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Abstract—Redundancy in the human muscular system makes
it challenging to assess age-related changes in muscle
mechanical properties in vivo, as ethical considerations
prohibit direct muscle force measurement. We overcame this
by using a hybrid approach that combined magnetic reso-
nance and ultrasound imaging, dynamometer measurements,
muscle modeling, and numerical optimization to obtain
subject-specific estimates of the mechanical properties of
tibialis anterior, gastrocnemius, and soleus muscles from
young and older adults. We hypothesized that older subjects
would have lower maximal isometric forces, slower contrac-
tile and stiffer elastic characteristics, and that subject-specific
muscle properties would give more accurate joint torque
predictions compared to generic properties. Unknown
muscle model parameters were obtained by minimizing the
difference between simulated and actual subject torque-time
histories under both isometric and isovelocity conditions.
The resulting subject-specific models showed age- and
gender-related differences, with older adults displaying
reduced maximal isometric forces, slower force–velocity
and altered force–length properties and stiffer elasticity.
Tibialis anterior was least affected by aging. Subject-specific
models gave good predictions of experimental concentric
torque-time histories (10–14% error), but were less accurate
for eccentric conditions. With generic muscle properties
prediction errors were about twice as large. For maximum
predictive power, musculoskeletal models should be tailored
to individual subjects.

Keywords—Aging, Musculoskeletal modeling, Hill muscle

model, Tibialis anterior, Soleus, Gastrocnemius, Triceps
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INTRODUCTION

The effects of nervous control signals are mediated
by muscle mechanical properties such as the nonlinear
force–length and force–velocity relationships of active
contractile elements,27,32 and the nonlinear force–
extension relationship of passive series elastic struc-
tures.3 Age-related changes in these properties could
have a large impact on muscle function and movement
coordination in older adults.34 It has been shown that
older muscle exhibits reduced maximal isometric force
capabilities,23 decreased contraction velocity,43 and
increased series elastic stiffness.50 Dynamometer stud-
ies on single joint muscle groups show that older adults
have smaller maximal isometric joint torques,42 exhibit
shifts in the torque–angular velocity relationship
towards slower velocities,42 and have increased joint
stiffness.6 However, studies on how individual muscle
mechanical properties change with aging are sparse,
due to technical difficulties imposed by the redundant
nature of the human muscular system32,62 and ethical
considerations regarding direct muscle force measure-
ment in vivo.

Thelen59 simulated aging changes by altering muscle
model parameters in a musculoskeletal model, illus-
trating that these changes go beyond muscle strength
reductions alone, and include modifications of force–
velocity and stiffness properties. However, this study
used general age-related parameter changes, chosen
from a range of studies and subject populations.
Because muscle model performance is sensitive to
input parameters,54 it is important to develop subject-
specific models to examine the influence of aging on
muscular properties. Optimization methods can be
used to estimate individual muscle properties that sum
to match measured joint torque–angle and torque–
angular velocity relationships.11,26 Such optimization
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techniques are appealing when combined with muscle-
specific imaging information to constrain solutions to
realistic subject-specific values. Magnetic resonance
imaging can be used to measure subject-specific muscle
volumes11 and moment arms,53 while muscle elasticity
can be measured using ultrasound.24

Therefore, our aim was to obtain subject-specific
estimates of the mechanical properties of the major
muscles controlling sagittal-plane movement at the
ankle joint in young and older adults. Hill-type models
were used to represent the dorsi- and plantarflexor
muscles, with parameters defining the muscle force–
length, force–velocity, and force–extension relation-
ships determined by numerical optimization. Realistic
constraints were imposed based on subject-specific
imaging and dynamometer data sets. We hypothesized
that the older subjects would have lower maximal
isometric force capabilities, slower contractile proper-
ties, and stiffer elastic characteristics. It was expected
that subject-specific muscle properties would give more
accurate joint torque predictions compared to the use
of generic properties.

METHODS

Previously, we reported left-leg dorsi- and plantar-
flexion torque–angle (Th), torque–angular velocity
(Tx), and torque–extension (TDL) relationships from
healthy, community-dwelling young (27 ± 3 years;
67 ± 7.4 kg; 1.73 ± 0.07 m; mean ± standard devia-
tion), and older (72 ± 5 years; 82 ± 14 kg; 1.72 ±

0.09 m) adults.30 Here, we describe an optimization
approach to finding subject-specific muscle model
parameters that minimize the difference between
musculoskeletal model and experimental joint torques
over a range of isometric and dynamic conditions. Our
university Institutional Review Board approved all
experimental procedures.

Experimental Measurements

A Biodex dynamometer was used to measure dorsi-
and plantarflexor maximal torque for construction of
subject-specific Th and Tx relations.30 For Th, subjects
performed maximal isometric efforts at five angles
across the ankle range of motion, with the knee fixed at
100� for dorsiflexion and at two different angles for
plantarflexion (90� and 180�). For Tx, concentric iso-
velocity trials were performed at 20�/s and from 30 to
240�/s in 30�/s increments, and eccentric trials were
performed at 230, 260, and 2150�/s; the knee was
fixed at 100� for dorsiflexion and 90� for plantarflex-
ion. Tx torque data were adjusted to remove passive
and inertial torque contributions and to account for Th

effects (see Hasson et al.30 for details). Tibialis anterior
(TA), gastrocnemius (GA), and soleus (SO) excitation
onset times were determined from electromyograms
(EMGs) recorded with preamplified (359) surface
electrode pairs (Ag–AgCl; 1 cm diameter; 20 mm
interelectrode distance), then amplified (input imped-
ance: >25 MX at DC; CMRR: 87 dB at 60 Hz;
Therapeutics Unlimited) and band-pass filtered (20–
400 Hz). Torque and EMG data were sampled at
1000 Hz using a 16-bit A/D converter.

