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Abstract

In 3He magnetic resonance images of pulmonary air spaces, the confining architecture of the parenchymal tissue results in a non-
Gaussian distribution of signal phase that non-exponentially attenuates image intensity as diffusion weighting is increased. Here, two
approaches previously used for the analysis of non-Gaussian effects in the lung are compared and related using diffusion-weighted
3He MR images of mechanically ventilated rats. One approach is model-based and was presented by Yablonskiy et al., while the other
approach utilizes the second order decay contribution that is predicted from the cumulant expansion theorem. Total lung coverage is
achieved using a hybrid 3D pulse sequence that combines conventional phase encoding with sparse radial sampling for efficient gas usage.
This enables the acquisition of nine 3D images using a total of only �1 L of hyperpolarized 3He gas. Diffusion weighting ranges from
0 s/cm2 to 40 s/cm2. Results show that the non-Gaussian effects of 3He gas diffusion in healthy rat lungs are directly attributed to the
anisotropic geometry of lung microstructure as predicted by the Yablonskiy model, and that quantitative analysis over the entire lung
can be reliably repeated in time-course studies of the same animal.
� 2007 Elsevier Inc. All rights reserved.
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1. Introduction

Hyperpolarized 3He gas is currently the most sensitive
signal source for visualizing pulmonary air spaces with
magnetic resonance imaging (MRI) [1–3]. Its high rate of
diffusion (i.e., Brownian motion) is also easily measured
and is sensitive to the confining effects of lung tissue [4–
6]. Approaches for exploiting this to probe lung micro-
structure utilize pulsed magnetic field gradients that impart
additional phase to the signal detected from diffusing mol-
ecules [7]. The effect on images acquired using different gra-
dient strengths reflects the influence of airway architecture
on the underlying gas dynamics [8–10].

In a free gas where molecular diffusion is unencumbered
by surrounding lung tissue, the random nature of Brown-
ian displacements leads to a Gaussian distribution of
phases in each resolved volume element [11]. Under these
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conditions, image intensity decays exponentially with the
gas diffusion coefficient D as sensitivity to motion is
increased by application of stronger and stronger gradi-
ents. By comparison, the effects of gas diffusion in the lung
are not as well understood and generally vary depending on
employed motion sensitization and local lung structure
[12,13]. Results from different studies are therefore often
difficult to compare and uncertainty remains concerning
available information content.

Historically, sensitivity to molecular diffusion in MRI
has been quantified using a so-called b-value, which
describes the degree of diffusion weighting. In diffusion-
weighted imaging experiments performed with low b-val-
ues, the phase accumulated by diffusing molecules is small
and the phase distribution is always well approximated by
a Gaussian function [14]. Under these conditions, an expo-
nential analysis of measured image decay is rigorously jus-
tified. In the lung, this Gaussian approximation has been
widely exploited for measuring an apparent diffusion coef-
ficient (ADC) of 3He gas (cf. [15–17]). In lung, the ADC is
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generally much lower than D because pulmonary tissue
impedes molecular displacements. In healthy human lung
using diffusion times of a few ms, for example, the ADC
for 3He is approximately 0.2 cm2/s—about a factor of four
lower than D of freely diffusing 3He in air [6].

Although previous work confirms that the ADC of 3He
is sensitive to changes in lung microstructure [8,9,15,18],
diffusion-inhibiting structures can result in a substantial
deviation from a Gaussian phase distribution. This devia-
tion is manifested through non-exponential signal decay
when images are acquired using large b-values [11]. There-
fore, additional information than that embodied by the
ADC is potentially available for probing lung structure.
The study of these non-Gaussian effects, however, is tech-
nically challenging since more b-values, and more polarized
gas, are generally required to define the non-exponential
behavior of the measured signal. Therefore, such studies
in conjunction with three-dimensional (3D) imaging of
the entire lung require careful gas management and have
not yet been reported. Moreover, alternative methods pre-
viously employed for analyzing non-Gaussian effects
remain to be compared or related. Hence, key questions
remain: which analysis methods are most appropriate,
under what conditions should they be applied, and how
reproducible are derived parameters? In this study each
of these outstanding issues is addressed using 3D diffu-
sion-weighted 3He MR images of mechanically ventilated
rats. Results are thus relevant to the future utilization of
non-Gaussian 3He diffusion as a potential diagnostic tool
for probing lung microstructure.

1.1. Theoretical review of non-Gaussian diffusion effects

At low b-values, when the phase accumulated by moving
spins is small, the Gaussian approximation is valid and the
signal S in diffusion-weighted images exhibits an exponen-
tial decay, such that

S ¼ S0 exp½�bDapp�: ð1Þ

Here, S0 is the signal in an image acquired with no dif-
fusion weighting and Dapp is the apparent diffusion coeffi-
cient (ADC) [7]. For bipolar, diffusion sensitizing
gradient pulses, the b-value is defined as:

b ¼ c2G2d2ðD� d=3Þ; ð2Þ

where c is the gyromagnetic ratio, G is the strength of the
bipolar gradients, d is the gradient duration, and D is the
gradient separation [19].

