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Computational frame of ligament in situ strain in a full knee model 
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A B S T R A C T   

The biomechanical function of connective tissues in a knee joint is to stabilize the kinematics-kinetics of the joint 
by augmenting its stiffness and limiting excessive coupled motion. The connective tissues are characterized by an 
in vivo reference configuration (in situ strain) that would significantly contribute to the mechanical response of 
the knee joint. In this work, a novel iterative method for computing the in situ strain at reference configuration 
was presented. The framework used an in situ strain gradient approach (deformed reference configuration) and a 
detailed finite element (FE) model of the knee joint. The effect of the predicted initial configuration on the 
mechanical response of the joint was then investigated under joint axial compression, passive flexion, and 
coupled rotations (adduction and internal), and during the stance phase of gait. The inclusion of the reference 
configuration has a minimal effect on the knee joint mechanics under axial compression, passive flexion, and at 
two instances (0% and 50%) of the stance phase of gait. However, the presence of the ligaments in situ strains 
significantly increased the joint stiffness under passive adduction and internal rotations, as well as during the 
other simulated instances (25%, 75% and 100%) of the stance phase of gait. Also, these parameters substantially 
altered the local loading state of the ligaments and resulted in better agreement with the literature during joint 
flexion. Therefore, the proposed computational framework of ligament in situ strain will help to overcome the 
challenges in considering this crucial biological aspect during knee joint modeling. Besides, the current construct 
is advantageous for a better understanding of the mechanical behavior of knee ligaments under physiological and 
pathological states and provide relevant information in the design of reconstructive treatments and artificial 
grafts.   

1. Introduction 

The mechanical functions of knee ligaments guide and restrict the 
joint movement. The functions of these tissues have been determined 
based on knee cadaveric studies using successive ligament eliminations 
to measure the overall load or local strain in the ligaments [1–7]. 
Additionally, these organs are characterized by in vivo reference 
configuration in the absence of any external loading, and they respond 
accordingly when subjected to a specific well-distributed internal strain 
(in situ strain). This inner property of the soft tissues has been classified 
into two categories: pre-strain (initial strain) and stress-free (residual 
strain) configurations. Experimental observations have shown that the 
pre-strain in the ligaments and its associated stress are relieved when the 

ligament is removed from the joint; thus, they yield a relatively 
stress-free configuration that can provide insight into the residual strains 
[8]. The in situ strains (pre-strain and stress-free) of the knee ligaments 
have been observed in the range of 1–10% [3,9,10] and are considered 
to be essential parameters affecting the joint’s stability [11,12]. These 
parameters lead to a null reaction around the boundaries of the structure 
to balance the complete absence of external loading. Consequently, the 
in situ strains must be non-uniformly distributed and should be elabo
rated through a theoretical frame depending on the geometry [3]. 

Generally, two frames accommodating the in situ strain in the soft 
tissues are considered during the computational investigations. One 
structure is based on the deformation of the stress-free configuration to 
determine the stress in a reference case [8]. In this frame, the stress map 
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of the stress-free configuration, that is, the residual strain and initial 
geometry, is assumed to be known. This represents a massive limitation 
in the application of the previous frame. In practical situations, the 
determination of the residual strain can be challenging, and there is no 
guarantee that it exists within the ligament [13]. In the other frame, 
which is well-known as the deformed reference configuration, there is 
no requirement for the stress-free setup since this option is absorbed by 
the deformation gradient covering the reference case [8]. This defor
mation gradient can be obtained using an analytical solution [14], 
indirectly from experimental data [15] or by solving an inverse finite 
element (FE) problem [16]. Most published studies have supported the 
second frame more than the first frame, and this is due to the less 
observed numerical singularity and the promising predicted results with 
this scheme. However, one of the significant limitations facing the 
deformed reference configuration is that it does not provide evidence for 
the system’s full equilibrium under the predicted in situ strain [17]. 
Integrating the process of calculating the gradient of soft tissue defor
mation at the reference configuration into the auto-balance process of 
the full joint may help in obtaining safe predictions. The objective of this 
study was to develop and implement a computational framework to 
estimate the in situ strain of ligaments in a full knee finite element model. 
The structure used a pre-strain gradient approach (deformed reference 
configuration) and a three-dimensional knee joint model. The “best” 
distributions of the initial ligament stretch (in situ stretch) leading to an 
optimal reference configuration under a minimal knee reaction load 
were calculated. Subsequently, the effect of this estimated initial 
configuration on the mechanical response of the joint was investigated. 