To assess muscle elasticity, subjects performed five
dynamometer trials in which voluntary ankle torque
was slowly increased to maximum over 30 s (see Has-
son et al.30 for details). Internal muscle kinematics
were imaged by placing an ultrasound probe over the
TA and the lateral GA. An automated two-dimen-
sional spatial cross correlation algorithm44 was used to
track the motion of points on the deep aponeuroses of
TA, GA, and SO to calculate dorsi- and plantarflexor
series elastic element extension (DLSEE). Torque and
DLSEE data were sampled at 30 Hz.

Musculoskeletal Model

Hill-type models consisting of contractile (CE) and
series elastic (SEE) elements32 were used to represent
the TA, SO, and GA muscle–tendon units (Fig. 1). The
TA model lumps all dorsiflexor muscles in the anterior
compartment of the leg together. CE behavior was
characterized by nonlinear excitation–activation,
force–length (FL), and force–velocity (FV) relation-
ships, while the SEE had a nonlinear force–extension
(FDL) relationship (see Appendix for details). While
some muscle models include parallel elasticity either as
individual model parallel-elastic elements65 or as a
lumped passive elastic joint torque,63 this was unnec-
essary here because passive contributions were
removed from the experimental torque data prior to
parameter determination.

Muscle–tendon lengths and moment arms were
computed using SIMM models,16 scaled to each sub-
ject using measured leg lengths and sagittal-plane
magnetic resonance images (1.5 Tesla; GE Sigma
EchoSpeed). A phased-array coil was used with stan-
dard imaging parameters (T1-weighted spin echo
sequence, 4 mm slice thickness with no gap, 400 ms
repetition time, 11 ms echo time, 512 9 512 pixel res-
olution, 30 cm field of view). Using custom MATLAB

�

programs, the image that bisected the Achilles tendon
in the sagittal plane was used to identify the ankle joint
center and the TA, GA, and SO tendon lines of
action53 (Fig. 1). Measurements were repeated three
times by the same investigator to compute the average
moment arm (Table 1). The mean intra-observer
standard deviation was 1.4 mm for the TA and 1.7 mm
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for the GA and SO. In each sagittal-plane image, the
relative ankle angle between the shank and foot seg-
ments was computed. A dorsi/plantarflexion ankle
angle vs. moment arm relation was created for each
muscle in the standard SIMM anatomical model.
These SIMM moment arm–angle relations were scaled
with the individual subject moment arm measurements
so that the shape of the moment arm–angle relation
was the same for all subjects, but the magnitudes of the
predicted moment arms were subject-specific. For TA,
the moment arm was modeled as increasing linearly
with muscular force due to retinaculum stretching,

with the moment arm at MVC 35.6% longer than at
rest.47

Simulations

Isometric and isovelocity simulations were per-
formed to predict subject-specific muscle model prop-
erties via numerical optimization (Fig. 2). Muscle CEs
began at rest (zero force), with subsequent excitation
time histories converted to muscle activation using an
exponential function with a 140 ms time constant for
rising activation.65 We assumed that all subjects could
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FIG. 1. (a) Example of moment arm determination for a subject using a sagittal-plane magnetic resonance image. The same
moment arm was used for the GA and SO. The pixel intensities were inverted for clarity. (b) Schematic of musculoskeletal model
showing muscle models for the TA, GA, and SO. (c) Muscle model and properties of the contractile element (CE) with force–length
and force–velocity relations, and the series elastic element (SEE) with its force–extension relation.

TABLE 1. Measured muscle moment arms, measured contractile volumes, estimated variables used for calculation of PCSA, and
anthropometric data.

Group Mus. MA (cm) Volume (cm3) FLOPT
a (cm) ha (�) PCSA (cm2)

PCSA ratio

(SO/GA) LLeg (cm)

Young male TA 3.4 ± 0.2 256 ± 27 6.3 ± 0.3 5.0 40.7 ± 3.7 1.27 24.9 ± 3.0

GA 4.6 ± 0.4 394 ± 75 5.0 ± 0.3 12.5 78.9 ± 12.6

SO 4.6 ± 0.4 423 ± 53 4.2 ± 0.2 25.0 100 ± 11.0

Young female TA 3.2 ± 0.3 191 ± 44 5.8 ± 0.5 5.0 33.2 ± 7.9 1.31 21.9 ± 1.1

GA 4.4 ± 0.3 323 ± 79 4.6 ± 0.4 12.5 68.9 ± 18.9

SO 4.4 ± 0.3 387 ± 66 3.9 ± 0.4 25.0 90.5 ± 17.6

Older male TA 3.7 ± 0.2 257 ± 45 6.3 ± 0.3 5.0 40.5 ± 6.0 1.35 30.1 ± 2.0

GA 5.0 ± 0.4 299 ± 73 5.0 ± 0.2 12.5 58.1 ± 14.7

SO 5.0 ± 0.4 371 ± 151 4.3 ± 0.2 25.0 79.0 ± 33.4

Older female TA 3.2 ± 0.2 172 ± 24 6.0 ± 0.3 5.0 28.3 ± 5.9 1.65 26.7 ± 3.4

GA 4.5 ± 0.4 229 ± 35 4.8 ± 0.2 12.5 46.6 ± 6.5

SO 4.5 ± 0.4 346 ± 40 4.1 ± 0.2 25.0 77.1 ± 11.2

Note All values are mean ± between subjects standard deviation.