In many biological tissues, the observed signal attenua-
tion measured using higher b-values is not exponential and
cannot be accurately fit using Eq. (1). Generally, this is an
indication that accumulated spin phase is not Gaussian dis-
tributed, or is perhaps characterized by a combination of
multiple Gaussian distributions [20,21]. In practice, this sit-
uation can arise from the presence of boundaries that
restrict diffusion within each resolved volume element
(voxel). In an effort to describe non-Gaussian diffusion of
3He gas in the lung, one recent study [22] incorporated
the next higher order decay contribution that is predicted
from the cumulant expansion theorem. With this
approach, the predicted signal decay is described by
[21,23]:
S ¼ S0 exp �bDapp þ
Kapp

6
ðbDappÞ2

� �
: ð3Þ
Here, Kapp is termed the apparent diffusional kurtosis
(ADK).

In previous work, Trampel et al. [22] measured the ADK
in vivo in human lungs. Since the ADK is proportional to
the fourth moment of molecular displacements, they
hypothesized that it should be more sensitive than the
ADC to diffusive displacements in structures larger than
alveoli, such as bronchiolar airways. By using HP 3He
imaging with b-values ranging from 0 to 15 s/cm2, they
showed that Eq. (3) indeed described the signal decay more
precisely than Eq. (1). However, the ADK was not related
to specific physiological parameters. Herein, we show that
the ADK is in fact related to the diffusion anisotropy and
that it should therefore be sensitive to changes in tissue
organization that affect the anisotropy. In analogous work
focusing on water diffusion, Kiselev and Il’yasov [21] per-
formed diffusion-weighted MRI of brain tissue and found
the MRI signal decay in gray matter is well described by
Eq. (3). They also specified critical values of b below which
the approximation in Eq. (3) fits the data well, but above
which higher order terms of the cumulant expansion are
needed. However, their critical values were expressed in
terms of a two-compartment diffusion-model that is com-
monly employed for brain tissue and is not appropriate
in the lung. In this work, we specify conditions for the valid
utilization of the kurtosis approach for the analysis of gas
diffusion in the lung.

From a practical standpoint, use of the kurtosis
approach shown in Eq. (3) is desirable since it assumes
no specific model of lung structure, and it is expressed in
terms of phenomenological transport coefficients (i.e., Dapp

and Kapp). In practice this affords flexible application.
However, the precise meaning of measured coefficients
and their relationship to underlying lung microstructure
remains unclear. By comparison, a model-based approach
for describing non-Gaussian diffusion effects in lung tissue
has been developed by Yablonskiy et al. [24]. This is based
on a simplified picture of the lung microstructure at the
alveolar and bronchiolar level. The model is based on the
assumption that a large number of randomly distributed
cylindrical airways are included in each image voxel, with
each bronchiole jacketed by open, spherical alveoli. This
physical description is well supported by histological
images of healthy rat lung tissue (cf. Fig. 1 of Ref [25]).

The Yablonskiy model [24] predicts that the diffusion
attenuated signal decay in the deep lung is given by:



Fig. 1. Test data were generated using the Yablonskiy model (Eq. (4),
solid line) and assumed values of D and DAN. The data were then fit to the
kurtosis equation (Eq. (3)) over various b-value intervals. Fit 1 corre-
sponds to the interval 0–3 s/cm2; Fit 2 to 0–10 s/cm2; Fit3 to 0–20 s/cm2;
and Fit 4 to 0–40 s/cm2. The critical b-value for these test data is bc� 3.3 s/
cm2. Results of the different fits are compared in Table 1.
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S ¼ S0 expð�bDÞ p
4bDAN

� �1=2

exp
bDAN

3

� �
U

ffiffiffiffiffiffiffiffiffiffiffiffi
bDAN

p� �
;

ð4Þ
where U(x) is the error function, D is the mean ADC, and
DAN is the anisotropy of the ADC. D and DAN are related
to DL, the ADC in the longitudinal direction (i.e., along a
small airway), and DT, the apparent diffusion transverse to
the airway by:

