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Muscle mass is a determining factor in skeletal muscle function and is affected by inactivity, 
immobilization, disease, and aging. The aim of this study was to develop an objective and time- 
efficientmethod to quantify the volume and cross-sectional area of human calf muscles using 
three-dimensional magnetic resonance images. We have estimated the errors incurred in muscle 
volume measurements arising from artifacts known to occur in magnetic resonance imaging (MRI). 
The largest source of error was due to partial volume effects, which resulted in overestimation of 
phantom volumes ranging from 145 to 900 cc by 6% to 13%. The magnitude of this effect has been 
shown to increase with decreasing object size and decreasing spatial resolution. We have presented 
a straightforward correction for this effect, which has reduced the volume measurement error to less 
than 4% for all cases. Through the use of computer simulations, the correction algorithm has been 
shown to be independent of object shape and orientation. To reduce user subjectivity, a semiauto- 
mated computer program has been developed to segment MRI data for particular muscle groups. 
Images from seven human subjects were analyzed by the program, yielding muscle volumes of 
154.2 +_ 23.2, 281.2 _+ 35.8, and 432.2 +_ 83.7 for the lateral gastrocnemius, medial gastrocnemius, and 
soleus, respectively. 

Keywords: segmentation, image processing software, computer assisted, correction, cross-sectional 
area, atrophy. 

INTRODUCTION 

Muscle a t rophy  is a c o m m o n  clinical p h e n o m e n o n  ob- 
served as a result of inactivity or disuse [1,2]. Short- 
t e rm muscle  a t rophy  is observed after immobil izat ion,  
bed rest, a change in lifestyle, or a specific disease 
process.  One of the mos t  impor tant  causes of a t rophy,  
however ,  is aging. Over  the age of 60, muscle  mass  
decreases at the rate of approximate ly  1% per  year  in 
bo th  m e n  and w o m e n  [3-5]. Quant i ta t ive de termina-  
tion of muscle  vo lume  and cross-sectional area can 
p rove  useful  in moni tor ing  the progress ion of a t rophy  
and the therapeut ic  effects of intervention. The a im of 
this s t u d y  was  to deve lop  an objective and  t ime- 
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efficient me thod  for quantification of the vo lume  and 
cross-sectional area of h u m a n  calf muscles,  specifically 
the media l  gastrocnemius,  lateral gastrocnemius,  and 
soleus. 

Magnetic resonance imaging  is the me thod  of choice 
for in vivo vo lume  measu remen t s  because of its high 
sensitivity to soft t issue and  its noninvas ive  nature. 
For the m e a s u r e m e n t  of vo lumes  with  adequate  pre- 
cision, high-resolut ion image  data sets are needed.  
Moreover ,  Gibbs  et al. [6] have  shown  that  three- 
d imensional  (3D) imaging  schemes al low for more  ac- 
curate  v o l u m e  de te rmina t ion  than  do two-d imen-  
sional (2D), multislice experiments .  As a result, high- 
resolution p ro ton  MRI over  vo lumes  the size of the 
h u m a n  calf will typically consist of several  million 
data points. Fortunately,  the past  few years  have  seen 
the deve lopmen t  of fast imaging sequences [7] that 
allow acquisition of such large data sets in reasonable 
amounts  of time. Another  exper imenta l  constraint  for 
determinat ion of muscle  vo lumes  is the need to dis- 
t inguish muscle  tissue f rom nonmuscle  tissue, pr imar-  
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ily fat. A variety of techniques exist to generate such 
contrast in MRI, including T 2 weighting, inversion re- 
covery, and chemically selective saturation [8,9]. 

Several artifacts can lead to errors in the estimation 
of tissue volumes from magnetic resonance imaging 
data. The authors are aware of three major sources of 
such artifacts: (1) Gibbs ringing due to data truncation, 
(2) nonlinear or poorly calibrated magnetic field gra- 
dients, and (3) partial volume filling of surface voxels. 
For accurate volume estimates from 3D MRI data, 
each of these sources of error has been examined. In 
the case of partial volume effects, the degree of error 
was found to be unacceptably high, and a correction 
method is described. 

