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Abstract

The short-time surface-to-volume ratio (S/V) limit [Mitra et al., Phys. Rev. Lett. 68, 3555 (1992)] 

can disentangle the free diffusion coefficient from geometric restrictions to diffusion. Biophysical 

parameters, such as the S/V of tissue membranes, can be used to interpret microscopic length 

scales non-invasively. However, due to gradient strength limitations on clinical MRI scanners, 

Pulsed Gradient Spin Echo (PGSE) measurements are impractical for probing the S/V limit. To 

achieve this limit on clinical systems, an Oscillating Gradient Spin Echo (OGSE) sequence was 

developed. Two phantoms containing 10 fiber bundles, each consisting of impermeable aligned 

fibers with different packing densities, were constructed to achieve a range of S/V values. The 

frequency-dependent diffusion coefficient, D(ω), was measured in each fiber bundle using OGSE 

with different gradient waveforms (cosine, stretched cosine, and trapezoidal), while D(t) was 

measured from PGSE and stimulated-echo measurements. The S/V values derived from the 

universal high-frequency behavior of D(ω) were compared against those derived from quantitative 

proton density measurements using single spin echo (SE) with varying echo times, and from 

magnetic resonance fingerprinting (MRF). S/V estimates derived from different OGSE waveforms 

were similar and demonstrated excellent correlation with both SE- and MRF-derived S/V 

Corresponding Author: Sackler Institute of Graduate Biomedical Sciences, NYU School of Medicine, New York, NY, USA; 
Gregory.Lemberskiy@med.nyu.edu. 

HHS Public Access
Author manuscript
NMR Biomed. Author manuscript; available in PMC 2018 May 01.

Published in final edited form as:
NMR Biomed. 2017 May ; 30(5): . doi:10.1002/nbm.3708.

A
uthor M

anuscript
A

uthor M
anuscript

A
uthor M

anuscript
A

uthor M
anuscript



measures ( ). Furthermore, there was a smoother transition between OGSE frequency f 

and PGSE diffusion time when using , rather than the commonly used 

, validating the specific frequency/diffusion time conversion for this regime. Our well-

characterized fiber phantom can be used for the calibration of OGSE and diffusion modeling 

techniques, as the S/V ratio can be measured independently using other MR modalities. Moreover, 

our calibration experiment offers an exciting perspective of mapping tissue S/V on clinical 

systems.

Short Abstract

We created an anisotropic fiber phantom that has 4 fiber bundles of various packing densities, 

which manifest into differences in surface-to-volume (S/V). Due to the simple bundle geometry, 

S/V from diffusion could be confirmed through an independent measurement from proton density 

(PD). Using oscillating gradient spin echo (OGSE), we acquired within the short-time S/V-limit to 

derive S/V and compared with S/V derived from quantitative PD, which we obtained from single 

Spin Echo and Magnetic Resonance Fingerprinting.

Introduction

The apparent diffusion coefficient (ADC), obtained from diffusion weighted MRI (1,2), is a 

highly sensitive but non-specific biomarker of tissue complexity. ADC derives its contrast 

mostly from microscopic tissue features, which may include cell size, cellularity, and 

membrane permeability. Moreover, ADC contrast could also arise from varying intrinsic 

diffusion coefficients, i.e. in the intra- and extracellular space or in glandular fluid. Since 

most pathologies occur on the cellular level, this biomarker has gained widespread usage in 

the clinic, particularly in stroke detection (3) and cancer screening (4).

The specificity of ADC to tissue microstructure can be unlocked through biophysical 

modeling. Particularly, varying the diffusion time t allows for probing relevant biophysical 

length scales. Biophysical modeling and measurement of D(t) was first performed in the 

pioneering 1979 work of Tanner (5). There, he measured water diffusion coefficient in frog 

muscle by combining pulsed gradient spin echo (PGSE), stimulated-echo (STEAM), and 

oscillating gradient spin echo (OGSE) sequences to study the range of t from 0.3 ms to 2.4 s, 

spanning almost 4 orders of magnitude, and estimated membrane parameters from his exact 

solution of diffusion restricted by periodic membranes in one dimension. Further studies 

revealed that, generally speaking, an observed time-dependence in D(t) is a signature of non-
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Gaussian diffusion (6). Using biophysical modeling, given D(t), it is possible to extract the 

relevant length scale over which diffusion is either hindered or restricted (6–10). This 

observation has potentially important clinical implications, as D(t) could provide 

micrometer-level biomarkers of tissue integrity and function at the scale far below the 

attainable MRI resolution.