D ¼ 1

3
DL þ

2

3
DT ; DAN ¼ DL � DT : ð5Þ

In their work, Yablonskiy et al. acquired in vivo data
using six b-values in the range of 0–7.5 s/cm2 in both nor-
mal and emphysematous volunteers. They showed that DL

and DT are sensitive to emphysematous changes in lung
structure. They were also able to relate the mean airway
radius R to the transverse diffusivity DT by incorporating
the diffusion propagator solution to the diffusion equation
within a two-dimensional circle of radius R. The result gave
DT as a function of the mean airway radius R, the free 3He
diffusivity D0, and the timing parameters of the diffusion
weighting gradients (see Equation (8) of Ref. [24]). For this
calculation, it was assumed that the phase distribution is
Gaussian and that the alveolar walls are impenetrable.
Yablonskiy et al. emphasized that the relationship between
DT and R is only an approximation, and that R should be
considered as an apparent airway radius, particularly in
circumstances of tissue destruction such as in emphysema.
However, their calculations of R using this model were in
good agreement with histological data. We note that the
Yablonskiy model breaks down for situations of isotropic
diffusion, such as in large airways or with small voxel sizes.

To facilitate a direct comparison of the kurtosis descrip-
tion and the model-based approach of Yablonskiy et al.,
we now relate Eq. (3) with Eq. (4). This requires an expan-
sion of the error function in Eq. (4), which gives:

ln
S
S0

¼ �b D� DAN

3

� �
þ ln 1� bDAN

3
þ b2D2

AN

10
� � � �

� �
:

ð6Þ
By retaining the first three terms of the error function
expansion and by expanding the natural logarithm on the
right hand side of Eq. (6), the result is:

ln
S
S0

� �bDþ 2

45
b2D2

AN: ð7Þ

Direct comparison of Eq. (7) with the kurtosis description
in Eq. (3) reveals that D is equivalent to Dapp and:

Kapp ¼
4

15

D2
AN

D2
: ð8Þ

By relating Kapp to physiologically relevant parameters
through Eqs. (8) and (5), it achieves practical meaning
when applied to the lung. Indeed, because Kapp is propor-
tional to the square of the diffusion anisotropy, it should
be particularly sensitive to changes in the lung structures
that contribute to the anisotropy. In regions of the lung
where the diffusion anisotropy is small (i.e., when
DL � DT), such as in large airways, Kapp vanishes and the
signal decay becomes Gaussian. On the other hand, in
the deep lung where DAN is generally larger than D,
Kapp > 0 indicating non-Gaussian diffusion effects. We note
that Eq. (4) also reflects Gaussian diffusion in the limit of
DAN fi 0. An alternative derivation of Eq. (8) is presented
in the appendix.

Conditions for the valid application of the kurtosis
approach can now be defined in terms of a critical b-value
bc, or an approximate limit beyond which the kurtosis
approach and the Yablonskiy model no longer agree. The
expansion of the error function U(x) in Eq. (6) is accurate
to within 3% up to x � 1 when the first three terms are
retained. Therefore, from this approximation we have
bcDAN � 1, or:

bc �
1

DAN

: ð9Þ

The value of DAN measured by Yablonskiy et al. in
healthy human lung was �0.3 cm2/s [24], resulting in
bc � 3.3 s/cm2. This is similar to the value of DAN found
in rats in this study. To verify the critical b-value in Eq.
(9), an artificial data set was generated from Eq. (4) in a
b-value range up to 40 s/cm2 in steps of 0.01 s/cm2 and with
assumed values of DAN and D. Fig. 1 shows the results of a
least squares fit of Eq. (3) to the data over various ranges of
b-values. When data with b-values only up to �1/DAN are
included (i.e. Fit 1 of Fig. 1), the fit to Eq. (3) yields values
for Dapp and Kapp which, together with Eqs. (5) and (8),
nearly reproduce the originally assumed values for DAN

and D; see Table 1. As data from larger ranges of b-values
are included, the parameters resulting from fits to Eq. (3)
deviate increasingly from the original values, indicating



Table 1
Results from fitting the kurtosis approach (Eq. (3)) to test data that were
synthesized using the Yablonskiy model (Eq. (4)) and the assumed values
of D and DAN, which were typical of rat imaging results in this study

b-range
(s/cm2)

D
(cm2/s

DAN

(cm2/s)
DL

(cm2/s)
DT

(cm2/s)
K

0.111a 0.299a 0.310b 0.011b 1.935c

0–3 0.111 0.285 0.301 0.016 1.774
0–10 0.107 0.251 0.274 0.023 1.472
0–20 0.098 0.208 0.237 0.029 1.198
0–40 0.082 0.159 0.188 0.030 0.918

The critical b-value for this case was bc � 3.3 s/cm2. For the different b-
value ranges, the parameters D and K were extracted from a fit of Eq. (3),
and DAN, DL, and DT were calculated using Eqs. (5) and (8). Fit uncer-
tainties were small, generally in the third or fourth decimal place.

a Assumed value.
b Calculated from Eq. (5) using the assumed values of D and DAN.
c Calculated from Eq. (8) using the assumed values of D and DAN.
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that the results are not physically meaningful beyond
b = bc. In particular, DAN deviates readily from its true
value. The obtained D, on the other hand, is not as sensi-
tive to higher b-values, but it still deviates in a systematic
manner that underestimates its true value. We note that
Eq. (3) is not a continually decreasing function of b, as
shown in Fig. 1, and gives non-physical results for values
of b beyond those included in the fit.