To obtain volumetric information on human skeletal 
muscle, we have developed an interactive computer 
program, EXTRACTOR, which is used to segment 
three-dimensional MRI data sets according to distinct 
muscle groups. The program permits the interactive 
selection of standard image-processing operations, in- 
cluding pixel intensity thresholding, seed growing, 
boundary tracing, and morphological erosion and di- 
lation [10]. Segmentation of a data set can be per- 
formed either as a sequence of 2D operations on each 
slice or with 3D operations on the entire volume or 
specified subvolume. 

METHODS 

Human subjects 

MRIs were performed on seven human subjects, four 
male and three female. The subjects ranged from 19 to 
50 years of age, with a mean age of 32.14. Images of the 
right leg extending from the malleolus to midthigh 
were obtained as described below. 

Phantoms 

For validation of the accuracy of our volumetric mea- 
surements, six roughly spherical phantoms consisting 
of balloons filled with tap water were imaged with the 
protocol described below. The phantom volumes 
ranged from 145 to 900 cc, which approximately spans 
the range of the muscles of the human calf [11]. The 
experiments were repeated for different orientations 
of the phantoms relative to the radiofrequency (RF) 
coil and the main magnetic field. 

MRI data acquisition 

Proton density magnetic resonance images of the hu- 
man subjects and the phantoms were obtained with a 
3D fast-gradient echo sequence on a 1.5T GE Signa 
(General Electric Medical Systems, Milwaukee, WI) 
whole-body system. The data were acquired with a 
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birdcage extremity coil with TR = 100 ms, TE = 10 ms, 
and a flip angle of 30 ~ The images were acquired in 
three sets, each with an encoding matrix of 256 x 256 
x 28 and a field of view (FOV) of 16 x 16 x 19.6 Cmo 
This yielded a nominal voxel size of 2.73 mm 3. The 
field of view was chosen using a coronal localizing 
image. Each acquisition took 9 minutes, resulting in a 
total experiment time of approximately 40 minutes. 

Given the large data sets involved, the lengthy ac- 
quisition schemes of T2-weighted and inversion recov- 
ery imaging make those techniques unfeasible. Con- 
sequently, chemically selective fat suppression, which 
adds very little to the time length of the experiment, 
was employed to enhance the definition between 
muscle groups and to exclude infiltrated fat from 
muscle volume calculations. 

Data analysis 

A widgetized, user-guided computer program was 
developed to enable the extraction of individual 
muscle volumes from the 3D MRI data. The operator 
is allowed to select from a standard menu of image- 
processing operations to manipulate a data set. The 
sequence of operations used in this study proceeds as 
follows. First, an image intensity threshold is selected 
to identify pixels that contain signal from muscle tis- 
sue and to reject pixels with low signal intensity. Next, 
a combination of boundary tracing and morphological 
erosion is performed to isolate the contiguous set of 
voxels that comprises a particular muscle. At the spa- 
tial resolution limits imposed by practical time con- 
siderations, we were not able to isolate completely the 
muscles of the lower leg without user-driven bound- 
ary tracing. After a muscle has been isolated, a seed- 
growing algorithm is used to retain only contiguous 
voxels within a single muscle. Voxel counting, with a 
calibrated gradient system providing the voxel vol- 
ume, is used to convert pixel volumes and areas to 
physical units (e.g., cm3). 

Correction for partial volume effects 

Volume estimates obtained by simple counting of all 
voxels within an object can result in substantial error 
due to partial filling of surface voxels [12,13]. This 
arises from the fact that the voxels comprising the sur- 
face of an object on average contain less than a full 
voxel volume worth of the object. Counting surface 
voxels equally with interior voxels will result in over- 
estimation of the object's total volume. A variety of 
algorithms can correct for this error [12-16]. We have 
implemented the following straightforward solution: 

1. A morphologic erosion with a cubic erosion ker- 
nel 3 voxels wide is performed on the object. This 
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effectively removes any voxel in the object which 
neighbors a voxel not in the object. The result is a 
mask for the interior voxels of the object. 

