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CHAPTER I 

INTRODUCTION 

 

Brief history of NMR  

Nuclear magnetic resonance (NMR) is a physical phenomenon in which nuclei in 

a magnetic field absorb and re-emit energy at a specific resonance frequency. It is a way 

to exploit the molecular properties of materials non-invasively via applying magnetic 

field and electromagnetic radiation simultaneously. Since its discovery, NMR has been 

widely adapted and applied to various fields, including biology, chemistry, physics, 

medicine, food science and the petroleum industry. A brief look at the NMR related 

Nobel Prizes reveals the discovery, development, and applications of NMR spectroscopy. 

In 1922, the German physicists Otto Stern and Walther Gerlach conducted the famous 

Stern-Gerlach experiment (1), from which the existence of spin quantization was 

inferred.  The concept of spin was then proposed and gradually understood in the 1920s. 

In 1933, Otto Stern discovered the magnetic moment of the proton and thus confirmed 

that the proton exhibits spin as well (2). The Nobel Prize in Physics 1943 was awarded to 

Otto Stern for this discovery.  

Using an extended version of the Stern-Gerlach apparatus, Isidor Isaac Rabi and 

colleagues developed a molecular beam resonance method for measuring nuclear 

magnetic moments (3,4). It was demonstrated that the magnetic spin states of nuclei 

could be switched from one state to the other using a varying magnetic field. They also 

discovered that the state transitions could be realized by varying the frequency of 

radiofrequency fields. The Nobel Prize in Physics 1944 was awarded to Rabi for his 

resonance method for recording the magnetic properties of atomic nuclei.  

The Nobel Prize in Physics 1952 was awarded jointly to Felix Bloch and Edward 

Mills Purcell for their development of new methods for nuclear magnetic resonance 

measurements. Quite different from the molecular beam resonance method, Bloch and 

Purcell independently observed the resonance phenomena in condensed materials 

containing protons. Although the same phenomena were involved, their experiments were 

much different. Purcell and colleagues had been able to observe the absorption of 

radiofrequency energy caused by the state transitions (5), while Bloch and colleagues 
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focused on the re-emission of radiofrequency energy induced by the perturbed 

magnetization (6). These studies laid the foundation for the widespread use of NMR in 

analytical chemistry. 

The Nobel Prize in Chemistry 1991 was awarded to Richard Ernst for his 

contributions towards the development of Fourier Transform NMR spectroscopy. In the 

first few decades of NMR spectroscopy, NMR absorption spectra were typically obtained 

using a fixed magnetic field and varying the RF frequency. This technique is slow since it 

detects only a narrow region of a spectrum at a time. Ernst introduced pulsed Fourier 

Transform (FT) NMR spectroscopy to efficiently obtain spectra over a range of 

frequencies that were inversely proportional to the pulse duration. Thus, the sensitivity of 

NMR techniques increased dramatically. It should be noted that the time-domain signals 

must be Fourier transformed in order to obtain the frequency-domain NMR spectra.  

The development of FT NMR methods had significant influence on NMR 

applications. Multi-dimensional FT NMR experiments were widely applied for studying 

biomolecules. Kurt Wüthrich won the Nobel Prize in Chemistry 2002 for determining the 

three-dimensional structure of biological macromolecules in solution using NMR 

spectroscopy. NMR spectroscopy has been developed into an essential tool studying the 

structure, dynamics, and interactions of biological macromolecules. 

Another exciting application of NMR spectroscopy began in 1973 when Paul 

Lauterbur introduced magnetic field gradients to spatially vary resonance frequencies (7). 

The NMR frequency could be used as a measure of position along the gradient direction, 

and further, 2D images could be obtained by repeating the measurement along different 

gradient directions. Meanwhile, Peter Mansfield developed methods to selectively excite 

a region within a sample and a theory of MR image formation based on multidimensional 

Fourier transforms (8). Peter Mansfield also developed echo-planar imaging for fast 

imaging acquisition (9). The Nobel Prize in Physiology or Medicine 2003 was awarded 

jointly to them for their discoveries concerning magnetic resonance imaging.     
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Basic principles of NMR and MRI 

In physics, Larmor precession describes the motions of magnetic moments about 

an external magnetic field. The basic NMR relationship is  

 ω = γ B0   [1.1] 

where ω is the Larmor frequency, γ is the gyromagnetic ratio, and B0 is the external 

magnetic field strength. Resonance absorption is expected to occur only when the 

frequency of applied electromagnetic radiation is equal to the Larmor frequency ω. As an 

example, the Larmor frequency for protons at 7T is ~ 300 MHz. 

In an equilibrium state, the macroscopic nuclear magnetization (M = (Mx,My,Mz)) 

is parallel to the applied external magnetic field. By applying radiofrequency energy, the 

magnetization can be rotated away from its equilibrium position (M0). It will then precess 

about the magnetic field at the Larmor frequency and return to its equilibrium state due to 

relaxation. Bloch proposed a set of macroscopic equations to describe the time evolution 

of magnetization (6). 

 

dMx (t)
dt

= γ (M (t)× B(t))x −
Mx (t)
T2

dMy(t)
dt

= γ (M (t)× B(t))y −
My(t)
T2

dMz (t)
dt

= γ (M (t)× B(t))z −
Mz (t)−M 0

T2

  [1.2] 

T1 and T2 are longitudinal and transverse relaxation times, respectively. B(t) is the applied 

magnetic fields including the static magnetic field B0 and the radiofrequency pulses. The 

use of a rotating reference frame helps better visualize the magnetization evolution under 

the action of RF pulses (10). Note that Bloch equations are macroscopic equations. They 

do not describe the evolution of individual nuclear magnetic moments, which would 

require a quantum mechanical description.  

To obtain MR images, Lauterber proposed to spatially vary resonance frequencies 

using magnetic field gradients (7). With such a gradient, the Larmor frequency is position 

dependent and becomes 

 ω (x) = γ (B0 +Gx)   [1.3] 

where G is the gradient amplitude in direction x. Recall that the time-domain signal is the 

Fourier transform of the frequency-domain NMR spectrum. The measured signal (s(t)) 
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could further be converted to the spin density of the sample  (ρ(x)) along direction x via 

Eq. [1.3]. Mathematically, the accumulated phase due to the applied gradient is 

 φG (x,t) = −γ x dt 'G(t ')
0

t

∫   [1.4] 

The signal in reference frame rotating at ω 0 = γ B0  is given by  

 s(t) = dxρ(x)eiφG (x, t )∫   [1.5] 

This can be rewritten as  

 s(k) = dxρ(x)e− i2πkx∫   [1.6] 

where the spatial frequency k is a function of time and gradient. 

 k(t) = γ
2π

dt 'G(t ')
0

t

∫   [1.7] 

Eq. [1.6] shows that the signal s(k) is the Fourier transform of the spin density of the 

sample along gradient direction x. The spin density is therefore the inverse Fourier 

transform of the singal: 

 ρ(x) = s(k)ei2πkx dk∫   [1.8] 

This Fourier relationship between signal and spin density is a basic relationship that can 

be extended to 2 and 3 dimensions and forms the basis for MR image acquisition and 

reconstruction. 

 

Basic principles of Diffusion MRI 

Diffusion is the random translational (or Brownian) motion of molecules or ions 

that is driven by internal thermal energy. Fick devised two differential equations to 

quantitatively describe diffusion of molecules under a net flux over a concentration 

gradient (11). 

 
J(r,t) = −D∇c(r,t)
∂c(r,t)
∂t

= D∇2c(r,t)
  [1.9] 

where J is the flux of particles at spatial position r and time t, D is the diffusion 

coefficient and c(r,t) is the concentration of particles. To describe self-diffusion in the 

absence of internal concentration gradients, such as molecular motions in pure water, it is 
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possible to use Fick’s second law of diffusion with c(r,t) replaced by a probability 

function P(r0|r,t) which gives the probability of a particle having moved from position r0 

to position r over time t. 