2. Methods 

2.1. Finite elements model 

A finite element model of the entire knee joint, consists of all relevant 
soft tissues, was employed [15] (Supplementary Materials section: 
Fig. 1). The model includes three well-aligned bony structures (tibia, 
femur, and patella) simulated as a rigid body due to their much higher 
stiffness compared with associated articular cartilage layers and menisci 
[18]. Reduced integration hexahedral continuum-based representation 
was used to model the articular cartilage and menisci. The same repre
sentation was employed to simulate patellar tendon (PT), quadriceps 
tendon (QT) and the six principal ligaments, anterior/posterior cruciate 
ligaments (ACL/PCL), lateral/medial collateral ligaments (LCL/MCL) 
and lateral/medial patellofemoral ligaments (LPFL/MPFL). The existing 
meshes of tibial, femoral and patellar articular cartilages were further 
refined extensively for better accuracy. In addition, the element local 
coordinate system was created to incorporate the exact mapping of the 
collagen networks and the variation of the properties of the 
depth-dependent solid matrix. In the superficial zone of cartilage, the 
collagen fibrils are oriented horizontally, parallel to the medial and 
lateral directions. In the transitional zone of the cartilage, fibrils are 
randomly oriented (i.e., no dominant orientations) following a gradual 
curvature starting parallel from the superficial zone and turning 
perpendicular to the surface (along with the medial and lateral di
rections). In the deep zone, vertical fibrils are initially oriented 
perpendicular to the subchondral junction [19]. In menisci, element 
properties vary along the circumferential and radial directions based on 
the local coordinate system (Supplementary Materials section: Fig. 5). 
Ligament interaction and articulation at the cartilage/meniscus and 
cartilage/cartilage are simulated using a surface to surface frictionless 
contact algorithm (A detailed description of the FE model is demon
strated in the subsection “FE model description” of the Supplementary 
Materials section). 

2.2. Material properties 

The PT and QT were assumed to be neo-hookean with material 

coefficients (C10) 55.9 MPa for the PT and 65.9 MPa for the QT [20]. A 
transversely isotropic, linearly elastic, homogeneous material [21] was 
considered for the menisci. The circumferential modulus was set at 120 
MPa, and the axial and transverse moduli were assumed to be identical 
and were set at 20 MPa. The circumferential, radial and axial Poisson’s 
ratios were set to 0.45, 0.3, and 0.3, respectively [22–25]. A value of 
0.001 g/mm3 was assigned for the density of all the soft tissues [26], 
whereas the bony structures were assigned with a density of 0.002 
g/mm3 [27]. 

Multiplicative decomposition of the deformation gradient into 
elastic and plastic parts is introduced here to create the fibrils reinforced 
composites model of cartilage (Supplementary Materials section: Fig. 4). 
Therefore, the proposed model is considered as hierarchical hyper- 
elasto-plastic composite material starting from the tropocollagen mol
ecules level (300 nm) to continuum macro-level (+100 μm). Funda
mentally, for soft tissues, the plastic flow is associated only with the 
uniaxial deformation of the collagen fibril [28,29]. Thereafter, the yield 
strength of the fibril is a function of crosslink density between tropo
collagen molecules, defined herein as the density function g0 (β) (Sup
plementary Materials section: eq. 7). Coarse-graining procedure is 
employed to link the nanoscale collagen features and the tissue level 
materials properties, using the crosslink density function as a building 
block. Generalized neo-hookean strain energy is used to model the 
micro-fibrils, fibrils and tissue behavior by considering the rule of 
mixtures (for more details on the formulation of the material see the 
Supplementary Material section (eqs. 5-14) and our prior works 
[30–32]). Cartilage collagen fibrils volume fractions of 15, 18 and 21% 
are considered in superficial, transitional and deep zones, respectively 
[33]. To reflect the incompressibility of the articular cartilage during the 
transient (short-term) biphasic response, an equivalent elastic response 
was sought by using equilibrium (drained) modulus of the tissue and 
Poisson’s ratio of 0.5 [34]. The drained modulus was considered 
depth-dependent, varying from 0.3 to 1.2 MPa when descending from 
the surface to the lowermost layer at the subchondral bone, respectively 
[35]. 