2. The Boolean difference between the original vol- 
ume and the eroded volume is taken, yielding a 
mask for the surface voxels of the object. 

3. The total volume (in voxel volume units) of the 
object is computed as: volume = 1.0- (# of interior 
voxels) + (filling fraction). (# of surface voxels). 

The "filling fraction" term is the average of the frac- 
tion of all surface voxels that is occupied by the object. 
The pixel intensity threshold used to.segment the ob- 
ject determines the value of this term. If a threshold of 
zero were used (i.e., any voxel containing any amount 
of the object is included), the filling fraction would be 
V2 because, on average, each surface voxel is half- 
filled. Signal-to-noise ratio (SNR) constraints, among 
others, dictate the need for higher intensity threshold 
levels. Accordingly, we estimate the filling fraction 
value to be as follows: 

max pixet intensity 

R E S U L T S  

Computer  s imulat ion of  partial v o l u m e  correction 

The accuracy of volume determination from MRI data 
was assessed using computer simulations. Spherical 
objects with volumes ranging from 150 to 1000 cc were 
simulated when digitized with the resolution de- 
scribed in the MR[ methods above. The simulations 
were repeated for spheres with their centers in three 
alignments relative to the voxel grid. The object cen- 
ters (i) coincided with the center of a voxel, (ii) coin- 
cided with a voxel vertex, and (iii) coincided with a 
voxel edge. In all simulations, perfect gradient calibra- 
tion was assumed (i.e., voxel volumes were precisely 
known). Figure 1 shows the resulting volume mea- 
surements that would be obtained if equally weighted 
'~'oxel counting were used. All volumes were overes- 
timated, ranging in error from approximately 7% to 
15%. Moreover, the error was essentially independent 
of object position relative to the voxeI grid. The degree 
of overestimation decreased as the relative resolution 
increased (i.e., the number of voxels spanning the ob- 
ject increased). The partial volume correction algo- 
rithm detailed above was then applied to the simula- 
:)n results. With this correction applied all volume 

estimates were correct to within 1%. 
The simulation was repeated for ellipsoidal objects 

whose major axis to minor axis ratios ranged from 
1.5:1 to 2.5:1. The degree of volume overestimation 
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Fig. 1. Computer simulation results for spherical objects 
imaged with the voxel resolution used in the MRI experi- 
ments. Calculations were done for spheres centered at a 
voxel center, centered at a voxel edge, and centered at a 
voxel vertex. Computed volume error as a percentage of 
actual volume is shown for simple voxel counting (top 
traces) and after application of the partial volume correc- 
tion described in the text (bottom traces). 

increased with elliptical eccentricity and ranged from 
approximately 10% to 29%. The partial volume correc- 
tion algorithm was able to reduce the error to less than 
2.5% independent of ellipsoidal shape (see Fig. 2). 

Phantom measurements  

The phantom MR[ data were analyzed with the EX- 
TRACTOR computer program. In good agreement 
with the simulation results, the uncorrected volume 
estimates ranged in error from 6% to 13%. The appli- 
cation of the partial volume correction algorithm to 
the phantom data is shown in Fig. 3. In all cases, the 
corrected volumes were closer to the true values, with 
percentage errors reduced by at least a factor of 3. The 
maximum error of the corrected volumes was 4% for 
the smallest phantom (145 cc) and was less than 1% for 
the phantoms with volumes of 345 cc and more. 

