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a b s t r a c t 
Background and Objectives: The anterior cruciate ligament (ACL) plays a crucial role in knee stability and 
is the most commonly injured knee ligament. Although ACL loading patterns have been investigated pre- 
viously, the interactions between knee loadings transmitted to ACL remain elusive. Understanding the 
loading mechanism of ACL during dynamic tasks is essential to prevent ACL injuries. Therefore, we pro- 
pose a computational model that predicts the force applied to ACL in response to knee loading in three 
planes of motion. 
Methods: First, a three-dimensional (3D) computational model was developed and validated using avail- 
able cadaveric experimental data to predict ACL force. This 3D model was then combined with a neu- 
romusculoskeletal model of lower limb and used to estimate in vivo ACL forces during a standardised 
drop-landing task. The neuromusculoskeletal model utilised movement data collected from female par- 
ticipants during a dynamic task and calculated lower limb joint kinematics and kinetics, as well as muscle 
forces. 
Results: The total ACL force predicted by the 3D computational ACL force model was in good agreement 
with cadaveric data, as strong correlation ( r 2 = 0.96 and P < 0.001), minimal bias, and narrow limits 
of agreement were observed. The combined model further illustrated that the ACL is primarily loaded 
through the sagittal plane, mainly due to muscle loading. 
Conclusions: The proposed computational model is the first validated model that can provide an acces- 
sible tool to develop and test knee ACL injury prevention programs for people with normal ACL. This 
method can be extended to study the abnormal ACL upon the availability of relevant experimental data. 

© 2019 Elsevier B.V. All rights reserved. 
1. Introduction 

We are interested in quantifying force applied to the anterior 
cruciate ligament (ACL) during athletic tasks. The ACL is one of the 
major intra-articular knee ligaments and plays a key role in knee 
stability [1] . Non-contact ACL ruptures are common and debilitat- 
ing sport injuries, usually occurring without physical contact be- 
tween athletes [2] , and often lead to serious long-term health con- 
sequences, such as early onset knee osteoarthritis [3] . Video anal- 
ysis of non-contact ACL injuries [4] and medical imaging of intra- 
articular injury patterns [5,6] suggest that landing, change of direc- 
tion, and pivoting motor tasks are associated with non-contact ACL 
injury. The consensus is that external knee loads applied in three 
planes of motion (i.e., sagittal, frontal, and transverse) contribute to 
ACL rupture; reviewed in [7] (see Fig. 1 ). However, the mechanisms 
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by which external knee loads are transmitted to the ACL (through 
the interaction of muscles, contacting articular bodies, and other 
soft tissues) during dynamic motor tasks remain contentious [8,9] . 

Earlier studies [10–18] have modelled ACL force (i.e., the force 
applied to the ACL), but were limited by simplistic loading condi- 
tions, have not been able to predict the experimentally observed 
ACL forces, or were developed based on limited sample data. For 
example, previous models [17,18] assume that ACL force in re- 
sponse to multi-planar external knee loads is equal to the sum 
of forces exerted by multiple independent uni-planar loads. How- 
ever, experiments [19,20] have provided evidence that ACL force 
can be different than such pure summation and is influenced by 
knee flexion angles. Others modelled the lower bounds to ACL 
force with rapid fluctuations in simulated ACL force during dy- 
namic tasks [13] which seem non-physiological. Therefore, an im- 
proved and validated model is needed to quantify ACL force. 

Here, we have developed a three-dimensional (3D) computa- 
tional model that provides a novel representation of the ACL load- 
ing mechanism. The model predicts ACL force in response to mul- 
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Fig. 1. Knee loading in (A) sagittal, (B) frontal, and (C) transverse planes of motion. 
tiple external loads applied to the knee across a range of knee pos- 
tures. The model was developed based on experimental cadaveric 
data [19–21] , and then validated using a subset of data [21] not 
employed in model development. The model, when applied to in 
vivo human movement data from our laboratory, suggests that the 
primary force applied to the ACL is through the sagittal plane and 
mainly due to muscle loading. 
2. Model 

This study involves development, validation, and application of 
a computational model to quantify ACL force. First, we developed 
an ACL force model using the most relevant, complete, and accessi- 
ble cadaveric data [19–21] , and validated it using a subset of data 
from [21] . The ACL force model was then applied to estimate in 
vivo ACL force during a dynamic task, in order to help us under- 
stand ACL loading mechanisms during sporting tasks that are con- 
sidered high-risk for ACL injury. 