 ∂P(r0 r,t)
∂t

= D∇2P(r0 r,t)   [1.10] 

The solution for free diffusion is: 

 P(r0 r,t) = (4πDt)
−1/2 exp[−(r − r0 )

2 / 4Dt]   [1.11] 

 which has a Gaussian dependence on the displacement. For the study of diffusion in 

biological systems, the free movements of water molecules may be hindered or restricted 

by a wide range of factors like the presence of cellular membranes, high concentrations 

of proteins and binding to macromolecules. The displacement probability is then not well 

represented by a simple Gaussian distribution, but the deviations from Gaussian 

distribution may provide useful information about the geometrical constraints and tissue 

microstructure. 

Diffusion measurements by NMR rely on detecting the signal loses caused by 

diffusion dependent phase dispersal in an applied gradient field. The study of diffusion 

using NMR goes back to 1950 when Erwin Hahn first described the effects of self-

diffusion on spin-echo signal (12). Herman Carr and Edward Purcell extended Hahn’s 

analysis and quantified the molecular self-diffusion coefficient of water via measuring 

the transverse relaxation time under a constant magnetic field gradient (13). Torry 

extended the Bloch equations by the addition of diffusion terms (14), based on which, 

Stejskal and Tanner further studied the effect of a time-dependent magnetic field gradient 

on the spin-echo experiment and developed the pulsed gradient spin-echo (PGSE) 

method to directly measure the molecular diffusion rate (15). The conventional PGSE 

sequence is shown in Figure 1.1. A π/2 excitation pulse rotates the magnetization from 

the longitudinal direction to the transverse plane, after which all the spins have the same 

initial phase and are phase coherent. A first magnetic field gradient (magnitude G) causes 

a position-dependent frequency change Δω = γGr1  where r1 is the current spin position. 

Assuming the gradient duration δ is short, the spins acquire a position-dependent phase 

φ1 = γδGr1  at the end of the first gradient. The π refocusing pulse functions to reverse the 

phase, after which a second gradient leads to another phase change φ2 = −γδGr2  where r2 
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is the spin position when the second magnetic gradient field is on. If all spins are 

stationary, r1 = r2 such that all spins have zero phase ( (φ1 +φ2 ) = 0 ) at the time of data 

acquisition.  

 

         
Figure 1.1 Conventional PGSE sequence. The pulse sequence can be sensitized for 

diffusion by the application of a pair of pulsed magnetic field gradients surrounding the π 

pulse with gradient amplitude G, duration δ and separation Δ. 

 

However, if spins change spatial positions during the separation Δ, the phase 

induced by the second gradient no longer cancels the phase induced by the first gradient (

(φ1 +φ2 ) ≠ 0 ). Therefore, application of magnetic field gradients in the presence of 

diffusion leads to phase dispersal across the sample, which in turn leads to phase 

cancellation and hence signal loss when signal is acquired from the entire sample.  

The Bloch-Torry equations can be used to describe the precessing magnetization 

mathematically. The precessing magnetization (Ψ(r,t) ) unaffected by relaxation can be 

described by 

 
 

∂Ψ(r,t)
∂t

= −iγ rG(t)Ψ +∇ iD∇Ψ   [1.12] 

The solution is  

 Ψ(r,t) = M 0 exp(−bD − irF(t))   [1.13] 

where  

  

 
F(t) = γ G(t ')dt '

0

t

∫
b(t) = γ | F(t ') |2 dt '

0

t

∫
  [1.14] 
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For free diffusion measured with the PGSE sequence, the signal would be an exponential 

decay: 

 S = S0e
−bD   [1.15] 

where the diffusion weighting factor b is  

 b = γ 2δ 2G2 (Δ −δ / 3)   [1.16] 

The effective diffusion time is usually defined as Δeff = Δ −δ / 3 .  

 

 
Figure 1.2 The simulated results for 1D restricted diffusion between two impermeable 

planes.  The position of a typical particle is shown in (a). The mean square displacement 

(blue curve) is shown in (b). The black line in (b) represents the expected mean square 

displacement based on Einstein relation. The simulated signal and ADC for PGSE 

measurement are shown in (c) and (d), respectively.     

 

Figure 1.2 shows the simulated results for diffusion between two impermeable 

planes separated by a distance of 10 µm with the intrinsic diffusion coefficient D = 1 

µm2/ms. Figure 1.2 (a) shows the location of a typical particle. The blue curve in Figure 

1.2 (b) shows the values of mean square displacement. The black line represents the 

expected MSD for free diffusion with the same diffusion rate based on the Einstein 

relation. Figure 1.2 (c) shows the simulated signal for PGSE measurement with constant 
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gradient strength, and Figure 1.2 (d) shows the simulated ADC. In a system with 

restricting barriers, at extremely short diffusion times (when most spins have not moved 

to the barrier), water diffusion appears Gaussian and the mean square displacement of 

molecules along a gradient direction increases in proportion to t  as predicted by the 

Einstein relation < L >2= 2Dt  where <L> is the root mean square displacement. When 

the distance moved in the diffusion time is comparable with the sizes and spaces of 

structures, the measured apparent diffusion coefficient (ADC) decreases and reflects the 

dimensions of such barriers. At extremely long diffusion times (when all diffusing spins 

have encountered boundaries many times), the measured ADC is asymptotic and does not 

distinguish different sizes of restrictions. Thus, to measure barrier sizes or be sensitive to 

structures below this scale, it is necessary to make the diffusion time short enough. 

However, due to gradient hardware limitations, the shortest diffusion times practical 

using typical MRI scanners are about 10-20 ms. The corresponding one-dimensional root 

mean square displacements (RMSDs) of diffusion molecules are then on the order of 10 

µm (assuming D = 3 µm2/ms), which limits the information obtainable on sizes smaller 

than this, which is typical of cell dimensions in biological tissues.  

 

Basic principles of Temporal Diffusion Spectroscopy 

The Bloch-Torrey equations are phenomenological equations. This approach 

could help understand the signal decay in a simple way but it does not connect the signals 

with structure properties directly. Using a density matrix calculation, Stepisnik analyzed 

the self-diffusion measurements under gradients with more general shapes (16,17). The 

results showed that the NMR response can be related to the spectrum of the single-

particle velocity autocorrelation function (<v(t1)v(t2)>), the shape of which then contains 

information about the structure of the medium. Briefly, the attenuated signal due to the 

diffusion gradient g(t) can be expressed as 

 S = S0 exp − 1
2

F(t1) < v(t1)v(t2 ) > F(t2 )dt1 dt20

∞

∫0
∞

∫⎧
⎨
⎩

⎫
⎬
⎭

  [1.17] 

where F(t) is the time integral of diffusion gradient 

 F(t) = γ g(t ')dt '
0

t

∫   [1.18] 
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The Fourier transform of the velocity autocorrelation function is then the temporal 

diffusion spectrum D(ω )  where 

 D(ω ) = 1
2

< v(t)v(0) >
0

∞

∫ exp(−iωt)dt   [1.19] 

Hence, Eq[1.17] becomes 

 S = S0 exp(−
1
π

F(ω )
0

∞

∫ D(ω )F(−ω )dω   [1.20] 

where the spectrum of the time integral of diffusion gradient is  

 F(ω ) = dt exp(−iωt)F(t) =
0

∞

∫ dt exp(−iωt) dt 'γ g(t ')
0

t

∫0

∞

∫   [1.21] 

 It is evident that the attenuated signal is dependent on the diffusion spectrum and 

gradient waveforms. F(ω) can be considered as a spectral sampling window. Using 

appropriately designed gradient waveforms, the diffusion spectrum D(ω) may be sampled 

at well-defined single frequencies, and by varying the sampling frequencies, an apparent 

diffusion spectrum can be obtained (18).  

Figure 1.3 shows three typical diffusion gradient waveforms and their 

corresponding sampling spectra. It is evident that the conventional PGSE method detects 

mainly the zero-frequency component. The sine-modulated oscillating gradient spin echo 

method (sin-OGSE) samples the diffusion spectrum at the applied oscillating frequency 

and zero-frequency components. The cosine-modulated OGSE (cos-OGSE) method 

probes a narrow range of frequencies centered at the applied oscillating frequency, so, it 

is more suitable for sampling the apparent diffusion spectrum.  
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Figure 1.3 Three typical diffusion gradient waveforms and their corresponding sampling 

spectra. 