For the ligaments (ACL, PCL, MCL, LCL, MPFL, LPFL), a transversely 
isotropic hyperelastic material model, assumed to be nearly incom
pressible [15], driven by an uncoupled representation of the strain en
ergy function, defined by Limbert and Middleton [36], was employed 
(Supplementary Materials section: eqs. 1-4). In this framework, the fi
bers were anticipated to be extensible and uniformly distributed in the 
ground substance and perfectly bonded to the matrix, while the matrix 
was assumed to be isotropic and hyperelastic. With the proposed strain 
energy function, the typical nonlinear stiffening behavior of the collagen 
fibers under tension is provided by an exponential form and the collagen 
fibers are assumed not to support any compressive loads. The joint 
sensitivity response to this material formulation and its validation were 
previously investigated [15] and the best sets of material parameters 
were considered in the present investigation. The detailed description of 
the model was demonstrated in the supplementary material section and 
our prior works [15,37–39]. In the current study, the in situ strains are 
considered as the initial stretches along the local fibers-directions (λ0). 
These components were included in the FE model of the ligaments by 
defining three different configurations using the theory of the deformed 
reference configuration scheme [40]: the stress-free state, the reference 
state, and the current state. Using the multiplicative decomposition, the 
total deformation gradient can be defined as Fc = F0 Fr, where F0 is the 
deformation gradient from the stress-free state to the reference state (the 
initial stretch in the ligaments) and Fr is the deformation gradient from 
the reference state to the current state (see supplementary material 
Fig. 3). The initial stretch field is assumed to be an uni-axial stretch 
withF0 = diago[λ0

̅̅̅̅̅
λ0

− 1
√ ̅̅̅̅̅

λ0
− 1
√

]. The parameter λ0 was determined through 
an optimization process described in the following section. It is note
worthy that during this investigation, the above mentioned transverse 
hyperelastic scheme was considered due to multiple factors. These 
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factors are the absence of the real geometry of the ligaments in case of 
free boundary conditions, lack of initial guess or any tested experimental 
data on the full auto-balance of the knee joint in the absence of external 
loading, the reported high distortion of the elements associated with 
other methods such as stress-free configuration, and finally the observed 
agreement on the accuracy of the scheme in predicting in situ strain 
especially for joint ligaments [8,41]. 

2.3. Ligaments In situ strain 

2.3.1. Problem formulation 
The essential elements for the optimization formulation are the set of 

design variables, the objective function, and the constraints. The design 
variables included all the in situ strains (initial stretches) of the ligaments 
and were represented by a vector X (eq. (1)) as follows. 

X{i=33} =
[
λ0ACL {i=6} , λ0PCL {i=2} , λ0MCL {i=18} , λ0LCL {i=3} , λ0LPFL {i=2} , λ0MPFL {i=2}

]
.

(1) 

The geometrical distribution i (ligament partitions) was designed 
based on the available data in the literature [3,4,7,8,42–50] and was 
adjusted (the ACL from 4 to 6 and the MCL from 15 to 18) to improve the 
convergence rate. Using binary alphabet structure, these design vari
ables were encoded as strings to be considered as chromosomes of the 
adopted GA. 

In our current knee joint model, we have two sub joints, the tibio
femoral joint connecting the femur to the tibia and the patellofemoral 
one connecting the femur to the patella. Each joint is characterized by 
six degrees of freedom (3 translations: anterior-posterior, medial-lateral 
and proximal-distal, and 3 rotations: flexion extension, adduction- 
abduction and internal-external (medial-lateral tilt for the patella)), 
which result in the 12◦ of freedom of the knee joint. Hence, the objective 
function (f) is built with regard to the 12◦ of freedom of the knee joint 
under a given excitation of the initial stretches X. This function was 
represented by the sum of the generated tibial and patellar reactions (eq. 
(2)). 

Table 1 
Parameters considered in the GA optimization.  

Description of function Value 

Population size 330 
Creation function Feasible population 
Selection Roulette 
Elite count 33 
Crossover fraction 0.88 
Mutation Adaptive feasible 
Crossover Intermediate 
Hybrid function fmincon 
Generations 380 
Function tolerance 1e-6  

Fig. 1. A flow diagram explaining the optimization process associated with the knee FE model to figure out the optimal population of ligaments in situ strains and the 
different boundary conditions followed to investigate their effect on the joint biomechanics. Three steps have been followed during this process, step (1), ligaments 
partitions to define the geometrical distributions of the ligament in situ strains (33 areas), step (2), the call of the FE model (fitness function) iteratively from the GA 
algorithm to determine the optimal set of ligament in situ strains, step (3) investigate the effect of the optimal set of ligament in situ strains under isolated and daily 
activates. The 3D finite element model of the knee joint include all the soft tissues such as anterior cruciate ligaments (ACL), posterior cruciate ligaments (PCL), 
medial and lateral collateral ligament (MCL, LCL), lateral patellofemoral (LPFL), medial patellofemoral (MPFL), quadriceps tendon (QT) and patellar tendon (PT) 
cartilage layers, menisci and also including all the muscles surrounding the knee joint. 
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{

f (X) =
∑

j=1,2, 3

(
FTibia + Fpatella

)

j +
∑

j=1,2, 3

(
MTibia + Mpatella

)

j

}

estimated
using FE model

(2)  

Where F and M stand for the reaction forces and moments in the 
anatomical coordinate system (j = 1, anterior-posterior axis; j = 2. 
medial-lateral axis; and j = 3, proximal-distal axis), respectively. The 
value of the objective function was calculated for each iteration at full 
extension position corresponding to the minimum activation of muscle 
forces surrounding the knee joint. 