To best describe the non-Gaussian nature of the signal
decay of 3He gas in the deep lung, a large range of b-values
is necessary. Although the kurtosis approach in Eq. (3) and
the Yablonskiy model in Eq. (4) can both be used to
describe non-Gaussian diffusion, only Eq. (4) can be
applied when b exceeds bc. Furthermore, Eq. (4) has the
advantage of being based on a physiological model. There-
fore, we have focused on applying the Yablonskiy model to
3He gas diffusion data acquired in the rat lung.
2. Methods

2.1. Hyperpolarized gas generation and delivery

A home-built polarizer, similar to those described else-
where [26], but with dual, spectrally narrowed 60 W
diode-array lasers [27], was used to generate hyperpolar-
ized (HP) 3He gas via spin-exchange optical pumping
[28]. Up to two �0.8 L boluses of 3He gas could be polar-
ized simultaneously to a polarization of �50% in 10–15 h.

Prior to delivering 3He to the rat, a single bolus of gas
was released into a 2 L Tedlar bag (Jensen Inert Products,
Coral Springs, FL) that resided in an acrylic box in the
imaging magnet’s fringe field. The T1 of the 3He in the
bag was measured to be �38 min. The 3He was mixed with
�0.4 L of nitrogen to ensure a sufficient gas volume for an
entire nine b-value 3D data acquisition, including 2D setup
imaging. The mixture was delivered to the rat by a ventila-
tor (see below) via a positive pressure of nitrogen gas deliv-
ered to the box. Relaxation of the 3He due to the oxygen in
the lungs was ignored because the imaging time was much
shorter than the oxygen-induced T1 of the 3He [29,30].

2.2. Animal preparation

Male Sprague–Dawley rats (Charles River Laboratories,
Wilmington, MA) weighing 200–370 g were used. The
broad range in weights is reflective of time-course studies
in which the same rats were imaged repeatedly over a per-
iod of weeks. Humane animal handling protocols approved
by the Institutional Animal Care and Use Committee at
Pacific Northwest National Laboratory were followed.
The rats were anesthetized with isoflurane anesthetic (typ-
ically 3–4% concentration in air), then orally intubated
with a 14 gauge catheter tube. To help facilitate insertion
of the tracheal tube by reducing oral secretions, a subcuta-
neous injection of 0.02 ml/kg of glycopyrrolate was admin-
istered prior to anesthetization. After the tracheal tube was
inserted, the animal was attached supine to the mouthpiece
of the ventilator. Usually within 1–2 min the rats were
breathing in sync with the ventilator without struggling
to breathe at their own rate. Finally, ECG leads were
attached to the forearms and a rectal temperature probe
was inserted.

Ventilation was accomplished using a home-built, com-
puter controlled, small-animal ventilator based on the
designs of Hedlund et al. [31] and Dugas et al [16]. A
breathing rate of 50 breaths per minute was sufficient to
maintain the rats under gas anesthesia while allowing ade-
quate time for the necessary breathing maneuvers and
imaging. For each breathing cycle, �1 ml of the 3He/N2

gas mixture was delivered up to a pressure of �5 cm H2O
over 180 ms. As this volume was insufficient to fill the lung,
it was followed by �4 ml of air delivered to a pressure of
�15 cm H2O over 240 ms. This large breath, although
much smaller than total lung capacity [32], provided suffi-
cient oxygen for the animal and was allowed to mix thor-
oughly with the 3He and to evenly distribute deep into
the lung. The rat then fully exhaled for 420 ms, after which
all ventilator valves were closed. Following a 60 ms delay,
data were acquired during a 300 ms breath hold. Data were
acquired at full exhalation to assure that the same breath
hold level was reliably repeated within each experiment
and from rat to rat.

To facilitate animal positioning the rat was secured to
a wooden tray along with an NMR-compatible ECG/
temperature monitoring unit (SA Instruments Inc., Stony
Brook, NY, Model 1025). The tray was then slid into the
rf coil on a mating rail. Warm air, typically 50–60 �C,
was circulated inside the magnet bore to maintain body
temperature. The EGC and temperature data were fed
via fiber optic to a laptop PC for monitoring. The rectal
temperature was maintained at 35 ± 2 �C, and the pulse
rate was typically in the range of 250–330 beats per min-
ute; this varied from rat to rat depending on factors such
as body weight, body temperature, and depth of
anesthesia.



