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Vigotsky AD, Rouse EJ, Lee SSM. Mapping the relationships
between joint stiffness, modeled muscle stiffness, and shear wave
velocity. J Appl Physiol 129: 483–491, 2020. First published July 9,
2020; doi:10.1152/japplphysiol.00133.2020.—Joint stiffness is often
measured to make inferences about the stiffness of muscle groups, but
little can be gleaned about individual muscles. Decomposing the
muscular origins of joint stiffness may inform treatment targets for
conditions like spasticity. To complement joint stiffness, shear wave
ultrasound elastography has been used to estimate the material prop-
erties of individual muscles. If shear wave measures are to be used to
assess the muscular origins of joint stiffness, then changes in shear
wave velocity should strongly relate to changes in joint stiffness.
Here, we estimated the relationships between shear wave velocity in
the primary plantar flexors [soleus (SOL) and medial gastrocnemius
(MG)] and ankle joint stiffness. Participants performed isometric
plantar flexion tasks at a range of activations (0–40%), while joint
stiffness and muscle shear wave velocities were obtained. We ob-
served a strong, linear relationship between plantar flexor shear wave
velocities and joint stiffness. Remarkably, the parameter estimates of
this stiffness-shear wave relationship strongly agreed with theoretical
and literature-based estimates [SOL:MG parameter ratios � 2.83 (ob-
served) vs. 2.85 (expected from theoretical stiffness ratio)]. Finally, a
musculoskeletal model of the plantar flexors was able to accurately
reproduce joint stiffness estimates, and shear wave velocities could
explain 80–95% of the variance in modeled muscle stiffness. These
findings suggest that shear wave velocity may be used to infer the
muscular origins of changes in joint stiffness.

NEW & NOTEWORTHY Shear wave velocity is commonly as-
sessed to infer the muscular origins of changes in joint stiffness, but
the exact relationship between shear wave velocity changes in muscle
and joint stiffness changes remains unknown. Here, we systematically
evaluated and quantified this relationship in the plantar flexors. Our
results provide evidence for the ability of shear wave velocity to
elucidate the muscular origins of joint stiffness changes.

INTRODUCTION

Joint stiffness dynamically refines the mechanical interface
between a human and the surrounding world. From an external
perspective, joint stiffness determines how joints respond to a
positional perturbation. From an internal perspective, joint
stiffness determines how easily a joint can be maneuvered by
the muscles that span it. Although ligaments and joint capsules
contribute to joint stiffness, under active conditions, it is
primarily determined by muscles surrounding the joint (36).

Thus, joint stiffness is often assessed to infer its muscular
origins (4, 50, 53, 56). A clearer picture of the etiology of joint
stiffness may help with diagnosis and treatment of musculo-
skeletal disorders, as well as expand our fundamental under-
standing of human movement (36).

There are two primary approaches used to measure joint
stiffness, but neither provide insight into its anatomical under-
pinnings. The first, more popular approach, estimates quasi-
stiffness (not true stiffness in dynamic conditions) by differ-
entiating the net joint moment-angle relationship (37, 51).
Quasi-stiffness assumes stationarity and negligible higher-or-
der impedance terms, such as damping and inertia. Moreover,
quasi-stiffness cannot be assessed when the system is static, as
there is no change in joint angle. The second approach uses
system identification analyses to separate stiffness from higher-
order contributors to joint impedance, such as inertia and
damping (36, 52, 54). In addition, because system identifica-
tion approaches rely on small perturbations, stiffness can also
be obtained during quasi-static tasks. When assessing joint
stiffness, the joint is modeled as a black box mechanical
system, and little information is gleaned about the properties of
the tissues that surround the joint. Greater anatomical resolu-
tion would allow for an improved understanding of joint
stiffness, as recent work suggests that muscle-dependent
changes in joint stiffness are muscle-specific (35).

Neuromusculoskeletal models allow for the study of the
mechanics of the musculoskeletal system and its concomitant
neural control, including the origins of joint stiffness (13). One
current but limited approach for estimating muscle stiffness is
through the use of such models (1, 32). When modeling
muscle stiffness, musculotendon units (MTUs) are repre-
sented as springs that act upon a joint as determined by their
moment arm (1, 32). While these models may predict
emergent, system-level stiffness, such as end-point stiffness
(32), they rely on computation and several model-specific
assumptions. Reliance on computations may limit their
clinical applicability, while assumptions introduce uncer-
tainties that may— especially in populations with
pathology—be violated. Therefore, empirical approaches to
assess muscle mechanical properties are warranted.