Despite its potential, research on D(t) did not find its way into the imaging community until 

the turn of the century (11,12). During the 1990s, there was a strong interest in D(t), both 

theoretical and experimental, focused on porous media studies using NMR for materials 

characterization. In particular, this interest in time-dependent diffusion stems from the 

realization that in the short-time limit the behavior of D(t) in a statistically isotropic medium 

becomes universal (13),

[1]

depending only on the surface-to-volume ratio S/V of the restrictions, and on the 

unrestricted (free) diffusivity D0, where d is the spatial dimension. As the fraction of walkers 

exposed to the surfaces increases, the walkers become more sensitive to geometrical features 

and permeability, which escalates the model’s complexity and adds higher orders of t to 

equation [1]. From an experimental perspective, acquiring D(t) within the S/V limit 

 allows for a straightforward determination of S/V (14).

Early NMR applications used the above limit [1] to quantify S/V within porous media 

(15,16) as well as biological tissues (17). All of these experiments were performed using a 

PGSE sequence, which defines the diffusion time, Δ, as the spacing between the front lobes 

of the dephasing and rephrasing (constant) gradient pulses. Nowadays PGSE forms the basis 

of practically every clinical diffusion measurement. The diffusion weighting for PGSE is

[2]

where γ is the gyromagnetic ratio, δ is the width of the gradient pulse, and G is the diffusion 

gradient strength. In practice, short Δ and δ will result in negligible b, unless G is increased 

dramatically. Hence, given the relatively weak gradients available on clinical scanners, the 

PGSE approach is unable to probe the S/V limit for the vast majority of tissue structures.

A promising alternative is switching to OGSE (5,18,19), which replaces the two rectangular 

diffusion pulses with oscillating gradients. OGSE alleviates the high G requirement by 

accumulating diffusion weighting over each period of oscillation, N, such that the resulting 

diffusion weighting
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[3]

scales with N, or equivalently, with the total OGSE waveform duration T, where period of 

oscillation τ = 2π/ω. This decouples the diffusion time, which is of the order of τ (as 

described in more detail below), from the overall waveform duration T.

The corresponding analytic form of the S/V limit in the frequency domain was recently 

derived (20):

[4]

Equations [1] and [4] describe the two equivalent ways in which the effect of restrictions to 

diffusion enter into the different diffusion measurement schemes, PGSE and OGSE. These 

relations show that the PGSE and OGSE in the short-time / high frequency limit carry the 

same information content about tissue geometry.

In general, converting between D(t) and D(ω) is non-trivial because of the non-local relation 

between these two metrics (6), akin to a Fourier transform. This makes the OGSE/PGSE 

conversion dependent on the physics of diffusion – i.e. on the functional form of the time-

dependent diffusion coefficient. This non-local character of the time-frequency relation has 

been largely ignored so far, and instead the empirical identification of “effective OGSE 

diffusion time” (21–25)

[5]

has been overwhelmingly used, irrespective of the diffusion regime or a type of medium/

tissue. The above short-time limits [1] and [4] already show that such identification does not 

generally apply. Indeed, comparing the two equivalent diffusivities [1] and [4] yields a 

notably different conversion

[6]

Recently, OGSE has gained traction as an alterative to standard PGSE diffusion imaging 

techniques, leading to several in vivo studies for tissue characterization (22,23,25). For 

example, the S/V limit was recently demonstrated in a mouse glioma model (25). These 

initial results suggest that S/V is a geometric marker of tumor microstructure. However, the 

feasibility of the S/V limit in a clinical setting has not been evaluated yet.
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In this work, we make the first necessary steps for the clinical translation of OGSE in the 

S/V limit. We validate the S/V quantification using D(ω) measured with an in-house 

developed OGSE sequence in 10 fiber bundles with a range of known S/V values, and 

demonstrate the first instance of achieving the S/V limit on a clinical MR scanner. Our 

results also corroborate the correspondence [6] between OGSE frequency and diffusion time 

in the short-time limit.