To quantify total ACL force, first we modelled the resultant ACL 
forces from external knee loading in each plane of motion. We fit- 
ted a set of simple algebraic equations to experimental data [19–
21] , which measured resultant ACL force across knee flexion angles 
0–45 ° in the presence of specific external knee loads. In sagittal 
plane, ACL force F sag 

ACL was modelled as a function of knee anterior 
drawer force F AD and knee flexion angle ! by fitting Eq. (1) to data 
[19–21] : 
F sag 

ACL = a 1 F AD !2 + a 2 F AD ! + a 3 F AD + a 4 e ( a 5 F AD + a 6 ! ) (1) 
where fit parameters are a 1 = 1.8 " 10 #4 ± 5.6 " 10 #7 , a 2 = #0.02 ±
0.1 " 10 #4 , a 3 = 1.16 ± 0.005, a 4 = 32.15 ± 0.02, a 5 = 3.9 " 10 #5 ±
1.8 " 10 #4 , and a 6 = #0.022 ± 2.3 " 10 #5 ( Figs. 1 A and 2 A). Param- 
eter values correspond to mean ± standard error. To model ACL 
force in frontal plane F front 

ACL as a function of knee varus or valgus 
moment ( M var or M valg ) and flexion angle ! , Eq. (2) was fitted to 
data [20] : 

F front 
ACL = !b 1 M var !2 + b 2 M var ! + b 3 M var + b 4 e ( b 5 ! ) , if varus 

c 1 M valg !2 + c 2 M valg ! + c 3 M valg + c 4 ! e ( c 5 ! ) + c 6 e ( c 7 M valg ) , if valgus 
(2) 

where b 1 = #0.0014 ± 0.1 " 10 #3 , b 2 = 0.18 ± 0.01, b 3 = #6.8 ±
0.21, b 4 = 23.85 ± 2.03, b 5 = #0.14 ± 0.03 for varus moment; 
and c 1 = #0.001 ± 3.6 " 10 #8 , c 2 = 0.08 ± 3.2 " 10 #6 , c 3 = 2.5 
± 5.2 " 10 #5 , c 4 = #3.3 ± 0.6 " 10 #5 , c 5 = #0.04 ± 6.7 " 10 #7 , 
c 6 = 29.3 ± 0.3 " 10 #4 , and c 7 = 0.02 ± 3 " 10 #7 for valgus moment 
( Figs. 1 B and 2 B, C). Likewise, in transverse plane, ACL force F trans 

ACL 
was modeled as a function of knee internal or external rotation 
moment ( M IR or M ER ) and flexion angle ! by fitting Eq. (3) to data 
[20] : 
F trans 

ACL = !m 1 M IR !2 + m 2 M IR ! + m 3 M IR + m 4 e ( m 5 ! ) , if internal rotation 
n 1 M ER !2 + n 2 M ER ! + n 3 M ER + n 4 e ( n 5 ! ) , if external rotation 

(3) 
where m 1 = #0.005 ± 2.4 " 10 #7 , m 2 = 0.63 ± 0.2 " 10 #4 , 
m 3 = #20.03 ± 3.8 " 10 #3 , m 4 = 36.6 ± 3.4 " 10 #2 , m 5 = #0.04 
± 7.1 " 10 #6 for internal rotation moment; and n 1 = 0.001 
± 2 " 10 #3 , n 2 = #0.16 ± 0.02, n 3 = 7.8 ± 0.4, n 4 = 23.3 ±
2.5, n 5 = #0.06 ± 0.01 for external rotation moment ( Figs. 1 C 
and 2 D, E). 