Ultrasound shear wave (SW) elastography can be used to
assess muscle material properties, such as mechanical proper-
ties under passive and active conditions. Changes in SW
velocity occur depending on muscle length and the level of
activation (14). This method has been used to investigate
changes in mechanical properties in muscles with pathologyCorrespondence: A. D. Vigotsky (vigotsky@u.northwestern.edu).
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(38, 39), following training and stretching interventions (2, 3,
34), and to answer basic muscle mechanics questions, such as
determining muscle slack length (31). Recent work has also
demonstrated that SW propagation depends on both the me-
chanical properties of a tissue and stresses within the tissue
(10, 33, 42). However, the relationship between SW velocity
and joint stiffness remains elusive (9, 22, 25, 35, 38, 39). These
questions are complementary to those answered by assessing
joint stiffness, in that SW elastography assesses individual
muscles, while joint stiffness represents the net effect of all
tissues that act on a joint. Thus, the difference in anatomical
specificity between joint stiffness and SW velocity makes their
relationship ambiguous. Alternatively, while models of muscle
stiffness provide similar anatomical resolution to SW elastog-
raphy, they are distinct constructs. Therefore, it remains un-
clear how SW velocity relates to joint-level assessments and
modeled muscle stiffness (15–17).

Relationships between joint- and muscle-level assessments
of stiffness need to be evaluated to deepen our scientific and
clinical understanding of these measurements. In particular, if
clinicians or researchers are to use SW ultrasound to gain
insight into the muscle-specific etiology of changes in joint
stiffness, then SW velocity changes should parallel changes in
joint stiffness. Furthermore, modeled muscle stiffness can be
related to empirical SW measures for an improved understand-
ing of SW on the muscle- rather than joint-level (32). The
purpose of this work was to quantify the relationships between
joint stiffness, modeled muscle stiffness, and SW velocity to
provide insight into muscle-dependent changes in joint stiff-
ness. In line with biomechanical theory, we expected that
plantar flexor SW velocity would be strongly and positively
associated with joint stiffness and that the recorded SW
velocities would positively correlate with modeled muscle
stiffness. Such a finding would lend credence to the use of
SW for understanding the muscular origins of joint stiffness
changes.

METHODS

Participants

Ten healthy, young adults (6 females, 4 males; age � 26 � 4 yr;
body mass � 69 � 16 kg; height � 1.7 � 0.1 m) participated in this
study. Each participant was free from lower extremity musculoskel-
etal or neuromuscular pathology or pain for at least 1 yr before
participation, and provided informed consent before beginning. This
study was approved by the Northwestern University Institutional
Review Board (IRB no. STU00202024). Parts of this work have been
presented previously (57, 58).

Experimental Setup

Data were collected from each participant over two sessions, which
were separated by at least 48 h; one day was dedicated to a knee-
flexed position, while the other was dedicated to a knee-extended
position. Each participant sat in a customized dynamometer, the
Neurobionics Rotary Dynamometer—a custom frame-mounted motor
(BSM90N-3150AF; Baldor, Fort Smith, AR) with a six-axis load cell
(45E15A4, JR3, Woodland, CA) coupled to an adjustable chair
(835-000, Biodex Medical Systems, Shirley, NY) (6)—with their hips
flexed to 85° and the ipsilateral (right) ankle positioned at 90° (foot
relative to shank). The sagittal plane ankle axis of rotation (lateral
malleolus) was placed collinearly with that of the motor using a laser
pointer. The knee was positioned to 0° (extended) or 90° (flexed) (Fig.
1). Surface electromyography electrodes were placed over the muscle
bellies of the medial gastrocnemius (MG), lateral gastrocnemius (LG),
soleus (SOL), and tibialis anterior (TA), in positions that would not
interfere with ultrasound transducer placement. Although electromyo-
graphical data were collected, those data were not analyzed and will
not be presented here.