The adopted constraints limit the values of the design variables (Xi). 
Several inequalities (k represent the number of ligaments) ensure a 
positive initial average stretch (for each ligament) and an upper limit 
that is not exceeding the reported maximum initial strains (10%) [8] 
(eq. (3)). 

0.3%≤ avreage
{

λ0{each ligament}
}

k=6 ≤ 10% (3)  

2.3.2. Optimization process 
A built-in genetic algorithm (GA) code from the MATLAB optimiza

tion toolbox was utilized in the present study and the associated steps 
were as follows: (1) A population with random gene values was created. 
(2) The algorithm was terminated when the best fitness in successive 
iterations no longer produced better results based on the FE model. (3) 
The roulette wheel principle was used to select the participants in 
crossover and mutation operations. (4) The offspring individuals were 
obtained from parent individuals using genetic procedures (crossover 
and mutation). (5) The entire population was evaluated (2) and based on 
the evaluation, a certain number of individuals are chosen to survive for 
the next iteration. (6) When the genetic algorithm was terminated to 
improve the value of the fitness function, “Fmincon” was used as a 
hybrid function. The parameters considered during the optimization 
process have been summarized in Table 1. These parameters have been 
determined after several iterations testing the fitness function by vary
ing the parameters of the genetic algorithm, such as population size, 
initial range, elite account, crossover fraction, and generation. The in
dividual or combined action of variation, as well as the range of varia
tion of the algorithm parameters, have been fixed considering the 
provided guidance of the Matlab help center and global optimization 
toolbox. The same technique was also implemented in our prior works to 
ensure the global minima of the muscle forces optimization during the 
stance phase of gait [51,52] (Fig. 1). 

2.4. Loading and boundary conditions 

To explore the effect of the estimated in situ strain on the joint 
aggregate mechanics, the knee joint response was computed for five 
different loading conditions (Fig. 1); 2000 N axial compression at full 
knee extension, six degrees of passive adduction and ten degrees of 
passive internal rotation at full extension, tibial passive flexion starting 
from full extension until 90◦ flexion and the five instances (0%: initial 
contact, 25%: loading response, 50%: midstance, 75%: terminal stance 

Table 2 
Simulated loading cases.  

Loading Case Applied Boundary conditions to the tibial bone 

Force/ 
Displacements 

Constraints 

Axial 
compression 

2000 N Only flexion/extension Fixed 

Pure Adduction 6◦ Flexion/extension and Internal/external 
Fixed 

Pure internal 10◦ Flexion/extension and Adduction/ 
Abduction Fixed 

Pure flexion 90◦ Tibial bone free, except the prescribed 
rotations (flexion) 

Stance phase OpenSim Prescribed rotations of the instances [39]  

Fig. 2. The optimum sets of the ligaments in situ strains predicted by the optimization process; ACL (a), PCL (b), MCL (c), LCL (d), MPFL (e), LPFL (f).  
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and 100%: pre-swing) of the stance phase of the gait cycle (Table 2). The 
lower limb rotations, moments, knee muscle forces, and ground reaction 
forces at foot during the stance phase are based on our in vivo mea
surements for healthy subjects [39]. Knee muscle forces from the 
musculoskeletal modeling simulations (OpenSim) were prescribed as 
distributed surface traction loads along the line of actions across their 
insertion sites, except the gastrocnemius. Because the femur was fixed in 
space during the analysis, the forces from the muscles inserting on the 
femur were prescribed alternately. Through the use of experimentally 
measured joint angles, forces from the gastrocnemius were replaced by 
an equivalent force and moment system acting on the reference node of 
the TF joint center in the local TF coordinate system. The contributions 
of the ground reaction forces and moments to the knee joint were pre
scribed based on calculations of knee joint torques and forces using in
verse dynamics in the local coordinate system. 