We now determine total ACL force F ACL . Summation of 
Eqs. (1–3) , when compared to experimentally measured multi- 
planar ACL force [19] , indicates that total ACL force is not equal to 
sum of uni-planar ACL forces, i.e., F ACL $ = F sag 

ACL + F front 
ACL + F trans 

ACL . Pure 
summation results in over- and under-estimation of F ACL , depend- 
ing on knee flexion angle ! and external loading ( F AD , M var , M valg , 
M IR , and M ER ) magnitudes. This implies that interactions between 
multiple uni-planar ACL forces influence the total force transmit- 
ted to ACL. To account for the interactions between uni-planar ACL 
forces, we then incorporated cross-terms CT j in modelling F ACL : 
F ACL = F sag 

ACL + F front 
ACL + F trans 

ACL + " 
j C T j (4) 
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Fig. 2. Uni-planar ACL forces. (A) ACL force in sagittal plane F sag 
ACL vs knee flexion angle ! , at different knee anterior drawer forces F AD . Symbols at F AD = 0 and 100 N are 

experimental data from [19,20] . Other symbols are experimental data from [21] . Continuous curves are our fits derived from Eq. (1) . (B, C) ACL force in frontal plane F front 
ACL 

vs knee varus and valgus moments ( M var and M valg ) at different knee flexion angles ! . Symbols are experimental data from [20] . Curves are our fits derived from Eq. (2) . (D, 
E) ACL force in transverse plane F trans 

ACL as vs knee internal and external rotation moments ( M IR and M ER ) at different ! . Symbols are experimental data from [20] . Curves are 
our fits derived from Eq. (3) . 
where CT j (for j = SF, ST, FT) represent ACL force relationships in 
sagittal-frontal (SF), sagittal-transverse (ST), and frontal-transvers 
(FT) planes. 

We formulated CT j by curve fitting to multi-planar ACL force 
data from [19,21] . We used all data from [19] and a subset of the 
data (eleven data points) from [21] which covers different loading 
magnitudes (i.e., from low to high) through each plane of motion. 
This ensures that the model is developed by considering the entire 
range of the experimentally measured loads in every plane of mo- 
tion as well as the combinations of these loads. Fourteen remain- 
ing data points from [21] were used to validate the model (detailed 
in Methods). The interactions between sagittal and frontal planes 
were modelled as: 
C T SF = 

# 
p 1 F front 

ACL e ( p 2 F sag 
ACL ) + p 3 !e ( p 4 ! ) , if varus 

q 1 e ( q 2 F front 
ACL ) + q 3 !e ( q 4 ! ) , if valgus (5) 

where p 1 = #0.84 ± 8.2 " 10 #6 , p 2 = #0.004 ± 6.9 " 10 #8 , p 3 = 2.9 
± 1.3 " 10 #5 and p 4 = #0.041 ± 1.02 " 10 #7 for varus moment; 
and q 1 = #39.1 ± 1.4 " 10 #4 , q 2 = 0.002 ± 9.7 " 10 #10 , q 3 = 8.7 ±
1.9 " 10 #6 , and q 4 = #0.03 ± 3.4 " 10 #9 for valgus moment ( Fig. 3 A, 
B). Similarly, we modelled the interactions between sagittal and 
transverse planes as: 
C T ST = !v 1 F sag 

ACL F trans 
ACL + v 2 e ( v 3 ! ) , if internal rotation 

w 1 F trans 
ACL e ( w 2 F sag 

ACL ) + w 3 e ( w 4 ! ) , if external rotation (6) 
where v 1 = 6.8 " 10 #3 ± 1.1 " 10 #9 , v 2 = #32.2 ± 3.6 " 10 #3 , and 
v 3 = 0.01 ± 1.8 " 10 #7 for internal rotation; and w 1 = #0.81 ±
2.8 " 10 #6 , w 2 = #0.003 ± 1.3 " 10 #7 , w 3 = #67.9 ± 4.3 " 10 #4 , and 

w 4 = #0.001 ± 1.8 " 10 #7 for external rotation ( Fig. 3 C, D). Interac- 
tions between frontal and transverse planes CT SF were found to be 
negligible compare to CT SF and CT ST (i.e., CT SF was set to zero). 

To use the ACL force model in Eq. (4) for estimating in vivo ACL 
force during laboratory-based dynamic motor tasks, we combined 
the model with a neuromusculoskeletal model of the lower limb. 
Briefly, we used 3D motion capture, ground reaction loads, and sur- 
face electromyography (EMG) data from laboratory testing of fe- 
males performing a standardized drop-landing task, as well as pre- 
viously validated neuromusculoskeletal model [8,22,23] , to calcu- 
late knee muscle and intersegmental loading (i.e., F muscle , M muscle , 
F intersegmental , and M intersegmental ) and knee flexion angle ! . These 
parameters were used to calculate F AD , M var/valg , and M IR/ER (see 
Eqs. (7–8 ) in Methods), and thus, total in vivo ACL force. 
3. Results and discussion 