Abbreviations TA: tibialis anterior (includes all anterior compartment leg muscles); SO: soleus; GA: gastrocnemius (both lateral and medial

heads); LLeg: leg length (knee to ankle); FLOPT: optimal fiber length; h: pennation angle; MA: muscle moment arm at the ankle.
aEstimated from literature (see text for details).
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maximally excite their muscles, and that the excitation
was always maximal in the simulations.

For each subject, dorsi- and plantarflexion model
Th relations were constructed (Fig. 2a). A single model
Th curve entailed isometric simulations at each of the
experimental ankle angles with the appropriate model
knee angle. At each ankle angle, the protagonist
muscles received maximal excitation for several sec-
onds producing ‘‘isometric plateau’’ force, which was
multiplied by the muscle moment arm to give net joint
torque (plantarflexor = GA + SO torque).

Model Tx relations (Fig. 2c) were constructed
similarly, with three differences: (1) the model used
simulated joint angle time-histories at each experi-
mental velocity, (2) the knee angle was set to 90�, and
(3) muscle model excitation onsets were determined
from experimental EMGs using a threshold of three
standard deviations above baseline. Because of the
temporal excitation–activation relation, muscle model
activation could be sub-maximal in high-velocity tri-
als.7 The peak joint torque represented a single point
on the Tx curve; the set of simulations from all ankle
angular velocities defined complete model dorsi- and
plantarflexion Tx curves.

Model torque–extension relations were computed
during the dorsi- and plantarflexion isometric simula-
tions (Fig. 2b). An array of SEE extensions DLSEE

ranging from 0 to 80% of subject maximal extension
was created. A second-order polynomial force–exten-
sion equation with a and b shape coefficients was then
solved for the muscle CE forces (see Appendix). Forces
were multiplied by their respective moment arms to
produce model TDL relations in a manner similar to
the model Th and Tx relations.

Optimization of Muscle Parameters

A genetic optimization algorithm58 was used to find
the combination of muscle model parameters that
minimized the differences between model and experi-
mental Th, TDL, and Tx data for each subject. Dual
phase optimizations were performed separately for
dorsi- and plantarflexion muscle groups (Fig. 2). Phase
1 searched for an optimal set of isometric CE (maximal
isometric force P0, force–length parameters L0 and W),
and SEE (LS, a, and b) parameters that resulted in the
best match between simulated and experimental Th
and TDL data. Phase 2 used these optimized isometric
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FIG. 2. Schematic of isometric (Phase 1) and isovelocity (Phase 2) optimizations performed for each subject to obtain muscle
mechanical properties. In Phase 1 the isometric muscle model parameters were found by minimizing the difference between model-
generated and experimental torque data measured on a dynamometer. Experimental data included the torque vs. ankle angle
relation (a) and the torque vs. series-elastic extension relation (b). The latter was measured using ultrasound. Once the isometric
parameters were found, in Phase 2 the remaining velocity dependent properties were found by minimizing the difference between
model and experimental torque vs. ankle angular velocity data (c). See text for more details.
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parameters while finding the CE force–velocity
parameters (a/P0, b/L0, and e) that gave the best sim-
ulation match to the Tx data. In the genetic algorithm,
the number of population members per generation was
equal to 10 times the number of unknown parameters.
The algorithm finished when all population member
costs differed by less than 0.001 Nm.

Optimization Constraints

To avoid unrealistic solutions for muscle parameters,
several constraints were used in the optimization pro-
cess. Computed SO and GA physiological cross-sec-
tional areas (PCSAs) were used to constrain the possible
choices for optimized SO and GA P0 values, with

PCSA ¼ Vol

FLOPT
cos h ð1Þ

where Vol is the volume of the contractile tissue, h is the
pennation angle, and FLOPT is the optimal muscle fiber
length. For each subject,Volwasmeasured for TA,GA,
and SO using magnetic resonance imaging (Table 1; see
Hasson et al.29 for details). Values for h were based on
Wickiewicz et al.,61 although h can vary with location
within the triceps surae muscles,1 and with muscular
force magnitude.46 Although these literature-based
resting h values may introduce small errors (~5%) in
PCSA computations, this is not critical given their use as
a constraint only. FLOPT was computed by multiplying
muscle–tendon length by FLOPT/muscle–tendon length
ratios, calculated for TA from Spoor et al.57 and for SO
and GA from Out et al.52 When optimizing P0, the SO
P0/GA P0 ratio could only vary by ±15% of the com-
puted PCSASO/PCSAGA ratio.