Methods

Fiber phantom

Two cylindrical phantoms containing respectively six and four bundles of Dyneema® fibers 

(diameter ) immersed in water were constructed, according to the details provided 

in Ref. (26,27). Dyneema® fibers (Dyneema® SK75 1760 dTex, DSM) are made from ultra 

high molecular weight polyethylene. The monofilament fiber is chemically inert to water, is 

hydrophobic and impermeable to water, such that all water diffusion in the phantom will be 

the result of water molecules diffusing in-between fibers rather than inside them. Fiber 

bundles were constructed by carefully winding a Dyneema thread (containing hundreds or 

thousands of fibers) around two fixed rods, so that fibers are parallel to one another. Fibers 

were wound with 20, 30, 40, 50, 60, 70 turns (Phantom 1) in the larger phantom and 50, 75, 

100, 110 turns (Phantom 2) in the smaller phantom. After winding each fiber bundle was 

removed from the fixed rods, inserted into a polyolefin low-temperature shrinking tube 

(Verasafit, Tyco Electronics), and submerged in water. All of the following steps were 

performed with the bundles submerged under water, to minimize susceptibility artifacts 

caused by air bubbles. The materials were then heated in order to shrink the tube, resulting 

in a uniform densely packed fiber bundle. Following shrinkage, each bundle was agitated 

and squeezed to remove any remaining bubbles.

Since the fiber bundles were not packed very densely, the shrinking tubes shrunk uniformly 

to a given diameter after heating. As a result of the different number of filaments in each, the 

fiber bundles differ in fiber density, which manifests into different values for the water 

volume fraction ϕ, and fiber S/V. When imaging, the phantom was positioned so that the 

fibers were aligned parallel to the magnetic field to avoid local field distributions (26–28).

Diffusion measurements

Measurements were performed on a MAGNETOM 3T PRISMA (80 mT/m) system 

(Siemens AG, Erlangen, Germany) with a standard 20-channel head coil.

For this project, we used an in-house developed OGSE sequence. OGSE was performed 

using three different gradient waveforms: trapezoidal (29,30), cosine (21) and stretched 

cosine gradient (31) with stretch factor 2. Non-cosine gradient waveforms were 

implemented for increased b-value, while suppressing zero-frequency lobes [Fig.1]. Since 

all of these waveforms represent cosine trains, we carefully considered the ramps needed to 

reach the maximal gradient amplitude at the beginning and end of the oscillating gradients. 

Ramps from Parsons et al. (21) and Kiselev et al. (32) were both implemented, though we 

preferred the ramps suggested by Parsons et al. due to the lower slew rate requirements. 

Lemberskiy et al. Page 5

NMR Biomed. Author manuscript; available in PMC 2018 May 01.

A
uthor M

anuscript
A

uthor M
anuscript

A
uthor M

anuscript
A

uthor M
anuscript



However, it should be noted that the ramp determination method described by Kiselev et al. 

results in fewer imperfections within the gradient modulation power spectra , though 

less practical on current clinical systems and better suited for animal scanners with high 

performance gradients. The elements of the b-matrix were calculated exactly in the standard 

way by double integrating over the gradient waveforms (33), thereby accounting for non-

diffusion gradients after incorporating the imaging and spoiler gradients. All acquired 

trapezoidal [Fig.2(A)] and stretched cosine gradient images were performed with 

, whereas cosine images were acquired with  due to the shorter 

maximum duty cycle possible for the same range of frequencies. We neglect ADC 

corrections due to a finite number N of oscillations (34) as our N ranges between 4 and 44 

(counted as the total number, i.e. before + after the refocusing pulse); we specifically 

maximized N for each OGSE frequency.