Human measurements  

Trained operators segmented the images for the 
muscle groups described above. The average time re- 
quired to segment an individual muscle from all three 
data sets spanning the calf was approximately 45 min- 
utes. To assess the degree of interoperator variability, 
different operators processed nine muscles from three 
subjects (three soleus, three lateral gastrocnemius, and 
three medial gastrocnemius). The volumes deter- 
mined by each operator are plotted against each other 
in Fig. 4. The maximum variation in estimated muscle 
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Fig. 2. Computer simulation results for ellipsoidal ob- 
jects imaged with the voxel resolution used in the MRI 
experiments. Calculations were performed for ellipsoids 
with major-to-minor-axis ratios of 2.5:1, 2:1, and 1.5:1. 
Computed volume error as a percentage of actual vol- 
ume is shown for simple voxel counting (top traces) and 
after application of the partial volume correction (bottom 
traces). 

volume between operators was 4.3%, and the correla- 
tion coefficient was 0.996. 

Table 1 shows the mean muscle volume of all ana- 
lyzed subjects broken down by muscle group (n = 7). 
The average percentage of change in volume estima- 
tion due to the partial volume correction was -8.8%, 
-8.0%, and -7.2% for the lateral gastrocnemius, me- 
dial gastrocnemius, and soleus, respectively. In agree- 
ment with the phantom results, the percentage of 
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Fig. 3. Volume estimates from the phantom MRI experi- 
ments. Volumes were obtained using the EXTRACTOR 
computer program using simple voxel counting (top 
trace) and after application of partial volume correction 
(bottom trace). 
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Fig. 4. Comparison of interoperator variability in muscle 
volume determination. Muscle volumes as determined 
by different operators are plotted against each other for 
the lateral gastrocnemius, medial gastrocnemius, and 
soleus muscles of three subjects. 

change in estimated volume increased with decreas- 
ing object size (Fig. 5). 

DISCUSSION 

Through the use of computer simulations and phan- 
tom experiments, we have shown that simple voxel 
counting can result in significant errors in volume cal- 
culation. The primary source of this error derives from 
the inclusion of voxels on the surface of an object 
which are only partially filled with signal. The mag- 
nitude of the error increases with decreasing object 
size because of the greater proportion of all voxels 
contained in the object which are surface voxels. The 
effect is minimized for spherical objects, which have 
the lowest ratio of surface area to volume. As ex- 
pected, the effect increases for elongated objects. For 
imaging schemes with unequal voxel dimensions (i.e., 
noncubic voxels), the effect can depend on object or i -  

Table 1. Muscle volumes as determined by simple 
voxel counting and after partial volume correction for 
the muscles of the human triceps surae. 

Partial volume 
Voxel counting correction 

Muscle volume (cc) volume (cc) % Change 

LG 169.1 (24.4) 154.2 (23.2) -8.8 
MG 305.7 (37.4) 281.2 (35.8) -8.0 
Soleus 465.7 (87.8) 432.2 (83.7) -7.2 

Abbreviations: LG--lateral gastrocnemius; MG--medial gas- 
trocnemius. 
Values are means (SD). 
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entation, as the number of voxels spanning the object 
will be different. For minimization of the error in vol- 
ume estimation, the number of voxels contained by 
the object should be maximized. In general, this can be 
accomplished by coinciding the highest resolution di- 
mension with the longest axis of the object. 

Our investigations demonstrate that partial volume 
effects can lead to errors as large as 15% in the volume 
measurement of the human triceps surae using high- 
resolution 3D MRI. To counteract  this effect, a 
straightforward correction has been implemented, 
which is applied postacquisition to the reconstructed 
MR image. The correction algorithm is robust, reduc- 
ing the error from 13% to less than 4% in phantom 
studies, as well as demonstrating insensitivity to ob- 
ject shape in computer simulations. Application of the 
correction algorithm in human studies has resulted in 
an average reduction of estimated muscle volumes 
ranging from 8.8% for the lateral gastrocnemius to 
7.2% for the soleus. The magnitude of the volume cor- 
rection is smaller in the in vivo results as compared to 
the phantom and the simulation results because a 
higher pixel intensity threshold was used in the in vivo 
experiments. Lower SNR and imperfect suppression 
of fat necessitated higher threshold values for the in 
vivo data. 