Ultrasonography

Ultrasound images were obtained from the MG muscle-tendon
junction (MTJ) (B-mode only) and the muscle bellies of the MG,
SOL, and TA (B-mode and SW) (Aixplorer SuperSonic Imagine,
Aix-en-Provence, France). Ultrasound field of view was 49 mm, and
the depth and gain were manually adjusted for each muscle to
maximize its visibility. For both Achilles tendon stiffness and moment

0% MVC
20% MVC

40% MVC

0% MVC
20% MVC

40% MVC

A B

Fig. 1. Experimental setup. Participants performed isometric plantar flexion trials at 0, 20, and 40% of maximum voluntary contraction with the knee fully
extended (A) and with the knee flexed at 90° (B). Shear wave velocities in the medial gastrocnemius (red), soleus (blue), and tibialis anterior (not shown) were
obtained with shear wave ultrasound elastography. Note that, since the medial gastrocnemius is a biarticular muscle, it was placed in active insufficiency when
the knee was flexed (B). MVC, maximum voluntary contraction.
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arm estimates, three video trials (26 Hz) of the MG MTJ were
captured on the distal posteromedial aspect of the MG, while the
transducer was held using a neoprene strap. Shear wave (1 Hz) and
B-mode (10 Hz) images were obtained from the midbellies of the MG
and TA, and the SOL was imaged through the midbelly of the LG.
Data from the MG and SOL were collected so that they could be
decoupled via active insufficiency of the MG in the knee flexed
condition (Fig. 1), and the TA was collected as a negative control, as
its activation during an isometric plantar flexion task is negligible
(49). Notably, we did not measure the LG SW velocity due to time
constraints and its presumed collinearity with the MG.

To enable fast transitions between the perturbation and imaging
trials, the transducer was loosely secured to the next muscle belly to
be imaged using a custom neoprene strap. The strap was tight enough
to hold the transducer in position between trials and allow for some
movement when manually handled, but not so tight that it hindered
natural changes in muscle shape during contraction. The neoprene
strap was connected to a custom molded transducer holder, which was
designed to ensure the transducer would not press directly on the skin;
liberal quantities of gel were used to ensure images could be obtained
while allowing for bulging. During SW imaging trials, the transducer
was manually handled to obtain images in the fascicle plane; careful
attention was given to minimize pressure on the muscle. Shear wave
images were obtained using the musculoskeletal foot and ankle
presets (optimization, persistence, and smoothing parameters of std,
none, and none, respectively), capable of measuring a maximum SW
velocity of 14.1 m/s. A 1 cm � 1 cm region of interest was used to
obtain estimates of SW group velocities; if needed, this region was
then cropped to exclude anatomical structures other than the muscle
belly of interest (e.g., aponeuroses, other muscles), which was only
necessary in a few images/participants and resulted in minimal loss of
the region of interest (�0.3 cm2 decrease). The company software
provides a proprietary “quality factor” value to indicate the “quality”
of each SW velocity measurement for each pixel. This is related to the
cross-correlation algorithm that the company software uses to track
the propagation of SWs through the tissue (38). Because blank pixels
would have a quality factor lower than 0.8, they were excluded by
default; all collected images were included in our analyses. Shear
wave velocities within the cropped region of interest with a quality
factor of �0.8 were averaged for each trial (35, 38, 39).

Protocol

Plantar and dorsiflexion maximum voluntary contractions (MVC)
were first collected over three, 5-s trials for each direction. Net plantar
flexion moments from the MVC trials were low-pass filtered with a
fifth-order, zero-lag Butterworth filter with a 6-Hz cutoff frequency.
The peak value from each trial was obtained, and the average of the
peak values from the three MVC trials was used for subsequent trials
and analyses. Live visual feedback of normalized plantar flexion net
joint moments was provided during each trial, along with the target
MVC. The participant was asked to maintain their net joint moment at
the target MVC for the duration of the trial. Subjective experimenter
discretion was used in the event that a participant did not properly
complete the task (namely, stopping before the trial was complete, not
matching the target MVC before the trial began, or if notable drift was
present), and the trial was discarded and repeated; we note that such
trials were rare. Because of the randomization employed, it is unlikely
that this substantially biased the results (i.e., due to learning or
fatigue).

Two sets of trials were used to collect data for our primary
outcomes: 1) those with perturbations, which were used to obtain
estimates of joint stiffness and 2) those without perturbations, which
were used to obtain SW velocities. In both sets of trials, participants
performed isometric plantar flexion tasks at 0, 20, and 40% MVC, so
as to create considerable spread in joint stiffnesses and SW velocities,
while limiting the fatigue and SW saturation that would emerge with

higher levels of activation (Fig. 1). During perturbation trials, sagittal
plane, filtered Gaussian white noise perturbations with a mean ampli-
tude of 1° and a cutoff frequency of 5 Hz were applied to each
participant’s ankle. To approximate the muscle state during static SW
trials (36), small amplitudes and low frequencies were chosen to better
represent short-range stiffness and limit reflex contributions, respec-
tively. During SW trials, the same setup was used, but no perturba-
tions were applied. All kinetic (three-dimensional forces and mo-
ments) and kinematic (sagittal plane ankle angle) data were sampled
at 2,500 Hz.