Optimal CE length L0 was constrained to be within
±25% of the literature-based FLOPT. The parameter
W could vary to produce force–length widths between
0.8–1.2 L0 (highly pinnate muscles) and 0.2–1.8 L0

(parallel-fibred),64 with SO W limited to be within
±20% of the GA W. The model SO force–extension
coefficients were constrained to be within ±15% of
GA.8 The force–velocity coefficient a/P0 could vary
between 0.15 (slow) and 0.6 (fast), while b/L0 could
vary between 1.0 (slow) and 8 s21 (fast).14 The eccen-
tric plateau e could range from 1.1 to 3 (slightly more
than Epstein and Herzog21 and Cook and McDon-
agh15), with GA and SO e limited to be within ±25%
of each other. Maximum CE shortening velocity vMax

could vary between 9 and 15 L0/s.
54

Optimization Phase 1

For each subject, a best root-mean-squared (RMS)
fit between model and experimental Th and TDL data
sets was obtained by minimizing costs CTh and CTDL,

respectively. Thus, the net cost was f ~X
� �

¼ CThþ
CTDL, where ~X is the vector of isometric model
parameters (one vector per muscle), with ~X ¼
P0;L0;W;LS; a; b½ �. At each optimization step, a
complete set of isometric torque simulations was per-
formed with a candidate vector of muscle parameters,
with second-order polynomials fit to the model and
experimental Th and TDL data. These curves were
evaluated at 1� ankle angle increments over each sub-
ject’s range of motion (Th), and at 1% increments from
zero to 80% LS (TDL). The Th cost CTh was

CTh ¼

ffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffi
XN
i¼1

TMOD
hi

� TEXP
hi

� �2
vuut ð2Þ

and the TDL cost CTDL was

CTDL ¼

ffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffi
XN
i¼1

TMOD
DLi

� TEXP
DLi

� �2
vuut ð3Þ

where Thi is the maximal isometric torque at joint angle
i, TDLi

is the torque produced at SEE extension i, and
N is the number of evaluated data points (MOD:
model; EXP: experimental).

Optimization Phase 2

In the second phase, best fitness was obtained by
minimizing a single cost CTx associated with the RMS
difference between model and experimental Tx equa-
tions. The net cost was f ~X

� �
¼ CTx, where ~X ¼

a=P0; b=L0; e½ �. Each Tx equation was in the form of a
rectangular hyperbola over the interval [2200�/s
(eccentric), 300�/s (concentric)]. The Tx cost CTx was

CTx ¼

ffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffi
XN
i¼1

TMOD
xi

� TEXP
xi

� �2
vuut ð4Þ

where Txi
is the maximal torque produced for joint

angular velocity i, and N is the number of evaluated
data points at 1�/s intervals (N = 500).

Model Predictions

Additional simulations were performed for each
subject to determine how well the optimized muscle
properties predicted experimental torque time-histo-
ries. The parameter identification process used only the
peak isometric and isovelocity torques, a small subset
of the experimental data. For model evaluation, joint-
torque time histories were simulated for each isove-
locity trial using the optimized subject-specific muscle
properties. For each simulation the RMS error
between the model and experimental torques was
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computed from the initial excitation to the end of the
constant-velocity period of joint motion, expressed
relative to maximum isometric torque.

To assess the model’s sensitivity to the use of sub-
ject-specific muscle model parameters, torque predic-
tions were also made with generic muscle parameters
drawn from two sources: (1) the default properties
used in SIMM16 and (2) age-specific averaged values
for the subjects in the present study (MEAN). In the
SIMM software, the shapes of the FL, FV, and FDL
relations were the same for all muscles, but differed
slightly from our model formulation. Therefore, our
equations were fit to the SIMM relations using a least
squares approach, and the resulting generic parameters
for L0, LS and the FL, FDL, and FV relations were
used in model simulations for each subject. For both
generic sets of properties, subject-specific values for P0

were retained, thereby focusing the analysis on other
aspects of the FL, FV, and FDL relations.

Data Analysis and Statistics

Linear mixed-effects models were used to assess age
and gender differences for the optimized FL, FDL, and
FV properties for each muscle, with subject as a ran-
dom factor. For FDL the linear stiffness at a force level
of 400 N (K400) was compared (other force levels gave
similar results). A separate analysis compared the
prediction errors between each subject’s model and
experimental isovelocity time-series data, with age and
parameter-type (subject-specific, SIMM, and MEAN)
as factors (here data were collapsed across genders).
Mixed-model-based t-tests (p< 0.05) were used for
pairwise comparisons. One young male subject was
excluded from the plantarflexion optimizations due to
technical issues affecting the torque measurements.

RESULTS

Muscle Properties

The dual-phase optimization process was successful
in computing subject-specific FL, FDL, and FV rela-
tions (Fig. 3). The mean Th costs (Eq. 2) were
0.24 ± 0.27 Nm (dorsiflexion), 3.9 ± 5.4 Nm (plan-
tarflexion; knee = 90�), and 3.4 ± 3.0 Nm (plantar-
flexion; knee = 180�). The mean TDL costs (Eq. 3)
were 0.12 ± 0.08 Nm (dorsiflexion) and 0.5 ± 0.5 Nm
(plantarflexion). The mean Tx costs (Eq. 4), normal-
ized to maximal isometric torque, were 0.13 ± 0.04
(dorsiflexion) and 0.15 ± 0.06 (plantarflexion).

Isometric FL Parameters

There were no age- or gender-related differences in
P0 for TA, but for GA and SO there were interactions

between age and gender (Table 2). For both planta-
rflexor muscles, older males were weaker than younger
males (GA: p = 0.001; SO: p = 0.004), but young and
older females were not different (GA: p = 0.710; SO:
p = 0.463). Older adults had a narrower TA force–
length relation (smaller W), but a wider GA relation.
For SO, older adults had a longer L0.

FDL Parameters

For TA and GA, males had longer LS values than
females. For SO K400, there was an age by gender
interaction showing stiffer SO values in older males
(p = 0.003), but no age differences for females
(p = 0.670). For GA K400 there was a main effect of
age, with greater stiffness in older adults. Older adults
displayed greater non-linearity in the FDL relations for
both GA and SO, indicated by the greater shape
coefficient a (p = 0.033 SO; p = 0.034 GA).