Due to the absence of the deformable state of the knee passive tissues 
during the optimization of the muscle forces using the musculoskeletal 
model of OpenSim, additional higher moments were computed within 
the FE model. A corrective measure has been followed [51,52] to 
determine the updated response of the muscle forces surrounding the 
knee joint. This correction was done iteratively by counterbalancing the 
updated moments in deformed configurations. For each iteration, the 
knee reaction moments were computed based on the optimized muscle 
forces (applied as external loads), and the procedure was iterated 4–7 

times till convergence (reaction moments < 0.1 Nm). The nonlinear 
analyses and the optimization process are performed using ABAQUS 
6.14 (Explicit: Quasi-static) and MATLAB (please see the Supplementary 
Materials section (Fig. 6) for more details). 

3. Results 

3.1. Optimal in situ strain distributions (optimization output) 

The non-uniform optimal in situ strain distributions of the ligaments 
were predicted using the genetic algorithm. These non-uniform in situ 
strains were distributed over six areas on the ACL, two areas on the PCL, 
eighteen areas on the MCL, three areas on the LCL, two areas on the 
LPFL, and two areas on the MPFL (Fig. 2). We calculated the average in 
situ strains of 1.2%, 2%, 0.44%, 0.26%, 2.1%, 1.5%, 0.34%, and 0.76% 
for the anteromedial bundle (am-ACL), posterolateral bundle (pl-ACL), 
anterolateral bundle (al-PCL), posteromedial bundle (pm-PCL), MCL, 
LCL, LPFL, and MPFL, respectively. The minimum and maximum in situ 
strain values of approximately 0.04% and approximately 5.7% were 
predicted in the distal-posterior and middle-proximal areas of the MCL, 
respectively. These strains were calculated at the initial condition, 
where the joint was oriented at full extension position corresponding to 
the minimum activation of the muscle forces surrounding the knee joint. 
At equilibrium (when the joint is almost free from any external load), the 
in situ strains generated 36 N, 18 N, and 19 N as ACL, MCL, and LCL 
forces, respectively (Fig. 3a). The PCL force was less than 1 N, and lower 
forces, such as 2.4 N in the LPFL and 1.8 N in the MPFL, were also 
predicted in the patellofemoral ligaments. With the contact parameters 
shown in Fig. 3b, a peak contact force of 46 N occurred on the medial 
plateau and led to the maximum contact stress value in the uncovered 
area (cartilage–cartilage) of 0.3 MPa. However, a smaller contact force 
was predicted on the lateral plateau (approximately 34 N) and was 
mostly supported by the covered area (menisci-cartilage). On the lateral 
plateau, the contact area was slightly greater by 6% compared with the 
medial one. 

3.2. Axial compression 

Considering the optimal configuration of the in situ strains (Fig. 2) at 
full knee extension and under 2000 N of axial compression, the relative 
displacements of the joint decreased by approximately 1, 0.3, and 0.2 
mm in the anterior, lateral, and proximal directions, respectively 
(Fig. 4a). Accordingly, a peak ligament force of 105 N was supported by 
the ACL and decreased to 96 N with the optimal configuration (with in 
situ strains). Under the same loading condition, the force in the collateral 
ligaments (MCL and LCL) was augmented by approximately 11%. Less 
than 5 N was computed for the rest of the ligaments (Fig. 4a). However, 
the inclusion of the in situ strains had a negligible effect on the predicted 
contact force/area, with a difference of less than 2%. This led to 
approximately the same cartilage stress/strain distributions within the 
contact region (Fig. 4b and d). 

3.3. Knee flexion 

During passive knee flexion, the PCL force increased and reached its 
peak at 16 N and 90◦ (Fig. 5a). However, the consideration of the liga
ment in situ strains substantially affected the PCL force only between the 
flexion range of 20–60◦. The LCL exhibited the same trend as the PCL, 
but reached a maximum value of 42 N by 80◦ and increased to 53 N with 
optimal configuration (Fig. 5e). The ACL and MCL forces (Fig. 5b and d) 
were slightly affected by considering the in situ strains. However, a clear 
difference was observed between the calculated forces of the different 
bundles of the ACL structure when considering the case with and 
without in situ ligament strains (Fig. 5c and f). The total contact force 
increased with the ligament in situ strains, particularly in the knee 
flexion range of 20–60◦. Eventually, the effect became more accentuated 

Fig. 3. The predicted (a) ligaments forces and (b) contact parameters at full 
extension when the joint under the reaction of the ligaments in situ strains 
without any external load. 
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in the lateral plateau compared with that in the medial plateau (Fig. 6). 

3.4. Adduction and internal rotations 

The application of the in situ strains resulted in a much stiffer 

moment-rotation response under secondary coupled rotation (adduction 
and internal rotations; Fig. 7). As an extreme example, the adduction 
and internal moment increased by 50% and 80% at 6◦ and 10◦ of pure 
adduction and internal rotations, respectively. 