Shear wave images were recorded from the SOL, MG, and TA
muscles in a randomized fashion. Each muscle was randomized to be
imaged during the first third, middle third, or last third of the
experiment, and the order of activations was randomized within each
muscle. A total of six SW images were taken for each activation for
each muscle. Ten-second perturbation trials were collected in a
randomized order between SW trials, for a total of 27 trials per
activation. Twenty-seven trials was chosen to keep the 95% confi-
dence interval (CI) of the stiffness estimates for a given activation to
be less than �10% of the mean stiffness estimate for that activation.
For example, the randomized protocol would take a form similar to
MG201–3, perturbations 1–9, MG204–6, MG01–3, perturbations 10–
18, . . ., etc., until all 81 perturbation trials and 27 SW trials were
completed. In the event that a participant became uncomfortable (e.g.,
paresthesia in their foot), the foot was released from the plastic
orthotic until the participant felt ready to resume. Shear wave trials
were then binned according to their condition (0, 20, or 40% MVC).

For inputs to the musculotendon model, Achilles tendon character-
istics were estimated by imaging the MG MTJ. Specifically, Achilles
tendon stiffness was estimated from MG MTJ displacements during
ramp isometric plantar flexion contractions (0–60% MVC) at a rate of
36 ��% MVC/s over three separate trials. A trial was repeated when
the transducer lost contact with the skin due to muscle bulging or
when the MTJ moved outside of the field of view.

Joint Stiffness

Raw data collected during the perturbation trials were analyzed
using a system identification method described previously (41).
Briefly, using all trials for a given activation, an impedance impulse-
response function (IRF) was estimated from the pseudoinverse of the
autocorrelation matrix and an averaged time-varying and time-invari-
ant cross-correlation. The time-varying portion of the algorithm was
used to account for any changes in strategy, which was evidenced by
nonzero moments out of plane. The impedance IRFs were numerically
integrated to obtain joint stiffness estimates. Each participant’s 27
trials were analyzed together, such that the system identification
algorithm would produce one estimate. Reflex stiffness analyses based
on the IRF were also run to ensure reflex contributions were minimal.

Musculoskeletal Models of Joint and Muscle Stiffness

We developed two musculoskeletal models to better understand
musculotendon contributors to joint stiffness, and to relate the mod-
eled muscle stiffness estimates to measured SW velocities. Our first
model, developed a priori, was a simple, lumped muscle model, in
which the triceps surae was modeled as two springs in series, con-
sisting of a muscle spring and a tendon spring. However, because the
lumped muscle model produced implausible estimates of muscle
stiffness, we developed another model post hoc. The second model—a
discrete muscle model—incorporates all three muscles of the triceps
surae and was scaled in accordance with literature values. Herein, we
describe the models in greater detail.

Lumped Muscle Model (a priori). A biomechanical model was
created in MATLAB (2018a, MathWorks, Natick, MA) to estimate
muscle stiffness (kM). First, moment arms (r) for the passive trials
were estimated using MG moment arms from OpenSim (Stanford,
CA) (5, 21); the moment arms were not scaled since the effect of
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scaling was assumed to be negligible. To account for increases in
moment arm during activation due to bulging, moment arm values for
active trials were multiplied by 1.185 (29); it was assumed that the
difference between the 20 and 40% MVC conditions was negligible,
as the change in moment arm between low levels of activation appears
miniscule (23). Second, using each participant’s moment arm esti-

mate, tendon force �FT �
Mnet

r � was calculated from ramp contrac-

tion trials. Tendon elongation was calculated from the experimental
data (MTJ tracked B-mode ultrasound images, Tracker, Douglas
Brown, https://www.physlets.org) (61). Tendon forces and the asso-
ciated tendon elongations (i.e., MTJ displacement) were then used to

estimate tendon stiffness �kT �
dFT

dLT�. Finally, the muscle was

modeled to be in series with the tendon, which acts about the joint
center from a distance, its moment arm. Thus, a net joint moment can
be defined as