Partial volume effects can be quite complex. Hughes 
et al. [17] found that partial volume filling caused un- 
derestimation of volumes from computed tomo- 
graphic (CT) data. This is not contradictory to our 
finding, but rather shows the effect when the selected 
pixel intensity threshold is high. In this case, more 
than half of an object's surface voxels will fail to be 

LG MG SOL 
Muscle Group 

Fig. 5. Average volumes of the lateral gastrocnemius, 
medial gastrocnemius, and soleus muscles determined 
by voxel counting (raw) and partial volume correction 
(corrected) for n = 7 subjects. Error bars show the stan- 
dard deviation of each population. 

included in the segmented volume, and the volume 
will be underestimated. Consequently, the partial vol- 
ume correction described in this communication per- 
forms a weighting of surface voxels based on the 
threshold value employed in the segmentation. In 
practice, the threshold should be selected as low as 
possible without including an unacceptable amount of 
contamination from noise or non-muscle tissue filled 
voxels. 

User subjectivity is often another major source of 
precision error in image quantitation. To minimize 
this effect, we have developed a semiautomated com- 
puter program to segment magnetic resonance im- 
ages. While requiring human input, primarily in the 
form of boundary tracing, a sufficient amount of au- 
tomation has been incorporated in the process to re- 
duce user bias in the measurement of human calf 
muscles to less than 5%. 

Calibration of the magnetic field gradients of the 
MR scanner is a prerequisite for volumetric measure- 
ments using MRI. The accuracy with which the nomi- 
nal dimensions of each voxel are known sets the upper 
limit on the accuracy with which volumes can be de- 
termined. In general, the minimum possible error in a 
volume measurement will be equal to the error be- 
tween the expected voxel volume and the actual voxel 
volume. For example, if a volume is computed assum- 
ing a voxel size that differs by 5% from its actual size, 
then the estimated volume will be in error by at least 
5%. This effect will be independent of the size of the 
object or the image resolution. The MRI scanner used 
in this study maintains a tolerance of 5% in its gradi- 
ent calibration. This was deemed acceptable for this 
study and no correction for this potential source of 
error was attempted. This decision is supported by the 
size dependence of the errors in the phantom mea- 
surements, which is inconsistent with errors due to 
gradient miscalibration. 

Truncation artifacts due to finite acquisition times 
can also result in significant errors in Fourier MR im- 
aging [18]. These artifacts appear as "ringing" in the 
sharp edges of the reconstructed image and can be 
mistaken for additional regions of signal in otherwise 
signal-free areas of the image. Consequently, volume 
estimates from MRI can be further overestimated be- 
cause of truncation artifacts. The magnitude of this 
effect increases with decreasing spatial resolution and 
can often be a problem in the phase-encoding dimen- 
sions of magnetic resonance images. Moreover, like 
partial volume effects, the relative magnitude of the 
effect increases with decreasing object size. However, 
at the resolution obtained in this study, truncation ar- 
tifacts do not appear to result in volume estimation 
errors of more than about 5% for the smallest volumes 
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of interest. It seems probable  to the authors  that the 
residual  error in the vo lume  est imation of the two 
smallest  phan toms  (see Fig. 3) is due  to truncation 
artifacts. Correction for this effect is far f rom trivial 
and,  at present,  no correction for this residual  error 
has been  under taken.  

The EXTRACTOR compute r  p r o g r a m  was  wri t ten 
in the IDL p r o g r a m m i n g  language  manufac tu red  by  
Research Systems, Inc., Boulder,  Colorado,  USA. The 
p r o g r a m  is avai lable  free of charge  via FTP f rom 
ftp.mmrrcc.upenn.edu (130.91.196.205) or  f r o m  the 
World  Wide Web at http://www.mmrrcc.upenn.edu. 
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