Fig. 4. The predicted tibiofemoral displacements (a), contact force and area (b), ligament forces (c), and contact stress (d) for the knee joint under 2000 N axial 
compression with and without ligaments in situ strain. 

Fig. 5. The predicted ligaments forces (PCL (a), ACL (b), ACL-am(anteromedial bundle) (c), MCL (d), LCL (e), ACL-pl (posterolateral bundle) (f)) of the knee joint 
during knee flexion with and without ligaments in situ strain. 
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3.5. Stance phase of gait 

The exclusion of the in situ strains at the 0% and 50% instances 
slightly decreased the biomechanical response of the knee joint (Figs. 8 
and 9). Moreover, the existence of ligament in situ strains in the joint 
exerted a negligible effect on the predicted muscle forces. However, the 
maximum contact pressure increased by approximately 9% and 8% on 
the lateral and medial plateaus at the 0% and 50% instances, respec
tively. In the other simulated instances (25, 75, and 100%), the 
consideration of the in situ strains substantially increased the predicted 
forces of the muscle surrounding the knee joint, such as the biceps 
femoris and semimembranosus, and these forces were augmented by 
approximately 30% and 35%, respectively, at the 25% instance of the 
stance phase (Fig. 8). Both the calculated total contact force and contact 
area at these instances increased by 20% on average (Fig. 9). On the side 
of the ligaments, only the ACL force increased significantly by an 
average of 28% (Fig. 9), with slight modifications for the rest of the 
ligaments. 

4. Discussion 

This study implemented a new computational framework to predict 
the effect of in situ strains in knee joint ligaments using the deformed 
reference configuration theory and a full knee FE model accounting for 
anatomically active and passive components. To investigate the effect of 
the estimated in situ strains, the net model of the knee joint was simu
lated with and without the in situ strains under 2000 N of axial 
compression, passive adduction rotation, passive internal rotation, 
passive flexion from full extension to 90◦, and five instances (0, 25, 50, 

75, and 100%) of the gait’s stance phase. To the best of our knowledge, 
previous studies have not conducted a detailed investigation to gain 
insight into the full knee joint passive-active response in gait and iso
lated tasks. The results predicted by this study confirm the earlier 
observation of the non-uniform distribution of the in situ strains within 
the ligament structure. The inclusion of the ligament in situ strains 
significantly changed the net biomechanical response of the joint, 
particularly under pure adduction and internal rotations, for three in
stances (25, 75, and 100%) of the gait’s stance phase. 

The in situ strains reported in this study are supported by the data of 
previous experimental, computational, and clinical studies [3,42,43, 
53–57]. Gardiner and Weiss [3] have reported a similar trend in the 
strain distributions on the MCL at full knee extension in the absence of 
any external loading. The ligament in situ strain reached a maximum of 
5.8% at the anterior proximal area close to the femoral insertion. The 
corresponding prediction was 5.7% and located in approximately the 
same region. However, the magnitudes of previously reported strains for 
the other areas comprising the MCL are higher than those predicted in 
this study. As an extreme case, we predicted a strain of approximately 
0.04% for the distal posterior region, whereas previous studies have 
reported a strain of 2.5%. However, the remaining distributions are 
similar. For the ACL, the maximum strain of 3.1% was recorded in the 
inferior posterior area close to the tibial insertion. The posterolateral 
bundle of the ACL was more pre-strained compared with the ante
romedial bundle. These results are consistent with the strains measured 
on the ACL bundles [43]. However, a contradictory observation has 
been reported by Grood and Hefzy [53] and Beynnon and Fleming [58] 
on the bundle strain distributions at a free strain state. The difference 

Fig. 6. The predicted lateral (a) and medial (b) tibiofemoral contact forces 
during knee flexion with and without ligaments in situ strain. Fig. 7. The predicted moment-rotation curves in adduction (a) and internal (b) 

orientation at full extension with and without ligaments in situ strain. 
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may be attributed to the accuracy of used gage, the materials used to 
stick the gage on the ligament, and the little gap on the map of the in situ 
strains distribution since, in the present study, the MCL was more 
refined compared with published studies. The PCL remained almost 
slack at full extension, which is in good agreement with the results re
ported by most previous studies [54,55,59]. The LCL in situ strains 
reached a peak of 3.6% in the posterior region and gradually decreased 
in other areas. This result is corroborated by Wismans et al., [57]. 
Generally, the average in situ strain predicted in this study ranged from 
approximately 0.04%–5.7%, which falls within the bounds of previously 
reported measurements and material properties considered in various 
computational models [3,46,60]. 