 

Similar to the PGSE method, the diffusion weighting factor b can be calculated 

from Eq. [1.14]. For the sin-OGSE method shown in Figure 1.2, the calculated b-value is 

 bsin =
3γ 2G2σ
4π 2 f 2

  [1.22] 

where σ is the duration of each gradient pulse, and f is the oscillating frequency. For the 

cos-OGSE method, the result is 

 bcos =
γ 2G2σ
4π 2 f 2

  [1.23] 

The concept of diffusion time is not explicitly defined when the gradient is not a 

narrow pulse. Based on the equivalence of b-values between PGSE and OGSE sequences, 

an effective diffusion time for a cosine-modulated OGSE sequence is: 
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 Δeff =
1
4 f

  [1.24] 

It is worth noting that the measured ADC values are unlikely to be the same for PGSE 

and OGSE measurements with the same effective diffusion time. Figure 1.4 (a) shows the 

simulated ADC values at different effective diffusion times for water diffusing inside an 

impermeable sphere with radius = 5 µm. Figure 1.4 (b) shows the simulated ADC values 

at Δeff = 5 ms for water diffusing inside an impermeable sphere of different radii.  With 

the same effective diffusion time, the PGSE and cos-OGSE methods usually lead to 

different ADC values.  

 

 
Figure 1.4 Comparison of ADC values measured with PGSE and cos-OGSE methods 

under the same effective diffusion time. Figure 3(a) shows the case of fixed sphere radius 

and varied Δeff. Figure 3(b) shows the ADC values for different radii with Δeff = 5 ms.  

 

Organization of this Dissertation 

OGSE MRI has previously been used to demonstrate how diffusion spectra 

change in various biological tissues, such as tumor (19) and stroke (20). Diffusion 

measurements at different frequencies (diffusion times) may be sensitive to structures of 

different scales and the measured ADCs at high frequencies may better detect intra-

cellular microstructural variations (21-24). It has also been successfully implemented for 

earlier detection of tumor treatment response (25). Besides the information provided by 

single ADC measurements, the manner in which ADC disperses with gradient frequency 

(or diffusion time) provides information on the characteristic dimensions of structures 

within a medium. For example, the dispersion of ADC with oscillating gradient 
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frequency (ΔfADC) has been shown to correlate with axon sizes in white matter (26) and 

provide novel tissue contrast in images of mouse hippocampus and cerebellum (27,28). 

However, despite increasing interest in applying frequency-dependent ADC to derive 

novel information on tissue, the relation between ADC spectra and restricting sizes are 

not always clear. Meanwhile, to better characterize the tissue microstructure, the direct 

quantitation of restricting dimensions may be more helpful. To this end, several previous 

studies have tentatively measured the cell sizes in vitro through OGSE measurements, but 

with the simplest one-pool mathematical model (24,29,30). In this thesis, we will first 

study the relation between ADC spectra and restricting dimensions and then move to 

quantify the restricting dimensions with more realistic models and more optimized 

diffusion measurements.  

In chapter 2, the relation between ADC spectra and restricting dimensions are 

further elucidated and used to derive novel image contrast related to the sizes of intrinsic 

microstructures. This is the first contribution of this thesis.  

Recently, several PGSE-based diffusion approaches have been proposed to 

measure axon and/or cell sizes quantitatively (31-33). For simplicity, those approaches 

usually ignored water exchange between the intra- and extracellular spaces. With shorter 

effective diffusion times, OGSE may be less affected by permeability changes and thus 

more suitable for estimating structural sizes with the assumption of negligible water 

exchange. The influence of cell membrane permeability on MR diffusion measurements 

is studied in depth in chapter 3. The experimental study of the effects of permeability on 

OGSE measurements is the second contribution of this thesis.  

With shorter effective diffusion times, OGSE may be able to detect small 

structures with higher sensitivity than PGSE. The sensitivity and performance of OGSE 

for quantitative measurements of structural sizes is explored in chapters 4-5. Chapter 4 

considers the simplest one-pool model where water is allowed to diffuse only within 

impermeable cylinders. In biological tissues, water can exist in both the intra- and 

extracellular spaces. As a simple two-pool model, the white matter tracts in rat spinal 

cord were used to examine the performance of OGSE (34). While the OGSE methods are 

sensitive to small axons, simulations suggest that OGSE would significantly 

underestimate the axons with diameters larger than 6 µm. In chapter 5, we combined 
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OGSE measurements with a single PGSE acquisition at relatively long diffusion time to 

accurately measure large cell sizes (up to 20 µm). Extending the measured diffusion 

frequency (diffusion time) ranges is the third contribution of this thesis to the quantitative 

measurements of tissue microstructure using temporal diffusion spectroscopy.  
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CHAPTER II 

STRUCTURAL INFORMATION REVEALED BY TEMPORAL DIFFUSION                           
SPECTROSCOPY 

 
Abstract 

Diffusion MRI provides a non-invasive means to characterize tissue 

microstructure at varying length scales. Apparent diffusion coefficients (ADCs) of tissue 

water may be measured at relatively long diffusion times with conventional pulsed 

gradient spin echo (PGSE) methods, or at much shorter effective diffusion times using 

oscillating gradient spin echo (OGSE) methods. The manner in which ADC disperses 

with gradient frequency (or diffusion time) provides information on the characteristic 

dimensions of structures within the medium. For example, the dispersion of ADC with 

oscillating gradient frequency (ΔfADC) has been shown to correlate with axon sizes in 

white matter and provide novel tissue contrast in images of mouse hippocampus and 

cerebellum. In this study, the relation between ADC spectra and restricting dimensions 

are further elucidated and used to derive novel image contrast related to the sizes of 

intrinsic microstructures.  

 

Introduction 

Diffusion MRI provides a non-invasive means to characterize tissue 

microstructure, and has been widely used to detect stroke and monitor tumor response to 

therapy (35-38). The apparent diffusion coefficients (ADCs) measured at different 

diffusion times are believed to reflect the structural hindrances and restrictions to free 

water movement at varying length scales (18). Conventional pulsed gradient spin echo 

(PGSE) measurements of ADC in biological tissues usually involve relatively long 

diffusion times (20-40 ms), so the corresponding one-dimensional root mean square 

displacements (RMSDs) of diffusion molecules are on the order of 10 µm. The ADC 

measured with PGSE is thus observed to correlate with cellularity in several types of 

tumors (36,39,40).  

Oscillating gradient spin echo (OGSE) methods have been proposed in order to 

achieve much shorter diffusion times and hence they are able to differentiate smaller 

structures with higher sensitivity (20,41). For example, the measured ADCs at high 
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oscillating frequencies have been shown to convey microstructural variations at sub-

cellular scales, which may help detect earlier tumor response to treatment before changes 

in tissue cellularity (19,23-25). Moreover, by varying the oscillating frequencies, an 

apparent diffusion spectrum can be obtained (41). The manner in which ADC disperses 

with oscillating frequency provides information on tissue structure over a range of 

intrinsic length scales and in general may reflect several tissue properties, but some 

simple features of such spectra have proven empirically useful (18). For example, the 

initial rate of change of ADC with frequency at low frequencies has been shown to 

correlate with axon sizes in white matter (26) and provide novel tissue contrast in images 

of mouse hippocampus and cerebellum (27,28,42). However, despite increasing interest 

in applying frequency-dependent ADC to derive novel information on tissue (30,43-45), 

the interpretations of ADC spectra are not always clear. 

Restricted diffusion with generalized time-varying diffusion gradient waveforms 

has been studied previously (46,47). Specifically for water diffusion inside simple 

geometries using cosine-modulated waveforms, analytical equations describing ADC as a 

function of frequency have been derived and validated (47-49). In this study, the theory 

of water diffusion inside an impermeable cylinder was re-examined with emphasis on the 

rate of frequency-dependent changes in ADC. From this, a simple relation between the 

rate and cylinder size can be derived for limited ranges of parameters. Simulations and 

experiments were further studied to illustrate this relation. This study may help better 

understand the information revealed by the behavior of ADC with frequency and suggests 

a novel type of parametric image that depicts structural dimensions. 