The key prediction of our model is total ACL force F ACL , which 
was validated by comparing with recent cadaveric experimental 
data [21] ( Fig. 4 ). Root-mean-square error (RMSE) between cadav- 
eric data and predicted ACL forces was low ( %55 N) and corre- 
lation was strong ( r 2 = 0.96) ( Fig. 4 A). Bland-Altman analysis re- 
vealed good agreement between cadaveric data and predicted ACL 
forces, with narrow limits of agreement %100 N (12%) and negli- 
gible bias ( %44 N) across loading magnitudes ( Fig. 4 B). This agree- 
ment indicates that our ACL force model accurately estimates ACL 
forces in response to different knee loading magnitudes and com- 
binations. The model can now be used to predict in vivo ACL load- 
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Table 1 
Loading parameters at peaks in ACL force during drop-landing for = thirtheen participants (mean ± SD). 

Peak ACL force (N) ACL force (BW) Timing of ACL force (% stance) Contributions to ACL force from uni-planar action (%) 
Sagittal Frontal Transverse 

1 st 1137 ± 274 1.90 ± 0.57 17.53 ± 4.62 94.32 ± 2.36 7.99 ± 2.95 6.23 ± 2.52 
2 nd 1225 ± 301 2.03 ± 0.50 80 ± 9.13 95 ± 3.48 7.45 ± 5.21 4.07 ± 1.67 

ACL: anterior cruciate ligament; BW: body weight. 

Fig. 3. Total ACL force F ACL vs knee flexion angle ! . (A) F ACL in response to com- 
bined anterior drawer force F AD and varus moment M var . Symbols are experimental 
data from [19] . Continuous curve is our fit derived from Eqs. (4,5) . (B) F ACL in re- 
sponse to combined F AD and valgus moment M valg . Open circles are experimental 
data [19] . Other symbols are experimental data from [21] . Continuous curves are 
our fits derived from Eqs. (4,5) . (C) F ACL in response to combined F AD and knee 
internal rotation moment M IR . Left-pointing triangles are experimental data from 
[19] . Other symbols are experimental data from [21] . Continuous curves are our fits 
derived from Eqs. (4,6) . (D) F ACL in response to combined F AD and knee external ro- 
tation moment M ER . Diamonds are experimental data from [19] . Other symbols are 
experimental data from [21] . Continuous curves are our fits derived from Eqs. (4,6) . 
ing, when combined with a neuromusculoskeletal model of muscle 
dynamics. 

Deploying our combined model to predict ACL forces during 
laboratory-based dynamic motor tasks enables us to estimate in 
vivo ACL force generated via loading in each anatomical plane of 
motion. We analysed stance phase of a standardized drop-landing 
and lateral jump movement data ( Fig. 5 A-D). We found that ACL 
force was mainly driven through sagittal plane, and due primarily 
to the action of muscles, rather than intersegmental loads ( Fig. 5 B). 
In frontal plane, contributions of muscle and intersegmental loads 
to ACL force are of opposite sign and of similar magnitude ( Fig. 5 C), 
resulting in small ACL forces. In transverse plane, muscle loading 
makes greater contribution to ACL force than intersegmental loads 
( Fig. 5 D). 

Total ACL force F ACL from multi-planar loading showed that 
the force applied through sagittal plane F sag 

ACL dominates contribu- 

Fig. 4. ACL force model validation. (A) Comparison of cadaveric experimental ACL 
force (Expt. force) [21] and simulated ACL force (Sim. force) derived from Eq. (4) . 
Solid line is regression line ( r 2 = 0.96; root-mean-squared error (RMSE) = 55.04 N; 
P < 0.001), which is not significantly different from line of identity (dotted line). 
Dashed lines are 95% confidence intervals. (B) Bland-Altman plot for experimental 
and predicted ACL forces. Solid line represents mean difference (bias 44 N; P = 0.01), 
and dashed lines are 95% limits of agreement (mean difference ± 1.96 standard 
deviation, n = 14 data points). 