Dynamic FV Parameters

For TA older adults had slower contractile prop-
erties than younger adults (Table 3), as reflected by
smaller b/L0, e, and vMax. For GA, there were age by
gender interactions, such that older males had smaller
a/P0 and b/L0 values compared to young males (a/P0

p = 0.016; b/L0 p< 0.001), but no age differences for
females (a/P0 p = 0.684; b/L0 p = 0.916).

Model Predictions

Simulated isovelocity torque-time histories using
subject-specific muscle properties gave small to mod-
erate prediction errors (Fig. 4). The optimized subject-
specific models gave mean errors between 10 and 14%
across age and muscle groups in concentric isovelocity
trials, with eccentric predictions less accurate (17–29%
error; Fig. 5). For generic muscle properties SIMM and
MEAN (Tables 2 and 3), both concentric and eccentric
errors were significantly higher than with subject-spe-
cific parameters (p< 0.001). There were no age-related
differences in error across all models (p> 0.431).
Errors were larger for plantarflexion compared to dor-
siflexion for concentric and eccentric conditions (muscle
group main effect; p< 0.05). For concentric trials there
was an interaction, with errors larger using generic
muscle properties in all cases (p< 0.001) except for
dorsiflexion, in which there was no difference between
subject-specific and MEAN errors (p = 0.348).

DISCUSSION

A methodology was developed that combined
muscle imaging, dynamometer measurements, muscle
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modeling, and numerical optimization to obtain sub-
ject-specific estimates of human muscle mechanical
properties. We used this methodology to examine age-
related differences in the properties of the dorsiflexor
and individual plantarflexor muscles, and tested how
well subject-specific muscle properties could predict
experimental joint torque-time histories compared with
the use of generic properties.

As hypothesized, older adults displayed differences
in a variety of muscle properties compared to young
adults; however, some differences were gender-specific.
Specifically, it was expected that the older subjects
would have lower maximal isometric force capabilities,
slower contractile properties, and stiffer elastic char-
acteristics. The results showed that older males had
significant decreases in maximal isometric force capa-
bility P0 for both GA and SO compared to the younger
males. Older adults had altered force–length proper-
ties, stiffer elastic elements in GA and SO (males only),
and slower velocity-dependent properties for TA and
GA (males only). It was also hypothesized that models
with subject-specific muscle properties would give
more accurate joint torque predictions than with

generic properties. The optimized subject-specific
models gave relatively good predictions of dorsi- and
plantarflexion experimental isovelocity torque-time
histories for concentric efforts, but were less accurate
for eccentric conditions. Prediction errors were about
twice as large when using generic muscle properties.

Muscle Mechanical Properties

Isometric FL Parameters

The modeling results showed age-related decre-
ments in P0 for the GA and SO in males but not
females. Similar age and gender interactions have been
reported for maximal isometric plantarflexor torque,40

and could be explained by age-related decreases in
male testosterone concentrations,28 which leads to
decreased muscle mass.5 There were no age or gender
differences for TA P0, which agrees with previous
research showing no age-related declines in maximal
dorsiflexion torque56 (but disagrees with others42).
These disparate findings are most likely due to subject
populations; our relatively active older adults may
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have better preserved dorsiflexor strength through
daily activities like walking.

Previous work has examined age-related changes in
the torque–angle (Th) relation,42 but to our knowledge,
age-related changes in individual muscle force–length
(FL) relations have not been examined in humans. For
older adults the model predicted a narrower FL rela-
tion (smaller W) for the TA but a wider relation for the
GA, compared to young. This could stem from age-
related differences in muscle moment arm vs. joint
angle relations,42 which could be driven by changes in
tendon-routing and/or alterations in connective tissue
properties.39 Such changes would not be captured by
the present model, since the shape of the moment arm
vs. joint angle relation was the same for all subjects.
Older adults were predicted to have longer optimum
SO fiber length (L0) compared to young, which runs
counter to expectations from studies showing an
age-related decrease in the number of in-series sacro-
meres.49 This discrepancy may again be due to age-
related changes in moment arms, which would have

altered the Th relations that the model was attempting
to fit.

FDL Parameters

For the force–extension (FDL) relation, the model
predicted the GA and SO to be stiffer in older adults,
with no age-related differences for TA. Such an
increase in plantarflexor stiffness is supported by the
literature.51 The lack of age-related differences in TA
stiffness could reflect relatively well-preserved TA
function, as TA strength (P0) was maintained in the
older adults. Although the GA was stiffer in both
genders, the SO was stiffer in older males only. Such
SO versus GA differences might be related to size and
fiber composition, as slow-twitch muscle fibers are
stiffer than fast-twitch.60 Note that the modeled series
elastic component stiffness represents the lumped
elasticity within the external tendon, internal aponeu-
rosis, and sacromeres. The model also showed that
males had longer TA and GA series-elastic slack lengths

TABLE 2. Optimized muscle mechanical properties for Phase 1 (isometric simulations).