 

Methods 

Theory 

For an OGSE sequence with a pair of cosine-modulated gradients on either side of 

a refocusing pulse, the diffusion weighting b-value is: 

   [2.1] 

Here γ is the nuclear magnetogyric ratio, G the maximum gradient amplitude, δ the 

gradient duration, and f the diffusion gradient oscillation frequency. Based on the 

b = γ
2G2δ

4π 2 f 2
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equivalence of b-values between OGSE and PGSE sequences (20), the effective diffusion 

time (Δeff) for a cosine-modulated OGSE sequence is:  

 Δeff =
1
4 f

  [2.2] 

Using a Gaussian phase approximation (50,51), which is accurate enough for most 

practical applications (48), the measured ADC for diffusion inside impermeable cylinders 

can be expressed as  

 
ADC( f ,D,R) = 8π 2

k
∑ Bkλk

2D2 f 2

δ (λk
2D2 + 4π 2 f 2 )2

×

δ (λk
2D2 + 4π 2 f 2 )
2λkD

−1+ exp(−λkDδ )+ exp(−λkDΔ)(1− cosh(λkDδ ))
⎧
⎨
⎩

⎫
⎬
⎭

                  [2.3] 

where D is the free diffusion coefficient, R is the cylinder radius, Δ is the gradient 

separation, Bk and λk are radius-dependent coefficients (47,52). 

 Bk =
2(R / µk )

2

µk
2 −1

     and     λk =
µk

R
⎛
⎝⎜

⎞
⎠⎟

2

  [2.4] 

where 𝜇! is the kth root of J!! µμ = 0 and J! is a Bessel function of the first kind. Note that 

similar expressions describe diffusion inside spheres. The ADC depends strongly on the 

ratio of the time required to diffuse across the space compared to the period of the 

gradient. In general we can identify three distinct regimes: 

when  f >> D
R2  

there is very little dependence on the radius, 

when f << D
R2

 the ADC should vary approximately as  R4.  

The intermediate regime occurs when f ~ D
R2

. Note that for tissues if D ≈ 1 µm2/ms then 

this regime spans the range of frequencies readily accessible for imaging for structures of 

a few microns in size. The rate of frequency-dependent changes in ADC (ΔfADC = 

∂ADC/∂f) can be readily obtained numerically, and will be shown to first increase and 

then decrease with frequency. If we define f0 as the inflection frequency at which ΔfADC 

reaches its maximum, the corresponding RMSD can be calculated as   

 RMSD( f0 ) =  2DΔeff  =  D
2 f0

  [2.5] 
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Using the theoretical expressions, the behavior of ΔfADC with frequency, radius and D 

were evaluated. 

 
Simulation 

In biological tissues, ΔfADC may be affected by multiple factors, including cell 

size, cell membrane permeability, intrinsic diffusion coefficient, the presence of 

organelles and intracellular water fraction. Moreover, because of limitations on gradient 

hardware and T2 relaxation, previous experimental studies have usually acquired data 

over only a narrow range of frequencies (typically < 200 Hz) (19,23,28,44). Thus, 

computer simulations were performed to study the effects of radius (R), intracellular 

intrinsic diffusion coefficient (Din), and intracellular water fraction (fin) on the measured 

ΔfADC.  The simulations used an improved finite difference method (22,53) and tissues 

were modeled as impermeable cylinders regularly and closely packed on a hexagonal 

lattice. Initial parameters were: Din = 1 µm2/ms, extracellular intrinsic diffusion 

coefficient Dex = 2 µm2/ms, R = 3 µm, and fin = 76%. R, Din, and fin were then varied 

individually to study their effects on ADC measurements. The values of ADC were 

simulated at PGSE(δ/Δ = 3/50 ms), OGSE(50 Hz), and OGSE(100 Hz). ΔfADC at f = 75 

Hz was approximated as: 

Δ f ADC(75 Hz) ≈  ADC(100 Hz)− ADC(50 Hz)
100 Hz − 50 Hz

                                  [2.6] 

In vitro cell experiments 

Murine erythroleukemia (MEL) and human promyelocytic leukemia K562 cells 

were purchased from American Type Culture Collection (ATCC, Manassas, VA). Once 

enough cells were cultured, they were collected and washed with phosphate-buffered 

saline (PBS), and then fixed with 4% paraformaldehyde in PBS for over 2 hours. After 

fixation, cells were centrifuged at 200 g for 2 minutes in a 0.65ml Eppendorf tube to form 

a pellet, and all the liquid on the top was then carefully removed. There were four 

samples of each cell type. Using light microscope images, cell radii were estimated to be 

5.75 ± 0.51 and 9.49 ± 0.57 µm for MEL and K562 cells, respectively. 

NMR diffusion measurements were performed on an Agilent/Varian 7T MRI 

system with a 12 mm Doty micro-gradient coil. An apodised cosine-modulated OGSE 
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sequence (20) with a gradient duration of 25 ms was used to acquire temporal ADC 

spectra from 40 Hz to 360 Hz. An additional PGSE-based ADC was also measured with 

δ/Δ = 4/52 ms. For each diffusion frequency/time, the ADC was calculated from four b-

values evenly distributed from 0 to 0.75 ms/µm2. Other parameters were: TR = 5 s, NEX 

(number of excitations) = 1, receiver bandwidth = 50 kHz, spectral resolution = 390.625 

Hz, TE = 60 ms. The sample temperature was maintained at ~ 17 oC using a cooling 

water circulation system. 

 

Ex vivo animal experiments 

Brain, kidney, and liver samples were freshly excised from six female Athymic 

nude mice (28 – 35 g) after intravascular perfusion and euthanasia. Tissue samples were 

stored in 10% formalin for more than ten days. The samples were then washed in 

phosphate-buffered saline solution for one week prior to MRI study to wash out fixatives 

and restore T2. For each MRI scan, one sample was put inside a 10-mm NMR tube and 

immersed in fomblin to reduce susceptibility effects and prevent dehydration. 

MR images were acquired on the same scanner as used for the in vitro cell 

experiments. All images were acquired using a 2-shot echo-planar imaging sequence. For 

each sample, PGSE data were acquired with δ/Δ = 3/50 ms, while OGSE data were 

acquired with six oscillating frequencies evenly distributed from 50 to 300 Hz with a 

gradient duration of 20 ms. Other parameters were: TR = 5000 ms, TE = 67 ms, NEX = 

8, 10 diffusion directions, b-value = 0.8 ms/µm2, FOV = 10 × 10 mm, slice thickness = 1 

mm, matrix size = 64 × 64, zero-filled to 128 × 128. The maximum gradient strength 

used in this study was 1.42 T/m. ADC and ΔfADC(75 Hz) values were calculated in a 

pixel-by-pixel manner, and further analyses were performed on regions of interest (ROIs) 

which were manually selected in brain cortex, kidney cortex, and liver.  
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Results 

 

 
Fig 2.1 The changes of ADC, ΔfADC and RMSD(f0) with D = 1 µm2/ms (a,b,c,d) and D 

= 3 µm2/ms (e,f,g,h). (a) and (e) show the ADC spectra with R ranging from 1 to 10 µm. 

The corresponding ΔfADC spectra are shown in (b) and (f). f0 is the frequency at which 

ΔfADC reaches its maximum. (c) and (g) show the linear fitting between RMSD(f0) and 

the cylinder radius R, fitted parameters are also provided. The changes of ΔfADC with R 

at frequencies 25, 50 and 100 Hz are shown in (d) and (h), the vertical dashed lines 

represent the corresponding values of RMSD. 

 
Fig 2.1 shows the numerically calculated values of ADC, ΔfADC and RMSD(f0) 

based on Eqs. [2.3-2.5] for two values of D. It is evident that ΔfADC is not a monotonic 

function of f. ΔfADC increases with increasing f at low frequencies but drops after 

reaching a maximum at f = f0. Fig 2.1(b) and 2.1(f) suggest that f0 shifts to higher 

frequency as the free diffusion coefficient D increases. This is consistent with Eq.[2.3] 

which predicts, under some simplifying assumptions, that f0, the inflection point of the 

spectrum, occurs at a value proportional to  D
R2 . The RMSD at f0 (RMSD(f0)) is thus 

found to vary linearly with the cylinder radius. If the ADC spectra were acquired and f0 

were identified, the cylinder radius R could be directly estimated as suggested by Fig 

2.1(c) and 2.1(g). In practice, due to gradient hardware and relaxation limitations, only a 

narrow range of ADC spectra may be obtained. Fig 2.1(d) and 2.1(h) show the changes of 

ΔfADC with R at three different oscillating frequencies (f = 25, 50 and 100 Hz). The 
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corresponding effective diffusion times are 10, 5 and 2.5 ms respectively, and the vertical 

dashed lines represent the corresponding RMSDs. ΔfADC is not a monotonic function of 

R, and becomes larger when the cylinder radius R is close to the corresponding RMSD. 