tion to F ACL compared to smaller contributions from frontal and 
transverse planes Fig. 6 ). When ACL force reached its two local 
peaks, at %17.5% and 80% of stance phase of drop-landing task, 
contribution through sagittal plane to ACL force was above 94%, 
whereas contributions from frontal or transverse planes are below 
8% ( Table 1 ). The first peak in ACL force occurs shortly after initial 
foot to ground contact (75 ± 24 ms), which is comparable to time 
of rupture in cadavers (54 ± 24 ms) [24] . Notably, relative contribu- 
tions of uni-planar forces do not sum to 100%, due to the action of 
other articular soft tissues (i.e., ligaments and menisci) as well as 
rigid contact between femur and tibia, represented by the cross- 
terms in Eqs. (4)–(6) . This contrasts with previous models where 
net ACL force has been formulated as the sum of multiple uni- 
planar forces [17,18] . Pure summation of multiple uni-planar ACL 
forces results in over- and under-estimation of the total ACL force 
F ACL depending on knee flexion angles and external loading magni- 
tudes. This means the relationship between uni-planar loading and 
the force transmitted to the ACL is more complex than summation, 
which is unsurprising given other articular structures involved in 
load sharing at knee [8] . 

Our estimated total and uni-planar ACL forces were physiologi- 
cally plausible, as they did not include discontinuities or rapid fluc- 
tuations ( Fig. 6 ). In addition, estimated total ACL force was below 
average failure loads for young ACL specimens % 2160 N [25] . This 
result contrasts with calculations by Pflum et al. [13] , who used 
single participant data and modelled the lower bound ACL force in 
a drop-landing task (peak ACL force was %0.4 BW). Their predicted 
ACL force showed rapid fluctuations, where ACL force dropped 
to zero shortly after initial foot-to-ground contact, then increased 
sharply to its peak, and shortly dropped back to zero [13] . Such 
fluctuations in ACL force do not seem physiological during land- 
ing in presence of high and continuous muscle forces. Together, 
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Fig. 5. Uni-planar ACL forces across the stance phase of the drop-landing task. Silhouettes above (A, C) represent one participant during the stance phase of the task. First 
and last silhouettes are before and after the stance phase, respectively, shown for the clarity. (A) Knee flexion angle ! . (B) Sagittal plane knee loading and ACL force. Left axis: 
muscle and intersegmental forces ( F muscle and F intersegmental ) obtained from neuromusculoskeletal model, and net anterior drawer force F AD ; see Eq. (7) . Right axis: ACL force 
F sag 

ACL obtained from Eq. (1) . (C, D) Frontal and transverse planes knee loadings and ACL forces. Left axis: muscle and intersegmental moments ( M muscle and M intersegmental ), and 
net varus or valgus moment M var/valg , and internal or external rotation moment M IR/ER ; see Eq. (8) . Right axis: ACL forces F front 

ACL and F trans 
ACL obtained from Eqs. (2,3) . The shaded 

regions are standard deviation of the forces and moments. Direction of sagittal plane knee load: anterior draw ( + ) and posterior draw (-); frontal plane knee moment: varus 
( + ) and valgus (-); transverse plane knee moment: internal rotation ( + ) and external rotation (-). 
we conclude that total ACL force is primarily generated through 
the sagittal plane F sag 

ACL mainly due to muscle loading F muscle . High 
muscle loading through the sagittal plane is due to the anteriorly 
directed line of action of the quadriceps (via patellar ligament) 
[26] recruited to support and generate large external knee flexion 
and extension moments [27] during landing and push-off phases, 
respectively. Furthermore, many knee spanning muscles possess 
lines of action creating tibiofemoral compression which contributes 
to net sagittal plane knee loading via the posteriorly sloped tibia 
[28] . 

By modelling interactions between uni-planar knee loading and 
total ACL force using algebraic expressions, our model differs from 
previous models [10–18] . Earlier models used (1) explicit represen- 
tations of the ACL within whole-body anatomical models, and (2) 
mechanical optimization to derive muscle forces. These approaches 
have two important limitations. First, explicit representation of the 
ACL requires subject-specific anatomical information of the knee 
and plethora articular tissues (i.e., cartilages, menisci, and capsule), 
as well as mechanical properties of the ACL, other knee ligaments, 
and articular tissues. Acquiring these data is non-trivial and there 
is no accepted non-invasive method to measure subject-specific 
mechanical properties of native knee tissues. Moreover, if there 
were, it would likely be resource intensive, thus limiting suitability 

for clinical applications. Second, mechanical optimization typically 
employed to determine muscle forces is unlikely to predict several 
empirically observed features of muscle coordination, and is insen- 
sitive to task-specific control objectives, and pathology [29,30] . 