Muscle Group P0 (N)

Force–length (FL) Force–extension (FDL)

L0 (cm) W LS (cm) a b K400 (N/Dcm)

TA YM 666 ± 244 7.0 ± 1.2 0.72 ± 0.08 24.1 ± 1.1 605 ± 256 15 ± 20 1067 ± 217

YF 562 ± 157 6.5 ± 1.0 0.62 ± 0.09 21.7 ± 2.3 449 ± 306 7 ± 3 894 ± 206

OM 534 ± 105 6.7 ± 1.4 0.57 ± 0.12 23.9 ± 1.6 817 ± 947 11 ± 10 928 ± 489

OF 588 ± 240 6.5 ± 0.6 0.58 ± 0.08 22.5 ± 1.6 1255 ± 1277 6 ± 3 1257 ± 492

Age effect 0.516 0.770 0.020* 0.637 0.144 0.551 0.254

Gender effect 0.762 0.453 0.238 0.014* 0.678 0.177 0.742

Interaction 0.332 0.805 0.178 0.468 0.385 0.764 0.295

GA YM 1637 ± 714 5.8 ± 0.8 0.70 ± 0.09 37.0 ± 2.5 311 ± 293 10 ± 8 809 ± 242

YF 786 ± 272 5.6 ± 0.6 0.71 ± 0.08 33.6 ± 2.7 764 ± 797 13 ± 9 891 ± 270

OM 615 ± 267 6.3 ± 0.2 0.79 ± 0.01 36.7 ± 1.6 2936 ± 2542 15 ± 18 1288 ± 387

OF 697 ± 280 5.9 ± 0.3 0.79 ± 0.02 34.9 ± 2.0 1174 ± 1561 16 ± 13 993 ± 874

Age effect 0.004* 0.094 0.005* 0.556 0.034* 0.490 0.015*

Gender effect 0.036* 0.233 0.760 0.012* 0.337 0.695 0.341

Interaction 0.013* 0.747 0.812 0.411 0.112 0.836 0.051

SO YM 1832 ± 785 4.5 ± 0.9 0.74 ± 0.03 24.4 ± 1.9 310 ± 280 11 ± 9 1340 ± 331

YF 953 ± 351 4.4 ± 0.4 0.75 ± 0.08 22.1 ± 2.6 756 ± 821 13 ± 10 1518 ± 514

OM 828 ± 344 5.2 ± 0.4 0.65 ± 0.14 24.4 ± 1.4 3184 ± 2866 15 ± 19 2368 ± 819

OF 1172 ± 489 4.8 ± 0.6 0.75 ± 0.08 23.3 ± 1.5 1140 ± 1420 16 ± 14 1942 ± 1294

Age effect 0.079 0.043* 0.244 0.459 0.033* 0.511 0.013*

Gender effect 0.222 0.292 0.218 0.051 0.275 0.760 0.278

Interaction 0.009* 0.681 0.232 0.467 0.096 0.977 0.044*

TA SIMM 674 6.8 0.54 24.1 0 37.4 1049

GA SIMM 1914 4.4 0.54 28.2 0 37.4 1049

SO SIMM 3586 5.4 0.54 39.1 0 37.4 1049

Abbreviations TA: tibialis anterior (includes all anterior compartment leg muscles); GA: gastrocnemius; SO: soleus; YM: young male; YF:

young female; OM: older male; OF: older female; P0: maximum isometric force capability; L0: optimal contractile element length; W: width of

force–length relation; LS: series-elastic element slack length; a, b: coefficients defining series-elastic element force–extension relation; K400:

slope of force–extension relation at 400 N; SIMM: parameters taken from a freely available model of the lower limb2 used in the musculo-

skeletal modeling software SIMM.16

*Significant at p < 0.05.
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(LS) compared to females, possibly due to gender dif-
ferences in limb length (Table 1).

Dynamic FV Parameters

There was an age-related decrease in TA velocity-
dependent force capability for both concentric and
eccentric velocities. Specifically, the model predicted a
decrease in the maximal shortening velocity vMax and
the related b/L0 shape parameter, consistent with the
well-known age-related decrease in the size and/or
number of fast-twitch Type II muscle fibers.37 For the
GA there was an age by gender interaction, with older
males having smaller a/P0 and b/L0 compared to
young males, but no age differences among females. A
smaller shape parameter a/P0 makes the FV relation
more concave, decreasing the relative force for a given
shortening velocity. Again this gender interaction
could be the result of an older female group which
overall showed less age-related changes than the males.

For some subjects, values for TA and SO a/P0 were
close to or against the lower constraint boundary

(a/P0 = 0.15). According to Diffee et al.,17 slower mus-
cles typically have higher degrees of curvature in the
force–velocity relation, with correspondingly smaller
a/P0 values that could approach 0.10. Compared to the
GA, the TA and SO have larger percentages of slow-
twitch fibers (~70%31 and ~88%,38 respectively), which
agrees with the trend in the model a/P0 estimates. How-
ever, our lower constraint boundary may have been
conservative for some subjects. Also, the young subject
TAeccentricplateau ewas in somecases against theupper
constraint boundary (e = 3), which is above literature
reports.15 This could be due to (1) e defining a true force
plateau, compared to studies in which the eccentric force
rises past e at a constant slope,54 (2) the use of fewer
eccentric data points in the model fits compared to con-
centric (3 vs. 10 points), and (3) eccentric trials not
reaching the same high velocities as concentric.

Prediction Errors

Simulations were performed to determine how well a
model with optimized subject-specific muscle properties

TABLE 3. Optimized muscle mechanical properties for Phase 2 (isovelocity simulations).