Fig. 2. A schematic of the pulse sequence used for the 3D data
acquisition. In this ‘‘hybrid’’ sequence, radial projections in the read-out
direction (kx � ky plane) were combined with phase encoding along kz.
The echo time TE was 3.85 ms and the phase encoding time tPE was 300
ls. The diffusion sensitizing gradient strength G and timing parameters d
and D are defined in the text. A ‘‘spoiler’’ delay ts of 500 ls was included to
allow the gradients to fully stabilize prior to data acquisition. A highly
asymmetric echo was acquired, and data points preceding the echo peak
were discarded prior to regridding to a 3D Cartesian coordinate system.
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2.3. Imaging

All images were acquired using a Varian UnityPlus spec-
trometer (Palo Alto, CA) and a 2.0 T horizontal-bore mag-
net (Oxford, UK) equipped with self-shielded 150 mT/m
gradients (Resonance Research Inc., Billerica, MA) charac-
terized by �60 ls rise times. The ventilator provided a trig-
ger signal to the scanner to assure data were acquired
during breath hold. Cardiac motion was ignored. A
home-built, four-leg birdcage coil was double tuned to
1H and 3He frequencies (84.9 MHz and 64.4 MHz, respec-
tively) [33]. The coil was 15 cm long and 7 cm in diameter,
easily accommodating the rat, the ventilator lines, and the
ECG/temperature monitoring apparatus. For animal posi-
tioning, sagittal proton images were acquired using a stan-
dard, multi-slice spin echo sequence.

Various radial sampling strategies have been used by
others for 3D 3He spin-density and 2D ADC imaging
[4,15,34]. Here, images were acquired using undersampled
3D gradient-echo, radial-projection imaging combined
with conventional phase encoding in a ‘‘hybrid’’ imaging
scheme (referred to as ZIPR in [35]). Image resolution is
generally not severely affected by radial undersampling
[34,35]. For example, Peters et al. [35] showed that
images from an undersampled projection reconstruction
(PR) acquisition incorporating 512 readout points and
128 projections (undersampled in the angular dimension
by a factor of 6.3) are comparable to those from a stan-
dard FT acquisition of 512 points and 512 phase enco-
dings, while requiring only one fourth the acquisition
time. Here, images were radially undersampled by a fac-
tor of 1.8. We found experimentally that this undersam-
pling factor optimized spatial resolution and reduced
artifacts while facilitating efficient use of the 3He gas.
The hybrid sequence included bipolar diffusion-sensitizing
gradient pulses along the phase-encode axis; see Fig. 2.
Data were acquired radially in the kx � ky plane with
conventional phase encoding in kz. Essentially, k-space
coverage can be imagined as a stack of bicycle wheels
with the spokes aligned from one wheel to the next. Each
wheel corresponds to a different kx � ky plane, and the
spokes correspond to different radial projections. We
found that the hybrid imaging was easily implemented
using the Varian interface and provided many of the rec-
ognized benefits associated with conventional 3D radial
acquisition, including time savings from utilizing under-
sampled radial acquisition [35], the reduction of diffusion
losses (by using short gradient echo times in conjunction
with highly asymmetric echo sampling) [4], and the over
sampling of the center of k-space to reduce motion arti-
facts [36]. We estimate that, in the deep lung of the rat,
the imaging gradients in the read-out direction resulted
in diffusion losses of <3% with the asymmetric echo ver-
sus >20% had a symmetric echo been used.

To acquire a nine b-value 3D data set, 110 radial projec-
tions with 128 complex points per projection and 32 phase
encode (PE) steps were employed. Since 32 phase-encoded
projections were acquired per breath, data collection
required a total of 990 breathing cycles (with no signal
averaging). The hybrid pulse sequence utilized a 500 ls
hard rf pulse, with TR = 8 ms, TE = 3.85 ms, and an
acquisition bandwidth of 51 kHz. All data were acquired
using a constant flip angle, typically 10–12�. To eliminate
T1 effects, the acquisition was interleaved such that a single
line of phase-encoded projections (spokes) was acquired for
each b-value before proceeding to the next series of spokes.
The diffusion weighting gradient pulse width d was 600 ls,
and the gradient pulse separation D was 1.8 ms; these
parameters remained constant throughout the experiment.
The gradient strengths ranged from 0 mT/m to 129.3 mT/
m, and these gradients were applied only along the PE axis
(i.e., along the z-axis). The b-values used were (in units of
s/cm2): 0, 1, 3, 6, 10, 15, 20, 30, and 40. The gradient levels
were calculated from the b-values using Eq. (2); a <1% cor-
rection to the gradient values due to their trapezoidal shape
was ignored. The phase-encoding gradient did not have a
crucial influence on the b-values because this gradient is
zero at the center of k-space. The receiver gain, which
was calibrated using a water phantom, was increased as
the b-value was increased to make use of the full dynamic
range of the analog-to-digital converter, and the image sig-
nal intensity was then corrected in image processing using
the gain calibration. The data were acquired over an
FOV of 6.4 cm in the radial direction and 6.4 cm in the
phase encoding direction. Imaging time for the full, nine
b-value 3D data set was 19.8 min.
2.4. Image reconstruction and processing