Pulsed gradient diffusion acquisitions using monopolar pulsed gradient spin echo (PGSE) 

and stimulated echo acquisition mode (STEAM) (WIP511E) were also acquired to examine 

diffusion behavior at long t in comparison to OGSE [Fig.3(A,B)] with 2 shells with b-values 

of 160 and 500  for phantom 1 and 160 and 750  for phantom 2. An additional 

higher b shell was included to counteract the contribution of imaging gradients to diffusion 

weighting (35) which become greater at longer diffusion times. Measurement parameters for 

the acquisition of diffusion-weighted images are summarized in Table 1. D(t) derived from 

OGSE and PGSE (Monopolar, STEAM) sequences was compared with teff based on 

equations [5] and [6].

Proton density (PD) measurements

Single Spin Echo (SE) and Plug-and-Play MR Fingerprinting (PnP-MRF) (36) were used to 

calculate proton density (PD) maps. The measurement parameters for these sequences are 

summarized in Table 2. The product inline pre-scan normalize feature and the online 

Siemens reconstruction tools were used to reconstruct the SE data. Signal decay as a 

function of echo time was fitted using an exponential model, , 

with 2 parameters: S0 and T2. Where S0 is an unscaled measure of proton density. In contrast 

to the original MRF methodology (37), PnP-MRF (36) also separates out the 

inhomogeneities from the PD, T2, and T1 maps. We implemented our own prescan 

normalize for PnP-MRF to account for residual  variations.

For each imaging modality, the water fraction ϕ was calculated in each bundle. In order to 

account for residual receive sensitivity variations, the PD and S0 maps were normalized by a 

free water ROI ( , ) in close proximity to each fiber bundle ( , 

), such that

[7]
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where  is the net fiber surface area,  is the fiber area density 

(number of fibers per unit cross-sectional area), and V is water volume. With the fiber radius 

r known, the S/V measurement from OGSE can be validated via equation [7] by an 

independent measurement of a single parameter, ϕ.

Image processing and statistical analysis

Noise reduction is crucial for reducing the effect of eigenvalue repulsion (38). The best way 

to reduce noise in our geometry is to average over the signals in each ROI prior to 

eigenvalue estimation. This is justified because all voxels can be assumed to have the same 

principal diffusion directions. In Supporting Information, we compare S/V from SE (ground 

truth), to S/V from OGSE derived from the mean of voxel-wise parametric maps of S/V 
(eigenvalue repulsion will be present), and to S/V derived from averaging across signals of 

the DWI prior to tensor diagnalization (considerably smaller eigenvalue repulsion).

Independently, we also evaluated the precision of voxel-wise parameter estimation. To 

reduce the effect of eigenvalue repulsion in voxel-wise analysis, and to estimate noise level, 

the random matrix theory-inspired method, based on combining Principle Component 

Analysis with the universal Marchenko-Pastur law (MP-PCA), was used for denoising 

(39,40) diffusion-weighted images, Fig.2(B).

Gibbs ringing correction has been shown to be necessary for diffusion imaging (41). Gibbs 

ringing correction was applied to denoised DWI via the method of subvoxel shifts (42) [Fig.

2(C)] after the MP-PCA denoising.

DTI metrics (diffusion tensor eigenvalues (λ1, λ2, λ3), mean diffusivity (MD), and 

fractional anisotropy (FA)) were generated using in-house software written in MATLAB, for 

every OGSE frequency and PGSE time. S/V was calculated by fitting equation [4] to the 

radial diffusivity D(ω)=(λ2 + λ3)/2, where , in equation [4], was fixed to the median of 

the non-dispersive λ1  black dashed line, Fig.4(A), for fit robustness. Full discussion of the 

choices and caveats to our approach of modeling S/V is found in Supporting Information.