Mnet �
kTkM

kT � kM ��LMT��r� ,

where �LMT is the MTUs theoretical excursion from “resting length”.
Mechanically, the derivative of Mnet with respect to the joint angle is
joint stiffness,

dMnet

d	
�

kTkM

kT � kM� dr

d	
�LMT � r2� ,

from which kM could be estimated.
Discrete Muscle Model (post hoc). Because the simple biomechani-

cal model yielded implausible results (see RESULTS), a more complex
model was created post hoc in MATLAB. This model was based on
previous work by Hu et al. (32), who modeled upper extremity
end-point stiffness using discrete MTUs. All three muscles of the
triceps surae (MG, SOL, and LG) were incorporated, which were
parameterized by scaling literature values and muscle stiffness (19,
32). Muscle activations—or relative muscle forces (62)—were cal-
culated by minimizing the sum of squared activations, while satisfying
task constraints (net joint moment and position) (18, 32, 45); no
electromyography data were used for this optimization. Muscle acti-
vations, architecture, and geometry were used to estimate both muscle
and joint stiffnesses. To address the post hoc nature of the model, its
parameter degrees of freedom, and the potential for “overfitting”, the
model was developed and parameterized using simulated data; only
after obtaining reasonable joint stiffness outputs was the model run
and verified with experimental data. Details of model construction and
parameterization can be found in the APPENDIX and Table S1 (see
www.doi.org/10.17605/osf.io/d49pb; all Supplemental Materials may
be found at this website).

Statistical Analysis

To assess the linear relationships between 1) joint moment, knee
position, and SW velocity; 2) joint stiffness and SW velocity; and 3)
modeled muscle stiffness and SW velocity, statistical analyses were
carried out in R (version 3.5.2) (8, 48). First, we used hierarchical
linear models (HLM) to independently regress SOL, MG, and TA SW
velocities on ankle net joint moment condition, knee position, and the
position-by-moment interaction. The position-by-moment interaction
indicated the extent to which the two knee positions uncoupled the
measurements obtained from each muscle. Second, an HLM was used
to assess the relationship between joint stiffness (response variable)
and both SOL and MG SW velocities (independent regressors), where
SW velocities were averaged within condition, since there existed no
natural pairing for the repeated trials. A repeated-measures correlation
was used to directly assess the extent to which these independent
regressors—SOL and MG SW velocities—were orthogonalized by

our inclusion of two knee positions (7, 12). Third, HLMs were used
to assess the association between modeled muscle stiffness from the
discrete muscle model and SW velocity of the MG or SOL. For all
HLMs, data were nested within participants, and varied slopes and
intercepts were permitted. Model fits were assessed using root mean
square error (RMSE) and coefficients of determination (R2), which
were calculated using the variance (�2) of the model residuals before
(unconditional, 
u

2) and after (conditional, 
c
2) adding the variable(s)

of interest: R2 � 1 � 
c
2 ⁄
u

2 (59).
To verify the discrete muscle model with experimental data, Lin’s

concordance correlation coefficients (40) (CCC) were calculated to
quantify the absolute agreement between empirical and modeled joint
stiffnesses.

Finally, we assessed the intrasession repeatability of our SW
velocity measures using all six SW trials for each condition. A single
full factorial linear mixed-effects model (8) was used to estimate an
adjusted intraclass correlation coefficient (aICC) (44), which consid-
ered both of the primary muscles investigated (MG and SOL), the two
knee position conditions, and all activation levels. Repeatability of
these measures is necessary to meet the assumptions of our primary
analysis, in that there should be negligible error for our independent
variable, SW velocity.

For all RMSEs, coefficients of determination, and CCCs, 95%
confidence intervals (CI) were estimated using a nonparametric boot-
strap, in which the data were resampled with replacement on the
participant level for a total of 1,000 replicates. An estimation rather
than null-hypothesis significance testing approach was taken to avoid
the dichotomization of evidence (20, 24). Thus, no a priori �-level
was defined; rather, evidence was interpreted continuously using a
combination of statistical outcomes, plausibility of effects, and data
quality (43). Data are presented as an estimate (95% CI), unless
otherwise indicated.

RESULTS

Shear wave velocities in the MG and SOL had an aICC of
0.791 after adjusting for muscle, activation, and knee position,
indicating our intrasession SW velocities were fairly repeat-
able. Representative ultrasound images can be seen in Supple-
mental Fig. S1.