The range of sizes over which there is a monotonic increase in ΔfADC with R increases 

with increasing D and diffusion times. 

 
Fig 2.2 The simulated changes of ADC and ΔfADC(75 Hz) as a function of R (a,b), Din 

(c,d), and fin (e,f). The effects of R and Din are in good agreement with the theoretical 

predictions.   

  
Fig 2.2 shows the simulated effects of R, Din and fin on ADC and ΔfADC(75 Hz). 

As shown in Fig 2.2(a), ADC increases with increasing R, but the rate of increase is 

diffusion time/frequency dependent. Consistent with Figs 2.1(d), ΔfADC(75 Hz) reaches 
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its maximum when R is close to the RMSD at Din = 1 µm2/ms and f = 75 Hz. Fig 2.2(d) 

shows that ΔfADC(75 Hz) obtains its maximum at Din = 2.25 µm2/ms, the corresponding 

RMSD is 1.3 times larger than the cylinder radius (R = 3 µm). The changes of ΔfADC(75 

Hz) with Din are in good agreement with the results in Fig 2.1(b)(c)(f) and (g). Whether 

Din or f is varied, ΔfADC reaches its maximum when the RSMD is about 1.3 times larger 

than R (Fig 2.1(c)).  

For a two pool model in which the extracellular intrinsic diffusion rate is set to be 

higher than the intracellular rate, it is not surprising that ΔfADC(75 Hz) depends on the 

intracellular fractional volume and the average ADC decreases. In our simulation, 

ΔfADC(75 Hz) increases by about 25% when fin increases 36% to 76%. It should be 

noted that ΔfADC(75 Hz) may decrease with increasing fin in some cases (data not 

shown).  

 
Fig 2.3 The measured ADC spectra for MEL and K562 cells (a). Comparisons of 

ADC(PGSE), ADC(40 Hz), and ΔfADC(60 Hz) for those two cell types (b). The error-

bars indicate the inter-subject standard deviations. Statistical significance was evaluated 

using the paired-sample t-test (* p < 0.005). 

 

The measured ADC spectra for MEL and K562 cells are shown in Fig 2.3(a). Fig 

2.3(b) shows the comparisons of ADC and ΔfADC between those two cell types. ΔfADC 

at 60 Hz was interpolated from two ADC values at 40 and 80 Hz. Though the K562 cell 

radius (R ~ 10 µm) is about twice as large as that of MEL cells (R ~ 5 µm), ADC(PGSE) 

is unable to distinguish them from each other. However, at shorter diffusion times, the 

ADC values of K562 cells are significantly higher than that of MEL cells (p < 0.005), 
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which is in agreement with their size difference. At 17 oC, the intracellular intrinsic 

diffusion coefficient Din is estimated to be about 1 µm2/ms (54). Consistent with Fig 1(a), 

the ADC spectrum of K562 cells increases faster at relatively low frequencies (< 40 Hz) 

than that of the MEL cells. However, at a higher frequency (f = 60 Hz), the RMSD is 

only 2.9 µm and smaller than the cell radii. Then, as predicted, ΔfADC(60 Hz) for K562 

cells (R ~ 10 µm) is smaller than that of MEL cells (R ~ 5 µm).   

 
Fig 2.4 ADC(PGSE) maps, ΔfADC(75 Hz) maps, and ADC spectra for the brain, kidney, 

and liver. ROIs are shown on the ADC(PGSE) maps. The error-bars represent the 

standard deviations for six samples.  

 

Fig 2.4 shows the measured ADC(PGSE) and ΔfADC(75 Hz) maps, and ADC 

spectra, for brain, kidney, and liver tissues. Consistent with previous reports (27,28,42), 

ΔfADC(75 Hz) highlights the granular cell layer of the dentate gyrus (GrDG) in the brain 
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hippocampus. Different from the ADC(PGSE) map,  ΔfADC(75 Hz) shows almost no 

contrast for the kidney cortex and medulla, which suggests that the restricting 

compartments differ in cell density or other ways but may share similar restricting sizes. 

Fig 2.5 shows the ROI-based ADC(PGSE) and ΔfADC(75 Hz) values. Both ADC(PGSE) 

and ΔfADC(75 Hz) differ between tissues. Typical cell sizes for brain, kidney, and liver 

are usually 1-3 (55,56), 10-20 (57,58), and 15-30 µm (59), respectively, and cell density 

is expected to vary inversely with size in close packed tissues. In the regime of 

frequencies and sizes examined the changes of ΔfADC(75 Hz) seen are in agreement with 

those in Fig 2.1(d), so a large value of ΔfADC(75 Hz) does not always mean a large 

restricting size but depends on other experimental variables.  

 

                              
Fig 2.5 Comparisons of ADC(PGSE), and ΔfADC(75 Hz) for brain, kidney, and liver 

tissues.  

 

Discussion 

This study re-examined the restricted diffusion within an impermeable cylinder 

under cosine-modulated OGSE sequences. Our emphasis was to interpret the dispersion 

rate of ADC with oscillating frequency at relatively low frequencies. Whereas ADC 

spectra increase continuously with frequency, they also show inflections so that ΔfADC is 

not a monotonic function of frequency but reaches a maximum when the second 

derivative is zero. This occurs at a frequency that in practice is proportional to the 

cylinder area of R2, when the RSMD is about 1.3 times larger than the cylinder radius R. 
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The RSMD value at the point of inflection is itself a reliable indicator of compartment 

size and varies in direct proportion to R. 

At long diffusion times, water in tissues whose cells have non-zero permeability 

may have encountered restricting barriers or exchanged between the intra- and 

extracellular spaces many times. The measured ADC then may be relatively insensitive to 

the restricting size and is mainly determined by cell density and permeability (60). At 

extremely short diffusion times, only a small fraction of water may experience the 

restrictions or hindrances introduced by barriers. The measured ADC then is close to the 

free diffusion coefficient, which also cannot reflect information on the restricting size. 

However, when the distance moved in the diffusion time is comparable with the 

restricting size, the measured ADC varies strongly with the dimensions between the 

restricting barriers (18). The frequency at which ΔfADC reaches its maximum is then an 

essential feature of ADC spectra that correlates with intrinsic tissue structure.   

The relation between ΔfADC and R derived from the theory can be used to 

explain previous reports (27,28,42). Typical sizes for cells in the cerebellar granule layer 

(CBGr), the granule layer of the dentate gyrus (GrDG), and hippocampal pyramidal layer 

(Py) are 5-10 (61), 10-18 (62), and 20 µm (28,63), respectively. Using the relation 

between ΔfADC and R described above, it is not surprising to observe that CBGr had a 

larger ΔfADC(75 Hz) than GrDG, which in turn had a larger ΔfADC(75 Hz) than Py (28). 

Another previous study observed that the values of ΔfADC(75 Hz) decreased in CBGr 

but increased in brain cortex after mouse death (42). Though the values of ΔfADC(75 Hz) 

changed in opposite directions in those regions, both of them were consistent with 

increased cell size (55,64) and decreased diffusion coefficient (65-67) after death. CBGr 

has a larger radius than the RMSD, so the value of ΔfADC(75 Hz) would decease once 

cell radius increases. However, the neuronal radii in brain cortex are relatively smaller 

than the RMSD, so the increased neuronal radii would be more close to the RMSD after 

death.  

This study suggests that measuring ADC spectra at multiple diffusion 

frequencies/times around f0 is key to obtaining structural dimensions from diffusion 

measurements. Axon sizes in the central nervous system may be as small as 2 µm, such 

as those in the spinal cord white matter tracts and corpus callosum (68). OGSE 
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measurements with higher frequencies (> 200 Hz) would be more sensitive to those small 

axons than conventional PGSE-based measurements (34). However, for cell sizes in the 

range of 5 to 20 µm or larger, measurements at much lower frequencies, such as can be 

achieved using PGSE sequences, may be more suitable. The relative performance of 

different sequences may be readily interpreted in terms of their temporal spectral 

representations.  