To overcome these limitations, our model does not rely on ex- 
plicit representation of anatomy and mechanical parameters of the 
knee’s articular tissues. Rather, our model is based on a set of alge- 
braic expressions making it easy to evaluate in real-time [31] . This 
is important, because it enables ACL force to be used in biofeed- 
back paradigms for injury prevention, training, and rehabilitation. 
In addition, our model estimates muscle dynamics using neu- 
romusculoskeletal modelling, which combines subject- and task- 
specific empirical measurements of muscle excitations (e.g., elec- 
tromyograms) and modelled musculotendon unit kinematics (i.e., 
lengths and moments arms). Finally, and importantly, our model is 
developed and validated based on the most comprehensive avail- 
able cadaveric experimental data [19–21] across a wide range of 
ACL force magnitudes, which occur during dynamic sporting tasks 
associated with ACL rupture [21] and everyday activities [19,20] . 
These strengths augur well for implementation of this model into 
standard biomechanical studies and clinical use for people with 
normal ACL. Since this model is developed using normal ACL ex- 
perimental data, it may not be applicable for people with a recon- 
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Fig. 6. ACL force across stance phase of drop-landing. ACL forces through sagittal, 
F sag 

ACL , frontal, F front 
ACL , and transverse, F trans 

ACL , planes contribute to total ACL force F ACL ; 
see Eq. (4) . Shaded regions show standard deviation of forces. Slhouettes represent 
one participant during stance phase of the task. First and last silhouettes are before 
and after stance phase, respectively, shown for the clarity. 
structed ACL or ACL-deficiency. But, this approach can be extended 
to study the abnormal ACL upon availability of relevant experimen- 
tal data. 
4. Methods 
4.1. Cadaveric data preparation 

To develop and validate our model of ACL force, we use two 
sets of experimental data [19–21] in which uni- and multi-planar 
external loads were applied to cadaveric knees via robotic rigs. 
Markolf and colleagues’ data [19,20] presents ACL force without 
muscle support over knee flexion angles ! , 0 ° to 90 °. Kiapour’ et al. 
data [21] presents ACL strain (i.e., elongation relative to resting 
length) at a single knee flexion angle ! = 25 °, in response to a 
larger loading range and more load combinations than Markolf 
et al. [19,20] experiments. Kiapour et al. data [21] also artificially 
applied muscle loading, which influenced transmission of exter- 
nal knee loads to the ACL and other articular tissues. Therefore, 
to calculate contribution of muscles to knee loading, we mim- 
icked Kiapour et al. cadaveric experiment [21] by implementing 
a musculoskeletal model [32] in the OpenSim modelling envi- 
ronment [33] . To simulate the artificially-supplied quadriceps and 
hamstrings muscle forces (i.e., 1200 N and 800 N, respectively [21] ), 
we assumed that these forces were equally distributed among in- 
dividual muscles from each group (i.e., 300 N for each quadricep 
and 200 N for semitendinosus, semimembranosus, biceps femoris 
short head, and biceps femoris long head). The musculoskeletal 
model was then set to the reported knee posture [21] by flexing 
knee and tilting pelvis-ground joints both by 25 °. Since the ca- 
daveric specimen was mounted upside down and truncated mid- 
femur (without specifications) [21] , the modelled pelvis was ad- 
justed to be of minimal mass (0.1 kg), and the sign for the gravi- 
tational acceleration constant was changed from negative to posi- 
tive [21] . To incorporate effects of robotic loads applied to the knee 
[21] , compression and anterior drawer forces and varus/valgus and 
internal/external tibia rotation moments were applied to the mus- 
culoskeletal model. Cadaveric experimental muscle force contribu- 
tions were also modelled by first calculating muscle moment arms 
and lines of action. Muscle contributions to anterior drawer force, 