Next, S/V metrics derived from diffusion modalities, equation [4], and PD modalities, 

equation [7], were compared via Pearson linear correlation coefficient. Additionally, Bland-

Altman plots were included to emphasize differences between S/V estimates from different 

modalities. S/V was evaluated for at least 5 frequency points in D(ω) for the densest fiber 

bundle (and more points for the other bundles), corresponding to parameter c = 1.2 (as 

described around Eq. [8] below). The SNR was calculated using the MP-PCA method 

(39,40). Standard deviations for OGSE-derived parameters were obtained from the 

confidence interval of each fit parameter. Standard deviations for PD-derived parameters 

were calculated from the range of values on parametric maps.

Applicability range for the S/V limit

Since the fiber bundles have a range of packing densities, the frequency over which each 

individual bundle enters the S/V limit will be different. For this reason, it is important to 

create an objective criterion to establish the appropriate range of frequencies for parameter 
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estimation in the S/V limit. Here we define the frequency range within the S/V limit as 

, where Lmax is the maximal diffusion length for which the S/V limit applies.

Physically, Lmax should be such that (i) it is much smaller than the distance between the 

fibers in the (random) packing geometry, and (ii) it is smaller than the fiber radius, since the 

curvature adds to the higher-order terms for the time-dependent D(t). For our purposes, since 

the fiber packings are quite dense and fibers are fairly similar in their radius, we define Lmax 

in the following way: Lmax = c l, where l is the geometry-dependent length scale 

characterizing the packing geometry (approximately treating it here as locally ordered), and 

c is a multiplicative factor further used for scaling l, common for all 10 phantoms.

To define the length l, consider a triangular lattice of disks of radius r, each spaced over a 

distance lΔ,

[8]

away from one another [Fig.4(A)]. Here, ϕ is the water fraction, which can be extracted from 

PD measurements equation [7]. To satisfy the condition (ii) above, we then define l = min 

{lΔ, r}, where  is the mean fiber radius. Two fiber bundles with the highest packing 

density in phantom 2 had lΔ > r [Table 3].

The multiplicative factor value c may be chosen empirically based on the quality of the fit 

for all samples simultaneously. We emphasize that we are not trying to achieve the best 

goodness of fit for each sample separately, and rather determine the objective applicability 

criterion for a given type of sample. We show the capability of estimating S/V as a function 

of c, which effectively translates to the number of points included in the fit, in Fig.5(A).

Results

For the OGSE experiment, all gradient wave forms, as outputted on the scanner, are shown 

across one repetition time in Fig.1(A) at f = 40 Hz with N = 10, as well as the EPI train and 

dead time. The corresponding gradient modulation power spectra, , reveals subtle 

differences within the side lobes of the OGSE waveforms. The amplitude of largest off-

frequency side-lobe, was smallest in for Cosine, followed by stretched cosine, and then the 

trapezoidal gradient waveform. The respective side-lobe amplitudes were ~[0.01, 0.5, and 1] 

percent of the peak resonance amplitude at 40 Hz.

Figure 2 shows the effect of the different post-processing steps (denoising/degibbsing) on a 

b = 0 image. Though denoising was applied and has an effect on S/V estimation 

(Supplementary Fig.S1), denoising has a mild visual effect on image quality, Fig.2(B). This 

should not be surprising as OGSE images had SNR ranging from 120–190 within the fiber 

bundles. By removing thermal noise, the Gibbs ringing artifact is isolated and is corrected 

efficiently via subvoxel shifts method, Fig.2(C).
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There is a strong degree of time-dependent diffusion across all fiber bundles as demonstrated 

in Fig.3(A,B) showing D(t) decreasing with t ranging from a 27% to 52% drop. This contrast 

in D(t) is a signature of varying S/V between bundles, and is shown to increase with 

increasing fiber density, as determined by the number of fiber threads in the bundle. There is 

a visibly smoother transition between the pulse-gradient and oscillating-gradient D(t) 

measurements using the derived , equation [6]. This is particularly true for fibers with 

smaller S/V (50, 75 turns), which would reach the S/V limit at lower ω. Fig.3(C,D) shows 

the corresponding PD-images derived from SE and PnP-MRF Fig.3(C,D), which 

demonstrates varying ϕ across different fiber bundles. The STEAM derived FA map at long t 
[Fig.3(E)], shows complementary information, with higher FA indicating greater water 

molecule restriction and fiber density.