 

Conclusion 

In this study, the theory of water diffusion within an impermeable cylinder was 

re-examined to derive the relation between ΔfADC and restricting size. The results 

indicate that ΔfADC passes through a maxium when the restricting radius R is close to the 

corresponding RMSD, and the frequency of this inflection is a reliable indicator of 

compartment size. However, single values of ΔfADC should be interpreted with caution, 

though for low frequencies and larger structures ΔfADC increases with size. This study 

may help better understand the information revealed by the behavior of ADC with 

frequency. 
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CHAPTER III 

TIME-DEPENDENT INFLUENCE OF CELL MEMBRANE PERMEABILITY ON MR 

DIFFUSION MEASUREMENTS 

 

 Abstract 

Cell membrane permeability has an important influence on MR diffusion 

measurements. For example, increased cell membrane permeability following apoptotic 

cell death1 can significantly increase the apparent diffusion coefficient (ADC) because 

water is no longer as restricted. Although several models have previously been developed 

to account for permeability effects, recent studies that have used diffusion data to extract 

axon or cell sizes have usually ignored water exchange between the intra- and 

extracellular spaces for simplicity. This approximation assumes that the cell membrane 

permeability is small, so the intracellular lifetime is much longer than the diffusion time 

(Δeff). Intuitively, the influence of cell membrane permeability should be less pronounced 

at shorter diffusion times. However, the precise nature of this time-dependent influence 

has not been comprehensively quantified. In the current study, we developed an 

experimental protocol to selectively alter cell membrane permeability, and then 

investigated its influence on diffusion measurements over a broad range of effective 

diffusion times (0.4 ms < Δeff < 3000 ms). The influence of cell membrane permeability 

on the measured ADCs is negligible in OGSE measurements at moderately high 

frequencies. By contrast, cell membrane permeability has a significant influence on ADC 

and quantitative diffusion measurements at low frequencies such as those sampled using 

conventional pulsed gradient methods.  

 

Introduction 

    The self-diffusion of water molecules in biological tissues is restricted or 

hindered by intrinsic microstructures, and magnetic resonance methods for measuring 

diffusion obtain only an apparent diffusion coefficient (ADC) which reflects an 

integrated, average effect of restrictions and hindrances at multiple scales. In practice the 

measured ADC of real tissues may depend on the choice of diffusion gradient factors and 

diffusion time, and has been reported to be affected by multiple biophysical properties, 
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including but not limited to cell size (69), cell membrane permeability (60), intracellular 

and extracellular diffusion coefficients (70), cellular volume fraction (71), nuclear size 

(72) and organelles (73). The sensitivity of diffusion measurements to such 

microstructural features provides an opportunity to non-invasively probe pathologic 

changes caused by various diseases, which forms the basis for the widespread use of 

diffusion-based MRI clinically, such as detecting stroke (35), predicting tumor response 

to therapy (36-38), and quantifying white matter structures (74). However, variations in 

ADC usually reflect multiple factors that may simultaneously influence diffusion, so that 

they rarely allow a unique interpretation of underlying causes. To assist better 

interpretation of diffusion data, the precise influence of individual factors on diffusion 

measurements need to be understood, and methods that simplify this multifactorial 

dependence may have practical advantages. In the current study, we focus on the 

influence of cell membrane permeability, and show that its influence may be substantially 

reduced using short diffusion times.  

    Most human cells have a high capacity for rapid water transport that is highly 

regulated, essential for normal biological function and often altered in a variety of disease 

processes including cancer (75). Cell membranes have only finite permeability and 

therefore act as restricting barriers to self-diffusing water molecules in biological tissues. 

The influence of cell membrane permeability on diffusion measurements has been 

previously investigated via theoretical modeling and computer simulations (60,76,77), 

cell culture experiments (77-80), and MR imaging in vivo (81-83). However, these 

previous studies had several limitations. First, they all considered diffusion over 

relatively long diffusion times, so that all water in the sample had a reasonable chance of 

interacting one or more times with a membrane. These previous measurements used 

either pulsed gradient spin echo (PGSE) or stimulated echo (STEAM) sequences, and due 

to practical hardware limitations, the diffusion times were necessarily long. Note that 

theoretical modeling and computer simulations have predicted that, in larger cells, the 

influence of cell membrane permeability should be negligible when very short diffusion 

times are involved because little of the water volume would then interact with the 

restricting membranes (60), but this behavior will depend on the surface to volume ratio 

of cells and has not been experimentally validated. Second, previous studies usually 
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investigated the influence of cell membrane permeability by blocking water channels 

(77,78,81), whereas increases in cell membrane permeability are more physiologically 

relevant in biological tissues when pathological changes occur (84-87). Moreover, the 

blockage of water channels in live cells (78) or animals (81) can cause osmotic stress 

variations that may lead to apoptosis, during which cell size and other cellular features 

may vary, so these experimental approaches may result in variations in multiple cellular 

microstructural properties simultaneously, which complicates their interpretation. 

To investigate the precise relationship between cell membrane permeability and 

diffusion measurements, two modifications to previous approaches were employed in the 

current study. First, we used oscillating gradient spin echo (OGSE) sequences to achieve 

short diffusion times (0.42 – 5 ms), combined with stimulated echo (STEAM) sequences 

to achieve longer diffusion times (11 – 2999 ms), so that a broader range of diffusion 

times could be obtained. There has recently been increasing interest in implementing 

OGSE methods with short diffusion times to probe microstructure at small length scales 

in tissues (18,24), but the influence of cell membrane permeability on OGSE 

measurements has not been investigated before except in simulations (22). Second, a 

different experimental approach was used to selectively increase the cell membrane 

permeability (i.e. to decrease intracellular exchange lifetime τin) without altering other 

cellular features. Compared with previous studies increasing τin by only 7 ms (78), a 

wider range of τin (~ 82 – 317 ms) was achieved. This provided a more comprehensive 

assessment of the influence of cell membrane permeability with greater physiological 

relevance. By these means, a comprehensive investigation of the influence of cell 

membrane permeability on diffusion measurements was performed using both computer 

simulations and experiments in vitro over a broad range of diffusion times without 

interference from other cellular changes, particularly changes in the cell size.  

 

Methods 

Selective change of cell membrane permeability 

Saponin is a natural detergent that selectively removes membrane cholesterols 

(88) and produces small pores (40 – 50 Å) in cell membranes (89). Water molecules can 

diffuse through these pores and hence the cell membrane permeability is effectively 
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enhanced. Note that saponin does not cross cell membranes, so the intracellular structure, 

e.g. nuclear envelope, is unlikely to be altered by saponin treatment. To prevent other 

side effects that may be induced by saponin treatment, only fixed cells were used in the 

current study. By such a means, cell membrane permeability was increased selectively 

without altering other cell properties, and this in turn provides an appropriate model 

system to investigate the precise influence of membrane permeability on diffusion 

measurements. 

 

Sample Preparation 

Human myelogenous leukemia K562 cells were purchased from American Type 

Culture Collection (ATCC, Manassas, VA) and cultured in Dulbecco’s modified eagle 

medium (DMEM) supplemented with 10% fetal bovine serum (FBS), 50 U/ml penicillin, 

and 50 µg/ml streptomycin (Invitrogen, CA) under standard culture conditions in a 

humidified incubator maintained at 5% CO2 and 37 °C. Once enough cells were cultured, 

they were collected and washed with phosphate-buffered saline (PBS), and then fixed 

with 4% paraformaldehyde in PBS for about 2 hours. After fixation, cells were washed 

and divided into three groups, each treated with vehicle (control), low (0.025% w/v) and 

high (0.05% w/v) concentrations of saponin. Briefly, 10% saponin was added to the fixed 

cells (at about 10 million cells per ml) to reach a final saponin concentration of 0.025% 

or 0.05%. After 30 minutes of incubation at room temperature, approximately 30 million 

cells were centrifuged at 6000 g for 2 minutes in a 0.65ml of Eppendorf tube to form a 

pellet, and all the liquid on the top was then carefully removed. The estimated 

intracellular volume fraction was around 72%. There were six samples in each group. To 

confirm that the saponin treatment did not alter cell size distribution, aliquoted samples 

were spotted on glass slides and directly imaged with phase contrast microscopy. Over 

100 cells were measured for each sample. Cell radii were 9.61 ± 0.66, 9.46 ± 0.73, 9.49 ± 

0.56 µm for cell samples with saponin concentrations of 0, 0.025%, 0.05%, respectively. 