Muscle Group a/P0 b/L0 (s21) e vMax (L0/s)

TA YM 0.18 ± 0.06L 2.17 ± 0.37 2.58 ± 0.53U 12.8 ± 2.6

YF 0.18 ± 0.04L 2.30 ± 0.39 2.93 ± 0.14U 13.2 ± 2.5

OM 0.16 ± 0.02L 1.66 ± 0.35 2.18 ± 0.50 10.5 ± 2.3

OF 0.16 ± 0.02L 1.84 ± 0.53 2.49 ± 0.56 11.2 ± 2.1

Age effect 0.287 0.010* 0.039* 0.042*

Gender effect 0.866 0.365 0.095 0.568

Interaction 0.978 0.885 0.918 0.854

GA YM 0.49 ± 0.11 6.31 ± 1.71 2.45 ± 0.53 12.7 ± 2.1

YF 0.23 ± 0.09 2.73 ± 0.86 2.39 ± 0.57 12.2 ± 2.2

OM 0.27 ± 0.16 2.77 ± 1.43 2.06 ± 0.74 10.9 ± 2.4

OF 0.27 ± 0.17 2.65 ± 1.28 2.39 ± 0.65 10.6 ± 2.6

Age effect 0.120 0.004* 0.464 0.107

Gender effect 0.038* 0.004* 0.623 0.672

Interaction 0.041* 0.006* 0.477 0.889

SO YM 0.20 ± 0.11L 2.06 ± 0.99 2.42 ± 0.51 10.6 ± 1.5

YF 0.17 ± 0.05L 1.74 ± 0.74 2.43 ± 0.64 9.8 ± 1.1

OM 0.25 ± 0.16L 2.01 ± 1.00 2.11 ± 0.71 8.6 ± 1.2

OF 0.18 ± 0.07L 1.71 ± 0.50 2.32 ± 0.62 9.7 ± 2.7

Age effect 0.524 0.908 0.437 0.189

Gender effect 0.330 0.381 0.666 0.831

Interaction 0.675 0.974 0.702 0.225

TA SIMM 0.25 2.53 1.80 10.0

GA SIMM 0.25 2.53 1.80 10.0

SO SIMM 0.25 2.53 1.80 10.0

Note Superscripts L and U indicate that for some subjects the optimized parameter values were against either a lower or upper constraint

boundary, respectively.

Abbreviations TA: tibialis anterior (includes all anterior compartment leg muscles); GA: gastrocnemius; SO: soleus; YM: young male; YF:

young female; OM: older male; OF: older female; a/P0 and b/L0: shape coefficients for force–velocity relation; e: eccentric plateau of force–

velocity relation; vMax: maximum contraction velocity; SIMM: parameters taken from a freely available model of the lower limb2 used in the

musculoskeletal modeling software SIMM.16

*Significant at p < 0.05.
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could predict experimental torque time-histories. Pre-
diction errors were relatively small for concentric con-
ditions (10–14%), but greater for eccentric conditions
(17–29%). Part of this increase is an artifact because
errors are expressed relative to maximal isometric tor-
que, with eccentric torques on average 1.37 times above
the maximal isometric torque and concentric torque
always below due to force–velocity effects.30 This arti-
fact would explain eccentric errors increasing to about
14–21%. The additional error could be due to sub-
maximal eccentric activation,20 present in the experi-
mental trials but not the simulated ones. In general,
eccentric contractions are more variable than concen-
tric, possibly due to non-uniform sarcomere behav-
ior,48 which would lead to increased predictions errors
due to muscle dynamics not included in the model.

Other studies have used optimization techniques to
‘‘calibrate’’ musculoskeletal model parameters to indi-
vidual young adults24 including the ‘‘EMG driven’’
models of Buchanan and colleagues.10,55 Buchanan
reported prediction errors of ~9% and ~10–15% for
ankle torque during locomotion in healthy young adults
and older stroke patients, respectively. Our 10–14%
concentric prediction errors are similar to these earlier
studies. Our larger eccentric errors may be due to dif-
ferences in experimental conditions. In vivo ultrasound

measurements during human locomotion show near-
isometric behavior of plantarflexor fascicles,25 while our
dynamometer trials exhibited sustained eccentric mus-
cular efforts with high lengthening velocities and
torques.12 Also, we normalized torque prediction errors
to each subject’s maximal isometric torque, while
Buchanan normalized errors to the peak-to-peak joint
torque range during each experimental trial. If we nor-
malize our data this way concentric errors ‘‘increase’’ to
17–18%(young–old; dorsiflexion) and 24–27%(young–
old; plantarflexion). These ‘‘larger’’ errors are in part
due to high velocity trials with lower peak torques, in
which even a small absolute RMS error results in rela-
tively large normalized error. Indeed, if the highest three
concentric velocities are excluded, errors ‘‘decrease’’ to
15–17% (dorsiflexion) and 18–20% (plantarflexion).
Thus error comparisons using this individual trial nor-
malization are muddied by contractile velocity differ-
ences between locomotion and dynamometer trials.

Model accuracy was not affected by age, but torque-
time predictions became worse when generic (SIMM or
MEAN) muscle properties were used instead of subject-
specific. This expected but important finding should be
considered when modeling the musculoskeletal system.
The increased error with generic properties was partly
due to a shift in the force–length operating range
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because of generic optimal fiber and slack lengths,
which caused significant errors and large inter-subject
standard deviations. Because the generic models used
the same force–length, force–extension, and force–
velocity relations for all subjects, the model’s ability to
account for inter-individual differences was eliminated.