Shear Wave Velocity Versus Net Joint Moment

To evaluate how well the experimental paradigm uncoupled
the SOL and MG, we constructed HLMs to evaluate the effects
of position and moment on muscle SW velocity. Hierarchical
linear models accurately represented the relationships between
SOL SW velocity and net joint moments [R2 � 0.87 (0.83,
0.93); RMSE � 0.66 m/s (0.54, 0.80)] and MG SW velocity
and net joint moments [R2 � 0.89 (0.85, 0.95); RMSE � 0.53
m/s (0.37, 0.66)] (Fig. 2, A and B; Supplemental Table S2).
However, HLMs failed to capture much of the variance in TA
SW velocity [R2 � 0.38 (0.18, 0.52); RMSE � 0.33 m/s (0.24,
0.43)] (Fig. 2C; Supplemental Table S2).

Joint Stiffness Versus Shear Wave Velocity

A multivariable HLM, consisting of MG and SOL SW
velocities as regressors and joint stiffness as the response
variable, was able to capture nearly all of the variance in joint
stiffness [R2 � 0.96 (0.94, 0.97); RMSE � 15 N·m/rad (13,
20)] (Fig. 3, Table 1). Repeated-measures correlations indi-
cated that our experimental protocol was successful in drasti-
cally attenuating the collinearity between MG and SOL SW
velocities, from r � 0.93 (0.87, 0.97) with just knee extension
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to r � 0.46 (0.28, 0.66) with both knee flexion and extension.
Importantly, the high R2s and low RMSEs observed are sug-
gestive that the muscle state was similar during perturbation
and SW trials.

Modeled Muscle Stiffness (Lumped Model)

Modeled muscle stiffness estimates were evaluated and deemed
implausible. Specifically, participants’ median � interquartile
range stiffnesses were 134 � 238 N/mm, with a range of
14–78,604 N/mm. No further analyses were performed using
these data.

Verification of Modeled Joint Stiffness (Discrete Muscle
Model)

Measures of absolute agreement (CCC and RMSE) were
used to verify the discrete muscle model. For both the flexed
[CCC � 0.97 (0.96, 0.98); RMSE � 12 N·m/rad (9, 15)] and
extended [CCC � 0.85 (0.81, 0.89); RMSE � 38 N·m/rad (27,
48)] knee conditions, the discrete muscle model performed
well in predicting joint stiffness (Fig. 4).

Modeled Muscle Stiffness (Discrete Muscle Model) Versus
Shear Wave Velocity

Modeled muscle stiffness estimates of the MG and SOL
were regressed on MG and SOL SW velocities, respectively. In
the MG, SW velocity explained 80% of the variance in mod-
eled muscle stiffness [R2 � 0.80 (0.71, 0.86); RMSE � 37
N/mm (34, 45)], and in the SOL, SW velocity explained 95%
of the variance in modeled muscle stiffness [R2 � 0.95 (0.91,
0.95); RMSE � 24 N/mm (23, 32)] (Fig. 5).

DISCUSSION

Joint Stiffness and Shear Wave Velocity

Our findings elucidate the relationship between SW velocity
in the MG and SOL muscles and ankle joint stiffness. We
decoupled the biarticular plantar flexors (gastrocnemii) from
the primary uniarticular plantar flexor (SOL) by including both
knee flexion and extension conditions (Fig. 2, A and B). In
contrast to previous work, which assessed quasi-stiffness be-
tween individuals in passive conditions (15–17), we used
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system identification analyses to evaluate joint stiffness during
active conditions, independent of higher-order contributors to
joint mechanical impedance (e.g., inertia and damping). We
observed strong, linear relationships between ankle joint stiff-
ness and SW velocity of the MG and SOL (Fig. 3). Herein, we
describe the biomechanical basis of this relationship.