Denser fibers have lower SNR due to having lower water fraction. Although the SNR is 

quite high, ~120 within those fibers, the b-value of this experiment is quite low. For this 

reason, there is notable scatter in the data, which increases with increasing S/V.

To claim accurate estimation of S/V, we evaluated whether the D(t) is acquired within the 

S/V limit, by showing in Fig.4(A) the characteristic asymptotically linear dependence of 

D(ω) on  according to equation [4]. For fitting, we determined a cutoff frequency, 

, by considering locally ordered packing within the bundle [Fig.4(B)]. S/V 
values derived from the three separate OGSE measurements were highly similar [Table 3].

S/V estimates derived from SE and PnP-MRF were in strong agreement with S/V estimates 

from OGSE measurements ( ) [Fig.5(A,B)], for c = 1.2. The range of S/V estimates 

increased as a function of c with increasing fiber bundle density. The mean of the differences 

between PD-derived and OGSE-derived S/V Bland-Altman plot did not differ significantly 

from 0; indicating no systematic difference between methods [Fig.5(B)]. Moreover, this 

result was reproducible across gradient waveforms, suggesting that S/V estimation was 

equally valid for each of the available OGSE variants [Table 3].

Discussion

Dispersive diffusion coefficient in a well-characterized anisotropic fiber phantom was 

measured using OGSE, to compare the derived S/V values with those derived from PD 
measurements. The geometry of our fiber phantom offers the unique capacity of measuring 

S/V from PD, independently from diffusion. This external measurement provides a means of 

validation of advanced diffusion modeling techniques including the S/V limit.

The phantom performed as anticipated (26,27): increasing the number of fibers within the 

bundle resulted in denser fiber bundles with a corresponding lower diffusion coefficient [Fig.

3 (A,B)], decreased water fraction [Fig.3(C,D)], and higher FA [Fig.3(E)]. With increasing 

fiber density and S/V, the S/V limit was achieved in a shorter range of frequencies [Fig.4], 

as evidenced by the density-dependent range for the linear dependence of D(ω) on , 

and the increasing variation of S/V estimates when varying the range of frequencies in the fit 
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[Fig.5(A)]. This demonstrates how applying the theory of Mitra et al. (13) outside of its 

applicability range will lead to systematic deviation from the ground truth S/V.

In this paper, we found no systematic difference between OGSE-derived S/V and PD-

derived S/V [Fig.5(B)], suggesting that this phantom can be used as a reference standard for 

S/V. Although PnP-MRF is capable of separating  heterogeneities from the PD, T2, and 

T1 maps (36), it is not able to fully account for all  variations. The pre-scan normalize 

procedure uses the body coil as a reference to estimate the  of the local receiver array. 

Consequently, the residual  sensitivity variations are left in the PD map, which may be 

the cause of the offset. Conversely, SE is not capable of accounting for  effects, so there 

may be residual bias in those images as well.

Different OGSE gradient waveforms were evaluated – including pure cosine, stretched 

cosine and trapezoidal, in terms of their use for clinically feasible protocols. If given the 

freedom to perform OGSE measurements without imaging limitations, the pure cosine 

gradient would be the best option as it provides the cleanest gradient modulation spectrum, 

. Other gradient waveforms such as stretched cosine or trapezoidal gradient 

inherently add higher order harmonics to , which mix different frequencies 

contributing to the diffusion coefficient. However, Fig.1 shows that the contribution of 

higher order harmonics is negligible across each waveform, suggesting that stretched cosine 

and trapezoidal gradients are acceptable. Since we want to probe the S/V limit, we pursue 

the highest possible ω for which the potential b on clinical scanners will be correspondingly 

low. In this experiment, we achieved b = 120 s/mm2 at f = 100 Hz for a pure cosine gradient. 