Raw 3D 3He data acquired with the hybrid sequence
were regridded to a 128 · 128 · 32 3D Cartesian system
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and then Fourier transformed. First, the 3He data were
examined for consistent phasing of the various gradient
echoes in the kz = 0 ‘‘wheel’’. We found that slight phase
variations, presumably caused by eddy currents, can lead
to signal reduction at the center of k-space when these
complex radial data sets are regridded to a 3D Cartesian
system. A small increase in signal-to-noise ratio (S/N)
was observed by applying a radial-view dependent phase
correction to assure that all gradient echoes had the
same phase at the echo peak. The kz „ 0 wheels were
then assumed to need the same phase corrections along
each spoke. After this small phase correction, each wheel
was processed by performing a density compensation
(i.e., multiplication of the raw data with the magnitude
of the radial k-vector), convoluting the radial data with
a two-dimensional Kaiser-Bessel window function [37],
and sampling the result onto a 2D Cartesian grid [38].
Next, the regridded 2D data sets of all the wheels were
combined into a 3D Cartesian data set from which the
images were reconstructed by a standard 3D Fourier
transform. The final image was then deconvoluted by
division of the various x–y image planes with the Fourier
transform of the two-dimensional Kaiser-Bessel window
function [38].

Values of D and DAN were calculated on a pixel-by-
pixel basis from reconstructed magnitude images by
applying a least-squares fit to Eq. (4) using the NonLin-
earRegress function of Mathematica (Wolfram Research,
Champaign, Il). A threshold mask based on the S/N of
the unweighted (b = 0 s/cm2) image was applied to elim-
inate background noise from the resulting diffusion
maps. Pixels with a standard error exceeding 50% for
D and DAN were discarded.
Fig. 3. Representative 3He spin-density images with diffusion weighting of a 200
used were (in units of s/cm2): 0, 1, 3, 6, 10, 15, 20, 30, and 40. (B) An enlarged v
The images were cropped from 128 · 128 pixels to 64 · 64 pixels to show deta
2 mm.
3. Results

A representative 2 mm slice from a 200 g rat for each of
the nine different b-values is shown in Fig. 3A. The signal
decay with increasing b-value is evident. Fig. 3B shows
an enlargement of the last slice, b = 40 s/cm2, with the
image brightness increased to show noise. The average S/
N in Fig. 3B was �9.6, and the average S/N in the
b = 0 s/cm2 image was �45. These images, as well as the
others described below, were cropped from 128 · 128 pixels
to 64 · 64 pixels after reconstruction to show detail; planar
resolution is 0.5 mm · 0.5 mm.

Signal intensity was measured in a region of interest that
included most of the right lung, excluding major airways
and vasculature, using the slice shown in Fig. 3. Fig. 4
shows the average signal intensity plotted against the b-
value. The solid line is a fit of all nine data points to the
Yablonskiy model (Eq. (4)), while the dashed line is a fit
to the kurtosis expression (Eq. (3)). The dotted line is a
fit to Eq. (1) using only the first 4 data points, mimicking
acquisition of only a few low b-values. The noise was taken
as the mean value of the background of the b = 40 s/cm2

image. The noise floor was incorporated into the fits by
the standard root-sum-squares method [23,39]. As shown
in Fig. 4, the Yablonskiy model accurately describes the
signal decay, notably including the b-value range of b > bc.

Fig. 5 shows an example of the D images for the entire
3D image set of the 200 g rat. Of the 32 slices acquired,
14 contained 3He signal from the lung; the central 12 slices
are shown in Fig. 5. The major airways are generally visible
as regions of higher D values.