 

MR experiments 

NMR diffusion measurements were performed on an Agilent/Varian 7T MRI 

system with a 12 mm Doty micro-gradient coil. Temporal ADC spectra were acquired 
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over a broad range of frequencies and effective diffusion times (0.42 ms ≤ Δeff ≤ 3000 

ms) with five b-values evenly distributed from 0 to 0.6 ms/µm2. The diffusion gradients 

were applied simultaneously on three axes, the maximum gradient strength used was 1.42 

T/m. Short diffusion times were achieved using OGSE sequences with apodised cosine-

modulated gradient waveforms with a duration of 20 ms on either side of a refocusing 

pulse. Twelve oscillating frequencies (f) were evenly distributed from 50 Hz to 600 Hz, 

corresponding to 12 effective diffusion times from 0.42 ms to 5 ms (Δeff =
1
4 f

). Long 

diffusion times (equivalent to sampling low frequencies) were achieved using STEAM 

with a pulsed gradient duration δ = 3 ms. Twelve different effective times from 11 ms to 

2999 ms were acquired by varying the mixing time TM but keeping the other parameters 

the same. A 3 mm axial slice crossing the middle of cell pellets were excited for the 

collection of NMR signals. By such a means, potential B1 inhomogeneity and gradient 

non-linearity effects at the edges of the cell pellets were avoided. Other parameters were: 

TR = 5 s, NEX (number of excitations) = 2, the number of dummy scans = 2, receiver 

bandwidth = 50 kHz, spectral resolution = 390.625 Hz, TE = 50 or 15 ms for OGSE and 

STEAM sequences, respectively. The sample temperature was maintained at ~ 17 oC 

using a cooling water circulation system. The acquisition time of each diffusion 

frequency/time was about 1 min. 

The intracellular exchange lifetimes were estimated using constant gradient (cg-) 

experiments as described by Meier et al. (76,82). With the same STEAM sequence, 

diffusion weighting was achieved by keeping δ = 10 ms and varying the gradient 

separation Δ in 30 increments. The maximum Δs were 542, 310, 165 ms for cell samples 

with saponin concentrations of 0, 0.025%, 0.05%, respectively. Each experiment was 

repeated with two different gradient amplitudes, g = 5 and 150 mT/m. The higher 

gradient amplitude data were normalized by the lower gradient amplitude data to 

compensate for any T1 relaxation effects (82). After normalization, the ADC of the 

slowly decaying component (DB) was determined by linear regression using the last 10 

data points (shown in Figure 3.1). The intracellular exchange lifetime τin was then derived 

as (76) 
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 τ in =
1

γ 2g2δ 2DB

  [3.1] 

where  is the nuclear magnetogyric ratio. The cell membrane permeability Pm can then 

be derived as (76,90) 

 
  
Pm =

3τ in

R
− R

5Din

  [3.2] 

where R is the cell radius and Din is the intracellular intrinsic diffusion coefficient.  

 

Simulations 

Computer simulations were performed based on the cell membrane permeabilities 

derived from experiments, i.e. 0, 0.01, 0.019, 0.044 µm/ms. The simulations used an 

improved finite difference method (22,53) and tissues were modeled as spherical cells 

regularly packed on a face-centered cube (FCC) lattice with intracellular fraction of 68%. 

The extracellular intrinsic diffusion coefficient was assumed to be the same as the free 

water diffusion coefficient at 20 oC, i.e. Dex = 2 µm2/ms (91), and the intracellular 

intrinsic diffusion coefficient Din was assumed to be one-half of the free water diffusion 

coefficient (54), i.e. Din = 1 µm2/ms. Five different cell radii, R = 2.5, 3.75, 5, 7.5, 10 µm, 

were simulated to investigate the coupled influence of cell size and membrane 

permeability. The MR sequence parameters were the same as were used in the 

experiments.  

 

Results 

Figure 3.1 shows the signal intensities measured in cg-experiments as a function 

of b-value for cells with three different concentrations of saponin. Note that the error-

bars, as determined by the standard deviations of six samples in each group, were smaller 

than the symbol sizes in most cases. The straight lines represent the linear fitting for the 

natural logarithm of the last 10 data points and their b-values (82). The samples treated 

with higher concentrations of saponin showed more rapid signal decays, which indicated 

larger ADC and higher cell membrane permeability. The τin’s were estimated using 

Eq.[3.1] to be 317 ± 17 ms, 183 ± 13 ms, and 82 ± 4 ms for the cell samples with saponin 

concentrations of 0, 0.025%, and 0.05%, respectively. With the approximation that the 

γ
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intracellular intrinsic diffusion coefficient Din is about one-half of the free water diffusion 

coefficient at the same temperature (54), Din was assumed to be 1 µm2/ms, and the 

corresponding mean cell membrane permeabilities were then estimated using Eq.[3.2] as 

0.011, 0.019, and 0.044 µm/ms.  

 

                       
Figure 3.1 Signal intensities as a function of b-value for cg-experiments with different 

concentrations of saponin. The red straight lines indicate the best linear regressions of the 

slowly decaying components at high b-values. The error-bars represent the inter-sample 

standard deviations in each group (n = 6). 

 

Figure 3.2 shows the simulated ADC spectra for different cell sizes with different 

permeabilities. The ADC values at Δeff > 10 ms were simulated for conventional pulsed 

gradient sequences, while those at Δeff < 5 ms used cosine-modulated OGSE waveforms. 

As expected, ADC was observed to increase with increasing permeability, but it is 

evident that the influence of membrane permeability on ADC was very different at 

different diffusion times. When Δeff was long (> 300 ms), ADC became relatively 

independent of Δeff, and significant differences in ADC values were apparent between 

groups of varying permeabilities. This is consistent with previous results showing that 

ADC is mainly determined by membrane density and permeability at long diffusion times 

(60). When Δeff decreased from 100 ms to 1 ms, ADC changed dramatically for typical 

cell sizes (2.5 µm < R < 10 µm) with typical cell membrane permeabilities (0 < Pm < 0.05 

µm/ms) (79,92). Moreover, the ADC differences between groups became smaller with 
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decreasing Δeff. For typical PGSE-based measurements with 10 ms < Δeff < 60 ms, the 

effects of permeability were usually not negligible. But for typical OGSE-based 

measurements with oscillating frequency as high as 200 Hz (19,20), the simulated ADCs 

were almost independent of permeability. When Δeff < 1 ms, the ADC differences 

between groups disappeared indicating ADC values were insensitive to permeability with 

short diffusion times, as was predicted by computer simulations (22,60).  

                   
Figure 3.2 The simulated apparent diffusion spectra for different cell sizes with radius = 

2.5 µm (a), 5 µm (b), and 10 µm (c) with cell membrane permeability Pm ranging from 0 

to 0.044 µm/ms. The effective diffusion time (Δeff) is shown on the lower X-axis. The 

oscillating frequency is shown on the upper X-axis for the OGSE cases. Note that Δeff is 

displayed in the reversed direction. 
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Figure 3.3 shows the simulated dependence of ADC on cell size with different 

cell membrane permeabilities at two typical diffusion times. When Δeff = 30 ms, which is 

typical for pulsed gradient diffusion measurements, the dependence of ADC on cell size 

varies significantly with different cell membrane permeabilities. For example, the ADC 

of impermeable cells (Pm = 0) with a cell radius of 5 µm was calculated to be similar 

(1.7% difference) to that of cells with a radius of 2.5 µm and a cell membrane 

permeability of 0.011 µm/ms (see the two solid markers in Figure 3.a). This indicates that 

the cell size may be significantly overestimated if the cell membrane permeability is not 

taken into account in quantitative diffusion measurements. By contrast, when Δeff = 1.25 

ms (f = 200 Hz), which is readily achievable on current animal scanners, the dependence 

of ADC on cell size is insensitive to cell membrane permeability, which is desirable for 

accurate estimation of cell size from diffusion measurements.  