compression force, varus or valgus moment, and internal or ex- 
ternal rotation moment were estimated by: muscle force (artifi- 
cially supplied [21] ) " muscle lines of action (or moment arms), de- 
pending on the plane of motion, defined relative to the tibia using 
spatial transformations available through the OpenSim application 
programming interface. Using these muscle contributions, we cal- 
culate net loading in each plane of motion. In the sagittal plane, 
net anterior drawer force F AD was: 
F AD = F muscle + F intersegmental + F contact (7) 
where F muscle is muscle force, F intersegmental is intersegmental force 
representing robotically applied force [21] , and F contact is knee joint 
contact force, which was the product of muscle compression onto 
a posteriorly sloped tibia [34] . In frontal and transverse planes, re- 
spectively, net varus or valgus moment M var/valg and net internal or 
external rotation moment M IR/ER were: 
M j = M muscle + M intersegmental (8) 
where M muscle and M intersegmental are muscle and intersegmental 
moments for j = var/valg or IR/ER . Finally, to unify measurement of 
ACL response across cadaveric data [19–21] , we converted mea- 
sured ACL strain [21] to ACL force as: Force = (CSA " E " Strain), 
where for a typical ACL with linear elasticity [35] , average ACL 
cross-sectional area (CSA) % 65 mm 2 and Young’s modulus E %
113 MPa [36] . Together, these unified data [21] were used in the 
model development. 
4.2. Model validation 

Fourteen of 25 multi-planar ACL force data points from Kiapour 
et al. [21] , which were not included in model development, were 
used to evaluate accuracy of ACL force model. Accuracy was as- 
sessed by RMSE, squared Pearson’s correlation coe!cient r 2 , and 
Bland-Altman analysis [37] ( Fig. 4 ). 
4.3. In vivo experiment 

Our combined ACL force and EMG driven neuromusculoskele- 
tal models estimated in vivo ACL force during a standardised drop- 
landing task performed by healthy female adults in laboratory con- 
ditions at the Centre for Health, Exercise and Sports Medicine, 
University of Melbourne, Australia. Ethics approval was obtained 
by the University of Melbourne Human Research Ethics Commit- 
tee (#1442604). Thirteen healthy female adults (age = 22.99 ± 2.57 
years; mass = 62.11 ± 9.19 kg; height = 1.67 ± 0.07 m) completed at 
least three trials of standardized drop-landing task unshod. As pre- 
viously described [38] , the task involved hopping down from a 
box (30% of lower limb length) to land on one leg immediately 
followed by a 90 ° lateral jump landing on opposite leg. Three- 
dimensional ground reaction loads were collected at 2400 Hz using 
ground-embedded force platforms (AMTI, Mass, USA), and kine- 
matic data collected at 120 Hz using a 12-camera motion capture 
system (Vicon Motion Systems, Oxford, UK). The motion capture 
system measured 3D positions of retroreflective markers placed 
on specific sites of the lower-limb and head-abdomen-trunk, de- 
scribed in [39] . Wireless surface EMG sensors (Noraxon, AZ, USA) 
were secured over the rectus femoris, vastus lateralis, vastus medi- 
alis, tibialis anterior, lateral gastrocnemius, medial gastrocnemius, 
lateral hamstrings, and medial hamstrings muscles on the landing 
leg. Sensors were placed according to Surface ElectroMyoGraphy 
for the Non-Invasive Assessment of Muscles (SENIAM) guidelines 
[40] and EMG signals were recorded at 2400 Hz. 
4.4. Signal processing 

Marker trajectories and ground reaction data were filtered using 
a second-order, zero-lag, Butterworth filter, with low-pass cut-off
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Table 2 
The marker pairs used in linear scaling of the generic template model. 

Bodies Scaling dimension 
Width Height Depth 

Trunk NA LASI-MAN MAN-T10 
RASI-MAN MAN-T2 
RASI-T10 
LASI-T10 

Pelvis LASI-RASI SACR-LHJC RASI-SACR 
SACR-RHJC LASI-SACR 
RASI-RHJC 
LASI-LHJC 

Femur MEPI -LEPI RHJC-MEPI NA 
RHJC-LEPI 

Shank MMAL-LMAL MEPI-MMAL NA 
LEPI-LMAL 

Foot MT1-MT5 NA HEEL-MT5 
HEEL-MT1 

NA: scale factor of value 1 was used; LASI: left anterior superior iliac 
spine; RASI: right anterior superior iliac spine; MAN: jugular notch; T2: 2 nd 
thoracic vertebrae; T10: 10 th thoracic vertebrae; SACR: midpoint of right 
and left posterior superior iliac spine; LHJC: left hip joint centre; RHJC: 
right hip joint centre; MEPI: medial epicondyle of knee; LEPI: lateral epi- 
condyle of knee; MMAL: medial malleolus; LMAL: lateral malleolus; MT1: 
1 st metatarsal phalangeal joint; MT5: 5 th metatarsal phalangeal joint; HEEL: 
distal calcaneus. 