Fig. 6 shows images of the calculated values of D, DAN,
DL, DT, and mean airway radius R for the single represen-
g rat. (A) 3He signal decay is shown at each of the 9 b-values. The b-values
iew of the b = 40 s/cm2 image with the brightness enhanced to show noise.
il. Planar image resolution is 0.5 mm · 0.5 mm, and the slice thickness is



Fig. 4. Using the same image slice shown in Fig. 3A, 3He MRI signal
intensity was measured for each of the 9 b-values in a region of interest in
the right lung. The inset shows the region of interest used. The signal vs. b-
value is plotted, with the solid line a fit to the Yablonskiy model (Eq. (4)),
the dashed line a fit to the kurtosis equation (Eq. (3)), and the dotted line a
fit of the first four data points to a mono-exponential (Eq. (1)), imitating
the acquisition of only a few low b-values. The image noise floor was
incorporated into the fits.
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tative slice in Fig. 3. D and DAN were generated from a fit
of the data on a pixel-by-pixel basis to Eq. (4), and DL and
DT were calculated from Eq. (5). The airway radius R is
Fig. 5. These images of the average diffusivity D in a healthy 200 g rat (same a
3D 3He data set using the Yablonskiy model (Eq. (4)). Planar resolution is 0.5
cm2/s.
defined by Yablonskiy et al. as the bronchiole radius plus
the approximate alveolar diameter, and was calculated
using Eq. (8) in Ref. [24]. Histological measurements of
rat airways show an average terminal bronchiole diameter
of 0.2 mm and alveolar diameters of 0.05–0.08 mm [32],
resulting in R = 0.15–0.18 mm. The mean airway radius
calculated over the entire lung in our rats (excluding major
airways) was 0.16 ± 0.03 mm.

To examine repeatability of the 3D diffusion measure-
ments, a healthy rat was imaged three times with a one
week separation between each imaging session. The rat
weighed 188 g, 261 g, and 300 g at the three time points.
Histograms of D, including data from the entire lung at
each of the time points, are shown in Fig. 7. Although data
from Week 1 was found to vary from both Week 2 and
Week 3 (p < 0.05), there was no significant difference
between Week 2 and Week 3 (p = 0.33). Similar results
were found for DAN. In the range of 0 cm2/s 6 D 6 0:2
cm2/s (i.e. generally excluding larger airways), the
mean ± standard deviation for Week 1, Week 2, and Week
3 were (in units of cm2/s) 0.098 ± 0.032, 0.091 ± 0.027, and
0.093 ± 0.028, respectively.

4. Discussion

Although both descriptions of non-Gaussian diffusion
discussed herein may be useful in different contexts, we
have illustrated that the Yablonskiy model [24], described
by Eq. (4), portrays the signal decay of 3He gas in rat lungs
s that shown in Fig. 3) were calculated on a pixel-by-pixel basis from a full
mm · 0.5 mm and the slices are 2 mm thick. The color scale is in units of



Fig. 6. A single representative slice (same as that shown in Fig. 3) showing maps of D and DAN calculated from Eq. (4); pixels in which the standard error
exceeded 50% were discarded. Maps of DL and DT were calculated from Eq. (5), and the mean airway radius R was calculated from Eq. (8) in Ref. [24]. For
D, DAN, and DL, the color scale max = 0.8 cm2/s; for DT, max = 0.04 cm2/s; for R, max = 0.3 mm. The median values for each of the parameters over the
entire lung are: D ¼ 0:087 cm2/s, DAN = 0.24 cm2/s, DL = 0.25 cm2/s, DT = 0.0086 cm2/s, and R = 0.16 mm.
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over a wide range of b-values; see Fig. 4. By comparison,
the kurtosis approach (Eq. (3)) is not applicable when the
critical b-value bc is exceeded, as shown by Eq. (9) and in
Table 1. Moreover, for sufficiently small b-values (i.e.,
below bc), the non-exponential behavior of the signal decay
is not well defined, bringing into question the quality of dif-
fusional kurtosis measurements when random noise is
added to the data. Indeed, when a noise level of 1% is
added to the artificial data of Fig. 1 and when 6 evenly
Fig. 7. These three histograms of D calculated from the Yablonskiy model
(Eq. (4)) include data from the entire lung of a healthy rat imaged with
3He at three time points separated by one week. The histograms have been
normalized to the same height and have been truncated at D ¼ 0:2 cm2/s
to show detail.
spaced b-values are included in the range of 0–bc (6 b-val-
ues were used in [22,24], although bc was greatly exceeded
in [22]), a fit to Eq. (3) results in an uncertainty in Dapp

of only about 5% but an uncertainty in Kapp of >40%. This
serves to emphasize the usefulness of a large range of b-val-
ues including b� bc, which can only be analyzed reliably
with the Yablonskiy model. We note that most modern
clinical MRI scanners are capable of achieving b-values
well beyond bc = 3.3 s/cm2. In addition, the Yablonskiy
model provides an avenue for estimating the mean airway
radius in each voxel, thus potentially opening a direct cor-
relation of MR diffusion measurements with histology, in
which airway radius is readily calculated.