Limitations

As with any model, simplifications and assumptions
were made. We attempted to strike a balance between
model complexity and ease of interpretation. The
optimized TA properties represent those of multiple
muscles in the anterior compartment lumped together.
The GA and SO models include the effects of other
plantarflexor muscles (e.g., tibialis posterior), and
contributions from the medial and lateral heads of the
GA were combined. We assumed planar rotation
about the ankle joint, and that the foot was rigid with
no movement within the individual tarsal bones. This
was reasonable with the use of the rigid dynamometer
foot plate, although small changes in the ankle axis of
rotation could still occur.45

We assumed that muscle model excitation levels
instantly rose to a maximum and remained there,

based on our observations of measured EMG in the
isometric and isovelocity conditions. Previous work
has shown no age-related differences in the ability to
maximally excite muscles in either isometric or isove-
locity movements.41 In addition, the model did not
account for possible antagonistic co-contraction,11 and
therefore the modeled forces could be underestimated.

The force–length relation was a simplified parabolic
version of the sarcomere force–length relation,27 and
we did not account for possible changes in the optimal
contractile component length as a function of activa-
tion.36 We did not include pennation angle effects in
the simulations, although this factor was considered in
the PCSA calculations. These effects would be minor
due to the shape of the cosine function (e.g., even at
25� pennation, ~90% force is transmitted in the
direction of the tendon). The muscle models did not
include history dependence, such as force depression
following muscle fiber shortening18 or enhancement
following lengthening.19 This omission would cause
only small time-dependent estimation errors in the
predictions of muscle force during the simulations.

Due to ethical considerations, we are unable to
compare model muscle force and mechanical properties
with actual in vivo measurements. It has been shown
that musculoskeletal models are particularly sensitive
to errors in estimating moment arms35 and PCSA.9 A
sensitivity analysis for the effects of Hill-type muscle
model parameters on musculoskeletal model results54

demonstrated that the most sensitive parameters were
those defining the maximal isometric muscle force (P0),
the eccentric plateau (e), the force–length relation (L0

andW), and the series-elastic element elasticity (LS and
K). For the comparison of subject-specific and generic
prediction errors we changed all muscle properties
together; the effect of changing a single property to its
generic value was not tested.

CONCLUSIONS

This study demonstrated significant age-related
changes in the mechanical properties of the dorsiflex-
ors and individual plantarflexor muscles. Muscular
properties were computed using a combination of joint
measurements, muscle imaging, musculoskeletal mod-
eling, and numerical optimization. It was shown that
for maximum predictive power, musculoskeletal mod-
els should be tailored to individual subjects.

APPENDIX

Each muscle–tendon unit was represented by a two-
component Hill-type32 model. This phenomenological
lumped-parameter model incorporated a contractile
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element (CE) in series with an elastic element (SEE).
The behavior of the CE was defined by excitation–
activation, force–length, and force–velocity relations.
The behavior of the SEE was defined by a force–
extension relation. Both force–length and force–
velocity relations were linearly scaled with activation.

Excitation–Activation Relationship

An exponential characterized the relationship
between the excitation input to the muscle model and
the activation of the CE.7 Upon receiving an excitatory
input l, the time-course for rising CE activation k was

ki ¼ ki�1 þ li 1� e �Dt=sð Þ
� �

li � ki�1ð Þ
h i

ðA1Þ

where i denotes the sample number, Dt is the time-step,
and s is a time constant specifying the rate of activation.

Force–Length Relationship

The isometric force producing potential of the CE
(FP) depended on the maximal isometric force capa-
bility of the CE (P0), the activation (k), and normalized
CE length (LCE/L0). The latter specifies the position on
the force length relation, which is defined as an
inverted parabola with width coefficient W, such that

FP ¼ P0k 100 W
LCE

L0
� 1

� �2

þ1
" #

ðA2Þ

Force–Velocity Relationship

The force–velocity relation was defined by a rectan-
gular hyperbola based on Hill,33 which has been shown
in many experimental preparations.4,13,14 The shape of
this relation is determined by the constants a and b,
which can be expressed as normalized values a/P0 and
b/L0.

33 If the instantaneous force generated by the CE
(P) is less than FP the CE must be shortening, such that

vCE ¼ �
FPþ að Þb
Pþ að Þ � b

� �
ðA3Þ

where vCE is the CE velocity. If P is greater than FP, the
CEmust be lengthening. Therefore, based onFitzHugh22

vCE ¼
b FP � eð Þ � FP½ � FP� Pð Þ

FPþ að Þ P� FP � eð Þ½ � ðA4Þ

where e is the saturation force for an eccentric con-
traction (eccentric plateau).

Force–Extension Relationship

The amount of SEE extension for a given force
relative to the SEE slack length LS, i.e., the stiffness,

was defined by a second-order polynomial. The length
of the SEE (LSEE) was given by

LSEE ¼
LS

2P0a
2P0a� P0bþ

ffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffi
P2
0b

2 þ 4P0aP
q� �

ðA5Þ

where a and b are coefficients defining the shape of the
polynomial.

Muscle Model Force Change

The rate of change of muscle force with respect to
time is given by

dP

dt
¼

ffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffiffi
P2
0b

2 þ 4P0aP
q

LS
� vSEE ðA6Þ

where vSEE is the velocity of the SEE, given by

vSEE ¼ vMT � vCE ðA7Þ

where vMT is the velocity of the musculotendon com-
plex. During model simulation, this force change was
integrated to give the muscle force at the next time
step.
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