We experimentally altered plantar flexor activation to influ-
ence both joint stiffness and SW velocity, and our knee flexion
condition decoupled the SOL and MG (14, 36). Recent work
suggests activation-dependent SW velocity changes in a single
muscle—as seen with joint stiffness changes (36)—are related
to short-range stiffness, independent of force (11). In this
experimental context, the presence of multiple muscles that
span a joint complicates matters. We experimentally addressed
the muscle redundancy problem by incorporating both a knee
flexed and extended condition, which decoupled the MG and
SOL (Fig. 2, A and B). Specifically, knee flexion shortened the
MG but not SOL, such that the MG was placed under active
insufficiency, as evidenced by the large position-by-moment
interaction for MG in Fig. 2A and the small domain of MG SW
velocities in Fig. 5A. This decoupling decreased collinearity
between MG and SOL SW velocities (r � 0.93 to 0.46),
allowing for increased precision of our parameter estimates for
each muscle (Table 1). By experimentally changing activation
and joint positions, we exploited the properties of each muscle
to elucidate their respective roles in modulating joint stiffness.
The changes in SW velocity and joint stiffness that were
observed are directly proportional to the activation-induced
changes in short-range stiffness.

Our parameter estimates for MG and SOL SW velocities in
the joint stiffness-SW velocity model are remarkably consis-
tent with literature and theoretical estimates. A muscle’s stiff-
ness is proportional to its physiological cross-sectional area
divided by its optimal fiber length (19). Thus, the SOL is
~2.85-times stiffer than the MG at a given activation (60).
Moreover, SW velocity-squared is theoretically proportional to
stiffness (42); as such, we reconstructed our linear model using
SW velocity-squared. In line with theory, we observed a
SOL:MG slope ratio of 2.83 (Supplemental Table S3), almost
exactly as expected (cf. 2.85). These results reinforce the
biomechanical basis of our findings—not only are our trends
consistent with theory, but so too are the parameter estimates
from our statistical models.

Shear wave elastography is commonly used as a proxy for
active muscle stiffness (55); however, from a theoretical per-
spective, the use of SW velocity as a proxy for stiffness may be
confounded by the presence of tensile stress in the muscle.
Timoshenko beam theory suggests that SW speeds are related
to both shear modulus and longitudinal stress (42). Indeed, the
stiffness of muscle is related to its force production (19), both
of which share substantial variance with SW velocity (Figs. 2

and 5). Notwithstanding beam theory and stiffness-force col-
linearity, controlled experimental evidence suggests SW veloc-
ities are associated with changes in short-range stiffness, inde-
pendent of force (10, 11). Although our results support the
notion that changes in SW velocity induced by activation are
related to changes in joint stiffness, further investigations
relating SW velocity, force, and stiffness are required in
passive and active muscle.

The experimental portion of this work demonstrates that SW
ultrasound elastography can inform our understanding of acti-
vation-dependent changes in joint stiffness with muscle-level
specificity. The extent of individual muscle dependency is of
both scientific and clinical interest. Scientifically, these results
suggest that SW ultrasound elastography may provide direct
insight into the muscle redundancy problem as it applies to the
joint stiffness domain, and can, therefore, be used to answer
basic motor control and biomechanics questions. Clinically,
SW can provide clinicians with muscle-specific insight into the
etiology of changes in joint stiffness. Such knowledge may
directly inform treatment; for example, selection of muscle(s)
to treat with botulinum toxin. In the case of musculoskeletal
pathology (e.g., hemiparesis), clinical prediction models
should be developed to predict individual muscle contributions
to and treatment effects on joint stiffness.

Musculoskeletal Modeling

Musculoskeletal modeling can reveal the neuromechanical
underpinnings of muscle stiffness, joint stiffness, and end-point
stiffness (1, 32). We used two modeling approaches to unravel
the underlying MTU properties associated with greater ankle
joint stiffness. The first approach employed a lumped muscle
model with experimentally derived Achilles tendon stiffness,
joint stiffness, net joint moment, and literature-based Achilles
tendon moment arm as inputs. This model yielded physiolog-
ically implausible estimates of muscle stiffness, ranging from
13 to 78,604 N/mm, likely stemming from the method used to
estimate Achilles tendon stiffness. Specifically, in tracking the
MG MTJ, it was assumed that all force is transmitted through
the MG subtendon, and the resulting stiffness estimate is
representative of the entire tendon; however, it is important to
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Fig. 4. Agreement between observed and modeled joint stiffness. Modeled
joint stiffness agreed well with observed joint stiffness for both flexed (orange)
and extended (blue) knee conditions, despite some bias in the knee-extended
condition. Diagonal line indicates perfect agreement.

