AICA and AROM [5]. When dispersing 
impact stresses during SL, the ankle joint mostly depends on the 
muscle and tendon units surrounding it [1,5,29]. In the absence 
of strengthened tissues and muscles surrounding the ankle to 
accommodate the increased AIC and AROM, the LAS risk 
increases during energy impact dissipation [5].

In this study, AICA and AROM showed a strong positive 
correlation with PAIA, and a weak negative correlation with 

PAIM (Fig. 8). The increased PAIA is believed to increase the 
LAS risk, which can further cause ankle instability and thus 
affect lower limb function [6,9,53]. Hence, it is essential to 
determine a feasible ankle motion pattern to balance the LAS 
and ACL injury. As shown in Fig. 9, the results indicated that 
the LAS risk is negatively correlated with ACL injury risk (r = 
−0.330, P < 0.001). Based on the determined intersection 
points, we found that 30° to 40° of AICA and 50° to 70° of 
AROM were the more appropriate range to balance the injury 
risk between them. This range can be referenced by individuals 
during SL, but it should also be adjusted according to the per-
son’s ankle dorsiflexion ability and the level of muscle function 
around the ankle joint. In addition, it is also necessary to 
strengthen the training of the muscles, the medial and lateral 
tissues, and ligaments around the ankle joint, so as to increase 
the AICA and AROM to reduce lower limb injury risk while 
avoiding ankle joint injury.

Based on the actual situation in constructing ACL models, 
we summarize the following optimization directions, hoping 
to make a breakthrough in future research. Throughout the 
simulation calculations, the model only considers the effect of 
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Fig. 6. Visualization of the linear relationship and scatter distribution between peak ankle, knee, and hip sagittal moment, and AICA and AROM.
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knee motion on the ACL, but does not consider that as the knee 
joint movement changes, the attached ACL ligament will in 
turn affect the DOF of the knee joint. However, in the real 
human body, the knee DOF and ACL interact with each other. 
The changes in the knee joint can cause ACL strain, which is 
transmitted to the knee joint structure, and then affects the 
range of motion and stability of the knee joint [54]. Due to the 
complexity of the real human body environment, it is difficult 
for musculoskeletal modeling and simulation to completely 
restore the real state [55]. In our future research, we hope to 
further optimize and develop a more accurate and realistic 
musculoskeletal model by considering the interaction between 
various structures.

This study is a relatively short-term landing action simulation, 
so the ACL mainly exhibits a tensile strain state. This situation 

only needs to consider the viscoelastic properties of ACL under 
increasing tensile strain, without considering the viscoelastic 
response of ACL between stretching and shortening [1,5]. 
Meanwhile, considering that setting ACL as a long-term visco-
elastic property may increase model complexity and computa-
tional cost, the current study sets ACL as a nonlinear short-term 
viscoelastic property. Future research can focus on further deep-
ening musculoskeletal modeling to develop an ACL model with 
long-term viscoelastic properties.

In this work, the parameters of the ACL, such as origin, inser-
tion point, length, and cross-sectional area of the ligament, were 
mainly based on data from previously published studies. In view 
of personalized differences, future research can consider combin-
ing medical imaging data (magnetic resonance imaging and 
computed tomography) to construct a subject-specific ACL 
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model of the knee joint. This can make the musculoskeletal mod-
eling simulation more closely match the real situation of the 
human body, and improve the accuracy and reliability of the 
simulation results [56,57]. On the other hand, researchers may 
also consider combining machine learning and data-driven 
approaches to optimize the model parameters with the help of a 
large amount of experimental and simulation data [5]. This can 
improve the accuracy and generalization ability of ACL force 
prediction models.

The current work also has the following 2 limitations and 
outlooks. First, only the male subjects were studied in this 
study, and it is not clear whether the movement laws explored 
based on the results are still applicable to females. The next 
work should consider exploring the inherent laws in the SL 
patterns of female subjects. In addition, when assessing the 
ankle injury risk, we used only the indicator of ankle inversion 
angle. Although this indicator is largely indicative of the degree 
of LAS risk, future research should focus on more detailed indi-
cators given the complexity of the medial and lateral ligaments 
around the ankle [1,58].

In conclusion, the current results revealed that the appropriate 
increases in AICA and AROM may reduce the lower limb injury 
risk, particularly ACL injuries, but this may increase the LAS 
risk. AICA in the approximate range of 30° to 40° and AROM 
in the approximate range of 50° to 70° are likely to balance the 
association between the LAS and ACL injury risk. It is essential 
to strengthen the training of the muscles, the medial and lateral 
tissues, and ligaments around the ankle. This can reduce lower 
limb injury risk while avoiding ankle joint injury when AICA 
and AROM are increased. This study has the potential to offer 
novel perspectives on the optimized application of landing 

strategies, thus giving crucial theoretical backing for decreasing 
the injury risk of the lower limb during SL.
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