Switching to stretched cosine or trapezoidal gradients allowed for a 33% increase, b = 160 

s/mm2. These relatively small b-values may be problematic when studying systems with 

IVIM compartments.

Cosine and stretched cosine were limited by the maximum gradient slew rate ~150 

mT/m/ms. Alternatively, the trapezoidal gradient can achieve the same b-value at slew rates 

of 60 mT/m/ms. For this reason, the best choice of an OGSE gradient scheme for clinical 

translation may be the trapezoidal gradient, as the shape of this gradient results in higher b-

values, compared to the other gradient forms, without any appreciable contamination by 

higher-order harmonics (Fig 1.). The trapezoidal gradient will be limited by peripheral nerve 

stimulation. The total stimulation threshold, which will prevent the sequence from running, 

was exceeded for slew rates higher than 60 mT/m/ms. Future OGSE projects could focus on 

modifying the waveform for improved feasibility on clinical systems. There have been 

findings that indicate it is possible to circumvent nerve stimulation limitations by greatly 

increasing oscillation frequency into the kHz range (43,44), which could, given hardware 

improvements, correspond to sensitivity towards sub-micrometer length scales.

Matching D(t) from pulsed gradients (Monopolar, STEAM) and oscillating gradients 

(trapezoidal, cosine, and stretched cosine) [Fig.1] showed a visually smoother transition, 

when using the correspondence derived in equation [6]. This suggests that for the short-time 

limit, the factor of 9/64 is appropriate and necessary. Studies combining PGSE and OGSE 

sequences have been gaining considerable popularity within the MR community (45–48). 
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Before attempting to advance modeling towards clinical applications, it is important to 

understand how OGSE behaves within particular limits. This study only focused on the S/V 
limit. Future studies could also attempt to measure OGSE parameters within the approach of 

the long time (tortuosity) limit. A similar analysis of long-time limit is expected to show a 

different, model-specific correspondence of t and f within that limit (49), thereby allowing 

modeling effects of various disorder geometries (8) for both pulsed gradients and oscillating 

gradients for each disorder universality class.

The clinically acceptable measurement parameters of the proposed OGSE approach, 

demonstrated in this calibration experiment, offer an exciting perspective of mapping S/V in 

human subjects. In particular, this may apply for diffusion applications where the sizes of 

restrictions match or even exceed those of the fibers in our phantom, such as muscle (50), 

breast (51), and prostate (52). However, when moving to in vivo applications the D0 is 

typically unknown, and may be different between multiple compartments (53).

Conclusions

In this study, we demonstrated the feasibility of performing surface-to-volume ratio 

estimations with a clinical whole-body 3T MR system. Our results on a well-characterized 

phantom can be used to calibrate OGSE acquisitions and microstructural diffusion modeling 

techniques, by comparing with derived parameters from non-diffusion MR modalities such 

as spin echo and (PnP-)MRF. Furthermore, as the measurement parameters are within a 

clinically acceptable range, this calibration experiment offers an exciting perspective of 

mapping surface-to-volume ratio in humans.

Supplementary Material

Refer to Web version on PubMed Central for supplementary material.
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ADC Apparent Diffusion Coefficient

PGSE Pulsed Gradient Spin Echo

OGSE Oscillating Gradient Spin Echo

STEAM Stimulated Echo Acquisition Mode

SE Spin Echo
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PnP-MRF Plug-and-Play Magnetic Resonance Fingerprinting

MRF Magnetic Resonance Fingerprinting

PD Proton Density

DTI Diffusion Tensor Imaging

DWI Diffusion Weighted Image

MD Mean Diffusivity

FA Fractional Anisotropy

ROI Region of Interest

EPI Echo Planar Imaging
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Figure 1. 
OGSE diffusion gradient waveform for 40 Hz with 10 periods and EPI train during one TR 

and the corresponding gradient modulation power spectra, |F(f)|2, for (A) trapezoid, (B) 

cosine, and (C) stretched cosine gradients.
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Figure 2. 
Demonstration of the post-processing steps on an EPI b = 0-image (A) from phantom 1 (top) 

and phantom 2 (bottom) derived from the trapezoidal gradient waveform first denoising 

using Marchenko-Pastur Principle Component Analysis (B) followed by Gibbs Ringing 

correction via local subvoxel shifts (C).
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Figure 3. 
Time dependence of the diffusivity D in the 4 fiber bundles of Phantom 2 measured using 

different OGSE waveforms with f converted to time, t, according to (A) teff = 1/(4f) and (B) 