Table 1. Hierarchical linear model of joint stiffness
regressed on soleus and medial gastrocnemius shear wave
velocities

Parameter Estimate � SE t-Value

Intercept �94.5 � 12.2 �7.73
Soleus 29.58 � 4.22 7.01
Medial gastrocnemius 13.20 � 2.32 5.69
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consider under what circumstances this assumption is adopted.
In the case of our implementation, it is not valid. Not only is
force sharing present, but differences in subtendon architecture
will give rise to differences in equivalent stiffness between
each of the subtendons (26). Because of the limitations of the
lumped model, a second model using discrete MTUs was
developed to thoroughly explore the muscle-tendon mechanics
underlying the observed stiffness changes.

The discrete muscle model accurately reproduced ankle joint
stiffness estimates based on task demands (Fig. 4) and sup-
ported the plausibility of the simulated MTU mechanics. After
verifying the model on the joint level, modeled SOL and MG
stiffness estimates were regressed on SOL and MG SW veloc-
ities. In both muscles, SW velocity explained a large propor-
tion of the variance in modeled muscle stiffness (80–95%; Fig.
5). These results build upon previous work that verified a
discrete muscle model with a single measure (end-point stiff-
ness) rather than multiple measures (joint stiffness and SW
velocity) (32). By verifying our model with multiple empirical
assessments, we are more confident in both its output and the
underlying processes that were modeled. The linear relation-
ship between net joint moment and stiffness (36) can be
explained by activation-dependent muscle stiffness (Fig. 4),
which correlates with the SW velocity of each muscle (Fig. 5).
Our discrete muscle model complements our experimental
results by explaining the observed variance in our experimental
results from first principles; converging evidence from differ-
ent sources reinforces the biomechanical basis and validity of
our findings.

Conclusion

Using SW elastography to assess the mechanical properties
of muscle during isometric tasks, we found that changes in SW
velocity in the plantar flexors are associated with changes in
ankle joint stiffness assessed with system identification. A
discrete muscle model was constructed to explore the mechan-
ical basis of this relationship and accurately estimated joint

stiffness values. The modeled muscle stiffness, which con-
trolled modeled joint stiffness, was largely explained by
changes in SW velocity. Shear wave ultrasound elastography
may, therefore, be used in conjunction with joint stiffness
assessments to advance our understanding of muscle-depen-
dent changes in joint stiffness.

APPENDIX: POST HOC DISCRETE MUSCLE MODEL
FORMULATION

The discrete muscle model was parameterized in accordance with
previous literature (Supplemental Table S1) and was built similarly to
a verified upper extremity end-point stiffness model (32). The mod-
eling process started with calculating muscle activation, u, of each of
the triceps surae muscles to meet task demands (net joint moment,
Mnet),

u � min�
i�1

3 � Fi
M

F	i
o
M �2

� Mnet � JTF
¡M, 0 � Fi

M � F	i
o
M ,

where Fi
M is the force of muscle (not fiber) i, F	i
o

M is its maximum
force for its given length and velocity, and J is the 3 � 1 Jacobian.
Each muscle’s activation, u, was used to obtain muscle force FM �

uFo
M. Whole muscle short-range stiffness was assumed to be propor-

tional to muscle force,

kM �
�FM

Lo
M ,

where Lo
M is the muscle’s optimal fiber length and 	 � 23.4 is a

unitless scaling parameter derived from animal data (19). Each muscle
acts in series with its respective tendon, a Hookean spring with
stiffness

kT �
ETAT

Ls
T ,

where ET is elastic modulus of the tendon (28), AT is the subtendon
cross-sectional area (46), and Ls

T is subtendon slack length, which was
obtained by modeling each respective MTU to have a slack length in
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accordance with positions obtained empirically (31). The equivalent
stiffness of the entire MTU can, thus, be modeled as

ki
MT �

kTkM

kT � kM .

Finally, because each MTU acts about a joint from a distance, the
Jacobian J and its angle derivative were used to transform forces and
linear stiffnesses to rotational ones; that is, ankle joint stiffness:

kJ � JT K
¡MTJ �

dJ

d	
F
¡MT.

Musculoskeletal model parameters were obtained from the litera-
ture for shank length (47), moment arms (5), muscle volume (27),
optimal fiber length (5, 60), pennation angle (60), MTU length (30),
MTU slack length (30, 31), tendon slack length (62), subtendon
geometry (46), and tendon elasticity (28). The specific individual
values and scaling equations used can be found in Supplemental Table
S1, and the MATLAB code for the model can be found on the Open
Science Framework: https://osf.io/5k8bw/.
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