The ligament in situ strain distributions calculated in this study led to 
the auto-balance of the knee joint without any externally applied load. 
This auto-balance is characterized by slake PCL and approximately slake 
patellofemoral ligaments. A peak ligament force of approximately 36 N 
was recorded on the ACL, followed by the LCL with a force equal to 
approximately 18 N, which appears to agree with the results obtained by 
previous experimental and modeling studies [42,43]. Moglo and Shirazi 
[61] have also reported ligament forces and contact parameters at full 
extension in the absence of any external loading. Their predictions were 
higher than the presented predictions. For instance, a greater ACL force 
(approximately 47 N) and a different contact force distribution associ
ated with a higher lateral collateral ligament force were calculated. The 
direct comparison of their results with the results obtained by this study 
is complicated because the non-uniformity of the in situ strain was not 
established in their ligaments. Quantifying this onset loading map may 
help in overcoming the initial condition to resolve the force system 
characterizing the knee joint in rigid body modeling [62]. Additionally, 
this initial tautness may represent a baseline for targeting an optimal 
joint state by applying appropriate graft pre-tension during joint surgical 
reconstructive surgery, such as ACL replacement [63]. 

During the passive flexion of the tibiofemoral joint, the ACL force 
reached the maximum values of 36 N and 24 N at approximately full 
extension with and without ligament in situ strains, respectively (Fig. 5). 
This force diminished during flexion and reached approximately the 
same minimum (20 N) in both cases (with and without in situ strain). 
This result appears to be consistent with previously observed small 
forces in the ACL throughout the flexion range [64–66]. This ACL force 
variation during flexion was almost equally supported between the ACL 
bundles in the absence of in situ strains. However, by considering the 
optimal map of the in situ strain distribution, the ACL force was mostly 
supported by the ACL-pl bundle at full extension and gradually shifted to 
ACL-am with knee flexion. This trend is in agreement with previously 
reported measurements [7]. The results of this study were also 
confirmed by the reported measured increase in the ACL-am strain with 
knee joint flexion higher than 40◦ [42,43]. Moreover, the force in the 
PCL initiated with the joint flexion and reached 16 N at 90◦. This result is 
consistent with the results obtained by previous studies that have re
ported the augmentation of PCL force/strain during knee flexion [54, 
66–69]. The in situ strain in the PCL increased the stiffness of this liga
ment in the flexion range between full extension and 60◦. In the 
collateral ligaments, LCL and MCL, the forces increased with the joint 
flexion, which provides a clear indication of their significant role at 
larger flexion angles. These findings corroborate those of Hull et al. [46], 
who reported a substantial strain increase in the MCL during knee 
flexion. However, the result obtained by this study is different to the 
previous observation of collateral ligament isometry reported by Victor 
et al. [70]. This difference is attributed to the slight deviation in the 
adopted boundary conditions (experimental set-up) and/or to certain 
weaknesses, which are mainly related to the technique used to measure 
the ligament length. The ligament in situ strain slightly affected the MCL 
force during flexion. However, higher resistance was observed in the 
LCL, particularly after 40◦ of flexion. Notably, most of the effects on the 

Fig. 8. The predicted muscle forces surrounding the knee joint during the five instances (0%, 25%, 50%, 75%, and 100%) of the stance phase of gait with and 
without ligaments in situ strain, (GL; gastrocnemius lateral, GM; gastrocnemius medial, ST; semitendinosus, SM; semimembranosus, BFSH; bicep femoris short head, 
BFLH; biceps femoris long head, VM; vastus medialis, VL; Vastus lateralis, VI; vastus intermedius, RF; rectus femoris). 
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ligament forces when considering the in situ strains occurred in the range 
of 20◦–60◦ of knee flexion. This justifies the greater contact force/stress 
calculated in the same flexion range when the in situ strains were 
considered (Fig. 6). One explanation for the more considerable change 
in the mechanics of the knee joint within the flexion range of 20◦–60◦ is 
the screw-home mechanism. This is adequately characterized by the 
obvious augmentation of the coupled rotations (adduction and internal 
rotations) in the range of 10◦–60◦ of flexion, which are considered as 
essential factors affecting the knee joint stiffness [71]. 