frequency of 6 Hz [41] . The EMG data were band-pass filtered (30–
300 Hz), full-wave rectified, and smoothed with a second-order 
Butterworth low-pass filter with cut-off frequency of 6 Hz to pro- 
duce linear envelopes. The EMG linear envelopes were then nor- 
malized to the maximum linear envelope value of the correspond- 
ing muscle from all available motion trials. 
4.5. Musculoskeletal modelling 

Musculoskeletal modelling was performed to calculate joint 
moments and forces acting about planes of motion. We used a 
generic 37 degree-of-freedom (DOF) full-body model [32] with 
80 muscle tendon unit (MTU) actuators in the OpenSim mus- 
culoskeletal modelling environment [33] . To calculate 6 general- 
ized loads (moments and forces in three planes of motion) at an- 
kle, knee, and hip, we modified the generic model. At the knee, 
we added dummy bodies of negligible mass/inertia and associ- 
ated universal joints to the generic model topology [42,43] , but 
preserved original knee mobility: flexion/extension with abduc- 
tion/adduction, internal/external rotation, superior-inferior transla- 
tion, and anterior/posterior translations prescribed as functions of 
knee flexion [44] . At ankle and hip, generic joints were expanded 
to 6 DOFs, but newly expanded DOFs had zero mobility space. This 
means that ankle mobility was restricted to plantar/dorsi-flexion; 
whereas hip mobilities were restricted to flexion/extension, adduc- 
tion/abduction, and internal/external rotations. 

This modified musculoskeletal model was linearly scaled to 
approximate participant mass and gross dimensions. This scaling 
used prominent bony landmarks and hip joint centres. Hip joint 
centres were estimated using Harrington regression equations [45] . 
Scale factors were calculated as the quotient of distance between 
specific pairs of experimental motion capture markers placed atop 
prominent anatomical landmarks and their corresponding model 
virtual markers. Marker pairs used to compute scale factors to 
adjust width, height, and depth of model bodies are outlined in 
Table 2 . In any dimension, where multiple marker pairs are listed, 
the corresponding scale factor is an average of scale factors calcu- 
lated from each marker pair. Following scaling, each MTUA’s ten- 
don slack and optimal fibre lengths were optimized to preserve 

dimensionless force-length operating curves [46] , as these are not 
preserved through linear scaling [47] . Each muscle’s maximum iso- 
metric strength was updated and implemented as performed pre- 
viously [32,48] , which estimates an individual’s muscle volumes 
and lengths from their mass, height, and limb length. 

The scaled musculoskeletal model used the laboratory data as 
inputs to determine joint angles, joint moments, and muscle kine- 
matics. Inverse kinematics analysis [33] was used to determine 3D 
joint angles, which were then combined with ground reaction data 
to run inverse dynamics analysis [33] to determine model interseg- 
mental joint loads; i.e., F intersegmental or M intersegmental for each DOF; 
see Eqs. (7–8) . OpenSim’s muscle analysis [33] was then executed 
to determine MTU kinematics; i.e., instantaneous lengths, moment 
arms, and lines of action [49] . 

The forces for all lower-limb muscles during drop-landing task 
were estimated using the calibrated EMG-informed neuromuscu- 
loskeletal modelling (CEINMS) toolbox. The CEINMS is an OpenSim 
plug-in which uses EMG signals and MTU parameters to drive a 
Hill-type muscle model and predicts muscle excitations, muscles 
forces, and joint moments [23] . To verify the accuracy of muscle 
forces predicted by CEINMS, we compared lower-limb joint mo- 
ments generated by CEINMS predictions of muscle forces to their 
corresponding inverse dynamics values obtained from OpenSim ( r 2 
are 0.99 ± 0.01, 0.94 ± 0.05, 0.93 ± 0.04; and RMSE are 7.04 ± 3.99, 
11.32 ± 6.22, 12.41 ± 4.9 Nm for knee, hip, and ankle, respectively). 
This neuromusculoskeletal modelling approach predicts muscle 
and intersegmental loading (i.e., F muscle , M muscle , F intersegmental , and 
M intersegmental in Eqs. (7–8) ), which were used in our ACL force 
model. 
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