Trampel et al. [22] state that the kurtosis approach was
developed for the purpose of describing ‘‘long range’’ diffu-
sion, in spite of employing a diffusion time of only 1.28 ms.
However, we note that the kurtosis equation (Eq. (3)) is
model-free with no rigorous assumptions regarding diffu-
sion times or length scales. Indeed, Eq. (8) shows that the
kurtosis is proportional to D2

AN and thus is a measure of
how DT differs from DL within an alveoli-lined bronchiole.
We emphasize that, as shown in Eq. (9), the validity of the
kurtosis approach, inasmuch as physiologically relevant
parameters are obtained, depends only on the range of b-
values employed. Future studies may illuminate differences
between the Yablonskiy model and the kurtosis approach
over long diffusion time scales (i.e., seconds or hundreds
of milliseconds).

The application of Eq. (4) to the 9 b-value, 3D images
acquired in the healthy rats resulted in the highly homoge-
neous diffusion maps shown in Figs. 5 and 6. Such homo-
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geneity in diffusion maps of healthy lungs is typical (cf.
[6,9,40]). In addition, Fig. 7 shows that the diffusion mea-
surements are repeatable in the same rat at different times.
These results suggest that both the 3D hybrid imaging and
the Yablonskiy model can be applied to reliably assess spe-
cific aspects of lung microstructure over the entire lung in
comparative studies and time-course experiments.

We have demonstrated a technique for acquiring multi-b-
value 3D data sets for 3He gas diffusion measurements in rat
lungs in vivo. Importantly, we have shown that a time-effi-
cient 3D pulse sequence can generate images of sufficient
quality and resolution for localized calculation of the mean
diffusivity D and the diffusion anisotropy DAN. This was
achieved by implementing a combination of undersampled
radial projection imaging and conventional phase encoding.
The undersampling allowed for sufficient time savings to
acquire nine full 3D data sets using a single bolus (�1 L) of
HP 3He gas. Conversely, to fully satisfy the Nyquist criterion
for radial sampling in this experiment, 200 projections would
be required [35], stretching the data acquisition to 36 min
and consuming �2 L of the 3He gas mixture.

In practice, undersampled PR imaging may result in
radial streaking artifacts, as opposed to aliasing artifacts
common in undersampled FT imaging. These artifacts
can be minimized by choosing a FOV larger than the object
size, since the radial projections will be more closely spaced
over the sample than they are at the edges of the FOV. The
number of radial projections required to satisfy the
Nyquist criterion is given by [41]:

NP ¼ p
d

FOV
N R; ð10Þ

where NP is the number of projections, NR is the number of
radial points, and d is the diameter of the object. In this
study, we regridded the data to a FOV of 6.4 cm · 6.4 cm,
approximately 2· the linear dimension of an axial lung
slice. The number of radial points retained to generate a
128 · 128 image was less than the number of acquired
points. For example, in order to fill the 128 · 128 Cartesian
grid for each kx � ky plane, 64 radial points (of the 128 ac-
quired along each projection) were retained along the kx or
ky axis while 64

ffiffiffi
2
p

points were retained along each diago-
nal. The average number of points used from each projec-
tion was NR = 74. Therefore, from Eq. (10), the
approximate number of radial projections required in this
case for fully sampled PR imaging is 116. By acquiring
110 projections with an FOV larger than the sample size,
we have approximately satisfied the Nyquist criterion over
the entire rat lung.

We anticipate that this work will set the stage for the
challenge of accurately correlating local measurements of
3He gas diffusion to histological measurements of lung
architecture in animal disease models. The application of
Eq. [4] to 3D imaging of a broad range of b-values may
help distinguish subtle regional diffusion heterogeneities
introduced by a disease state, such as emphysema.
Although numerical simulations by Fichele et al. [42] sug-
gest that the value R calculated by the Yablonskiy model
may not be a sensitive indicator of mild emphysema, Yab-
lonskiy et al. and Fichele et al. both agree that DL should
be sensitive to early emphysematous changes in the lung
structure.
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Appendix

An alternative derivation of Eq. (8), which relates the
apparent diffusional kurtosis to the diffusion anisotropy
of the Yablonskiy model, utilizes the relationship obtained
by Jensen et al. between the diffusional kurtosis and the
variance of the diffusivity [23]:

Kapp ¼ 3
varðDÞ

D2
: ð11Þ

Here, it is assumed that there are multiple non-interact-
ing compartments with Gaussian diffusion in each com-
partment. From the random distribution of airway
orientations assumed by Yablonskiy et al. [24],

D ¼ DL cos2 aþ DT sin2 a: ð12Þ
Thus, we can calculate:

varðDÞ ¼
Z p

0

sin a
2
ðDL cos2 aþ DT sin2 a� DÞ2da

¼ 4

45
D2

AN: ð13Þ

By inserting the result of Eq. (13) into Eq. (11), the rela-
tionship of Eq. (8) is found.
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