, as well as using PGSE and STEAM measurements from Phantom 2. The 

black points represent the mean diffusivity of surrounding water. The colored dots are the 

radial diffusivities within the fiber bundles. The colored dashed lines connect OGSE and 

PGSE. Axial cross section of both fiber phantoms showing (C) SE and (D) MRF derived 

PD, illustrating the difference in water fraction between fiber bundles. The labels on (C) 
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correspond to the ROIs used for D(t) shown on (A) and (B). (E) FA map at long t illustrating 

the difference in anisotropy between fiber bundles, with higher FA corresponding to lower 

water fraction.
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Figure 4. 

(A) Asymptotically linear dependence of D(ω) on  as the signature of the S/V limit is 

visible for all gradient waveforms, showing fits with c = 1.2. The points to the left of vertical 

dashed line are included in the fit. The horizontal dashed line is the value of D0 that is fixed 

to the mean value of λ1 (B) Sketch of fiber bundle cross-section for estimating typical 

distance between fibers, assuming strong short-range order (a triangular lattice).

Lemberskiy et al. Page 20

NMR Biomed. Author manuscript; available in PMC 2018 May 01.

A
uthor M

anuscript
A

uthor M
anuscript

A
uthor M

anuscript
A

uthor M
anuscript



Figure 5. 
(A) Correlation plots comparing OGSE-derived S/V, Eq (1), to S/V derived from PD 
measurements, Eq (2), using either MRF (x) or SE (+). OGSE derived S/V as a function of 

c, a multiplicative factor that defines the number of points used per fit, cf. the text around 

Eq. (8). (B) Bland-Altman plot showing no systematic difference in S/V estimation.
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Table 1

Summary of scan parameters used for diffusion-weighted imaging.

Parameters
Oscillating Gradient Pulsed Gradient

Phantom 1 Phantom 2 Phantom 1 Phantom 2

TR (ms) 10000 10000 22500S

10000M
22500S

10000M

TE (ms) 300 300 56S

82M
56S

82M

Voxel Size (mm) 1.5×1.5×5.0 1.5×1.5×5.0 1.5×1.5×5.0 1.5×1.5×5.0

FOV (mm) 192×192×110 120×120×90 192×192×130 120×120×90

# of Slices 22 18 26 18

Bandwidth (Hz/px) 1500 1500 1490 1490

# of Directions 12 6 12 12

b-values (s/mm2)
160T

120C

160SC

160T

120C

160SC
2 Shells: 160&500 2 Shells: 160&750

# of b=0 images 2 2 2 2

f (Hz) or Δ (ms)
43 pts: (20.4–100)T

34 pts: (23.8–100)C

34 pts: (23.8–100)SC

40 pts: (20.4–100)T

33 pts: (23.8–100)C

33 pts: (23.8–100)SC

15 pts: (21–100)S

10 pts: (25–1000)M
15 pts: (21–100)S

10 pts: (25–1000)M

δ (ms) n/a n/a 10 10

*
STEAM=S, Monopolar=M,Trapezoid=T, Cosine=C, Stretched Cosine=SC, PH1= Phantom 1, PH2=Phantom 2
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Table 2

Summary of scan parameters used to derive proton density (PD).

Parameters Spin Echo (SE) PnP-MRF

TR (ms) 10000 7.0

TE (ms) [10, 200,400,600,800,1000] 3.4

Voxel Size (mm) 0.5 × 0.5 × 5.0 0.5 × 0.5 × 5.0

FOV (mm) 192 × 192 × 45 184 × 184 × 5

# of Slices 9 1

Bandwidth (Hz/px) 250 570
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