In this study, the slight increase in the mechanical response of the 
passive tissues was well documented during the knee joint simulation 
under the tibial axial loading of 2000 N in the presence of ligament in 
situ strains. This slight joint hardening can be explained by the associ
ated changes in the joint kinematics (decrease in anterior/lateral/ 
proximal translations). However, a slight decrease was calculated in the 
ACL force in the presence of in situ strains. This is attributed to the 
associated increase in the collateral ligament forces (MCL and LCL), 
which are considered as secondary restraints of anterior tibial trans
lation. Our predicted results (with or without in situ strain) fall within 
the measured and calculated range of biomechanical variables during 
the axial knee compression in previous studies [33,71–73]. In contrast to 
the axial compression, the passive adduction and internal laxities of the 
knee joint substantially decreased by considering the in situ ligament 
strains. In other words, a significant augmentation of the tibiofemoral 

passive moment resistance was calculated on both sides (adduction and 
internal) at the same angulations (Fig. 7). This stiffer reaction of the joint 
is supported by the data of previous experimental, computational, and 
clinical studies [71,74–79] (please see supplementary materials section: 
model validation, Figs. 7–12). 

The simulated instances of the gait’s stance phase exhibited the 
insensitivity of the predicted muscle forces, ligament forces, average 
contact pressure, and area to the ligaments’ in situ strains at the 0% and 
50% instances. However, the presence of the ligament in situ strains in 
the other instances (25, 75, and 100%) of the stance phase significantly 
increased the muscle forces and led to the obvious augmentation of the 
predicted ligament forces, compartmental and total contact forces, 
areas, and contact stresses/strains. Therefore, the accentuated role 
(stiffer joint) caused by the inclusion of the in situ strain may have 
originated from the unstable loading conditions driving the 25, 75, and 
100% cases of the gait’s stance phase (higher applied flexion and 
coupled rotations) and the cases of adduction and internal rotations. The 
more critical role of the in situ strain in the joint biomechanics under less 
stable boundary conditions has been extensively documented (Winkel
stein, 2012). This observation is in good agreement with the results of a 
previous study that conducted comprehensive investigations into the 
biomechanics of the knee joint under passive conditions, which promote 
the underestimation of joint loading in the absence of any ligament in 
situ strain [50]. Unsurprisingly, the ligament in situ strains only had a 

Fig. 9. The predicted ligaments forces, contact forces and areas for the knee joint during the five instances (0%, 25%, 50%, 75%, and 100%) of the stance phase of 
gait with and without ligaments in situ strain. 
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minor effect on the joint mechanics during the relatively stable loading 
conditions, such as the 0% and 50% instances of the stance phase, axial 
compression, and passive flexion. This result is also consistent with the 
results obtained by previous studies, which did not provide evidence for 
the overestimation or underestimation of the joint stiffness when the 
ligament in situ strains were omitted [59,80]. Thus, our observations 
provide an insight into the importance of determining the best set of in 
situ strains and their necessity. For example, the consideration of this 
parameter appears ineffective or minimal when attempting to calculate 
the aggregate mechanics of the joint with very low kinematics on the 
frontal and transversal plan of the joint, but is highly relevant in other 
loading situations. Furthermore, the sub-loading state of the ligament, 
such as the case of the ACL bundle loading distribution during knee 
flexion, was significantly altered by the absence of in situ ligament 
strains. 

Notably, the results and conclusions of this study are circumscribed 
by a few limitations. One of these limitations is the consideration of the 
nearly incompressible hyperelastic behavior of the connective tissues 
instead of biphasic–viscoelastic behavior. However, it has been exten
sively documented that the transient response of the soft tissue can be 
accurately captured either by biphasic–viscoelastic analysis or equiva
lently by nearly incompressible hyperelastic analysis [34]. Another 
limitation is the consideration of a generalized knee model obtained 
from a single joint while ignoring patient-specific knee models. The lack 
of experimental data for the ligament in situ strain distributions and their 
effects on the joint’s biomechanical variables of interest, such as the 
ligament forces and contact parameters, are also considered as limita
tions. Furthermore, the sensitivity of the calculated results to the dif
ference in the boundary conditions and material properties was not 
considered during this investigation. Nevertheless, our predicted results 
fall within the physiological range reported by previous studies [3,4,7,8, 
42,43,45,46,50]. 

In summary, the ligament in situ strains predicted using the proposed 
iterative framework were found to be in good agreement with those 
reported in the literature, which range from 1% to 10%. Generally, and 
as expected, the application of the ligament in situ strain resulted in the 
stiffer response of the knee joint, and therefore improved the joint sta
bility. Our data also demonstrate that the inclusion of the ligament in situ 
strain in the knee model is often necessary to obtain reasonable esti
mates for the subsequent loading conditions of interest. The proposed 
construct may play a significant role in elucidating the functional 
biomechanics of human knee ligaments, which is critical for assessing 
and improving the prevention evaluation and treatment procedures for 
related disorders and injuries. Finally, the methodologies developed in 
this study can be easily adapted to investigate the initial configuration of 
other soft tissues and joints. 
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