 
Figure 3.3 The simulated dependence of apparent diffusion coefficient (ADC) on cell 

radius varies with cell membrane permeability at a long diffusion time of 30 ms (a), but 

is insensitive to permeability at a short diffusion time of 1.25 ms (b). The two solid 

markers in (a) represent two ADC values with < 2% difference but with very different 

cell radii and membrane permeabilities.  

 

Figure 3.4 shows the measured apparent diffusion spectra for cells treated with 

different concentrations of saponin. The measured ADCs were larger for samples with 

higher concentrations of saponin because of higher permeabilities. The effects of 

permeability on the measured ADCs were in agreement with the simulation results shown 
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in Fig.2. For the sizes of cells investigated here (radius 9.5 ± 0.6 µm), the OGSE-based 

measurements with shorter Δeff were much less affected by changes of permeability than 

PGSE-based measurements. The ADC differences between different groups were less 

than 10% at Δeff = 5 ms and became < 5% when Δeff was smaller than 1.25 ms, indicating 

no significant differences between ADC values even with various membrane 

permeabilities.  

 
Figure 3.4 The diffusion time (Δeff) dependent apparent diffusion coefficients (ADCs) of 

cells treated with different concentrations of saponin and measured by STEAM (left) or 

OGSE (right). The error-bars represent the inter-sample standard deviation in each group. 

The effective diffusion time (Δeff) is shown on the lower X-axis. The oscillating 

frequency is shown on the upper X-axis for the OGSE measurements. Δeff is displayed in 

the reversed direction. 

 

Discussion 

The goal of this study was to investigate the influence of cell membrane 

permeability on MR diffusion measurements over a broad range of diffusion times and 

physiologically relevant permeabilities, and to demonstrate that the effects of 

permeability variations can be minimized using short diffusion times. Cells were treated 

with either of two concentrations of saponin to vary the cell membrane permeability that 

was calculated from cg-experiments (Figure 3.1) to range from 0.011 µm/ms to 0.044 

µm/ms, corresponding to intracellular exchange lifetime τin 82 – 317 ms. Note that this is 

a physiologically relevant range for typical τin of tumor cells and those undergoing 
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apoptosis. For example, the transmembrane water exchange rate has been reported as 

2.9±0.8 s-1 (τin = 344 ± 1.25 ms) for viable human brain tumor (85), and 1.4 – 6.8 s-1 (τin = 

147 - 714 ms) for tumor cells undergo apoptosis (84). The saponin treatment at either 

0.025 or 0.05% had no detectable effect on the sizes of the fixed cells. The effects of 

permeability on the measured ADCs were then investigated at a broad range of effective 

diffusion times (0.42 ms < Δeff < 3000 ms). The results confirmed that the OGSE 

measurements are not sensitive to changes of permeability, especially at higher 

oscillating frequencies. This is an encouraging result for the implementation of OGSE 

imaging of tissues. For example, ADC values obtained using PGSE measurements are 

usually suggested as indicators of cellularity and have been widely used to monitor tumor 

response to treatment (93). However, cell membrane permeability also changes in treated 

tumors, and has been reported to increase significantly following apoptotic cell death 

(84), which can then also significantly increase ADC values because water is no longer as 

restricted (29). This may explain some observations that the ADC and tumor cellularity 

are not always strongly correlated (36,39,94). Recently, there has been an increasing 

interest in implementing OGSE sequences to study tissues, including tumors, to probe 

structural variations at very small length scales (18,23), but the cell membrane is a major 

restricting barrier to water molecules that may still affect OGSE measurements when the 

diffusion time is of the order of the time to diffuse across a cell. The current study 

suggests that OGSE measurements in cells, ranging in size down to a radius of 2.5 µm, 

are not sensitive to changes in cell membrane permeability; this result implies that ADC 

values obtained using OGSE sequences with moderately high frequencies (~ 200 Hz) 

simply reflect the averaged intra- and extra-cellular diffusion properties on small length 

scales without the influence from cellular-level barriers. Such a conclusion may improve 

the interpretation of OGSE measurements in cancer and other pathologies. It should be 

pointed out that, if smaller cells (R < 2.5 µm) were imaged, higher frequencies (> 200 

Hz) would be required to minimize the influence of cell membrane permeability on 

OGSE measurements. 

Besides cg-experiments, several other NMR approaches which rely on different 

relaxation or diffusion properties have also been proposed to measure τin (79,80,84,95-

97). The cg-experiment was chosen in this study because it can be easily implemented 
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without a need to modify pulse sequences (95) or to add extra contrast agents (97). Over 

the wide range of b-values used in cg-experiments, the signal decay may not be mono-

exponential. The ADC of the slowly decaying component (DB) at high b-values is mainly 

determined by the transmembrane flux and the intracellular exchange lifetime τin can then 

be derived from Eq.[3.1] (82). However, it should be noted that the estimation of τin may 

be slightly biased in this study. As discussed by Meier et al (76), at least two 

requirements need to be fulfilled for measuring τin accurately with cg-experiments. First, 

the derivation of τin is through the modified Karger model (98), which assumes a long 

diffusion time (Δ�Din/R2 >> 1). The maximum Δ for the cells treated with 0.05% saponin 

was only 165 ms (Δ�Din/R2 ~ 1.65), which means the long diffusion time assumption was 

not completely satisfied. Note that the diffusion time could not be further increased due 

to the limitation of the signal-to-noise ratio (SNR) at long diffusion times. Even for Δ = 

165 ms used in the current study, due to the fast signal decays with increasing Δ (Figure 

3.1), the corresponding signal was already below 0.1% of the non-diffusion weighted 

signals. Second, since the stimulated echo cg-experiment requires T1-weighting 

correction, the τin cannot be measured accurately unless intra- and extra-cellular 

longitudinal relaxations are similar. The measured T1s for the cell samples were around 2 

sec, while T1 for the pure extracellular PBS was about 3 sec. All of above discrepancies 

may bias the accurate estimation of τin, as well as the cell membrane permeability. 

However, such a bias does not affect the current experimental approach qualitatively, i.e. 

higher concentration of saponin resulted in higher cell membrane permeability in our 

experiments.  

The comparison between the simulated ADCs (Figure 3.2 e) and the measured 

(Figure 3.3 a) reveals two discrepancies. First, the simulated ADC values were almost 

constant when Δeff > 500 ms, while the measured ADCs dropped slightly with increasing 

Δeff. Our observation that ADCs decreased with increasing Δeff at long diffusion times is 

consistent with previous results in skeletal muscle (99), and it may be explained by the 

unordered packing of cells (100). Our simulations were based on a collection of regularly 

packed spherical cells, but cells are not spherical and, as prepared in these studies, pack 

randomly and without order. The spatially extended random restrictions result in a long-

time tail in the dispersion of ADC with Δeff, which has been suggested to characterize the 
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structural disorder (100,101). Second, the simulated ADC values with Pm = 0.044 µm/ms 

were similar to that of the 0.05% saponin cells measured with Pm of 0.044 µm/ms, but the 

simulated ADC values with Pm = 0.011 µm/ms were much larger than that of the control 

cells measured with Pm of 0.011 µm/ms. It may be due to the inaccurate measurements of 

permeability or the influence of the random packing of cells (100).  

Although several models (102) have previously been developed to account for 

permeability effects, recent studies that have used diffusion data to estimate axon 

diameters or tumor cell sizes have, for simplicity, usually ignored water exchange 

between the intra- and extracellular spaces (31,32,34). This assumes that the cell 

membrane permeability is small, so τin is much longer than the diffusion time, and 

consequently only a small fraction of water is exchanged during diffusion measurements. 

Based on the current simulation results, τin should be at least 15 times larger than the 

effective diffusion time, Δeff, so that exchange could be ignored (ADC difference < 5%). 

It should also be noted that the influence of permeability is different for different b-values 

with the same diffusion time. Only small b-values (≤ 0.6 ms/µm2) were used to measure 

ADC in this study, where the mono-exponential decay model appeared appropriate. 

However, the behavior of signal decay with large b-value (> 2 ms/µm2) would be more 

complex and constant-time (ct-) experiments cannot be well described by the Karger 

model (76,103). It has been found that the diffusion measurements for larger b-values are 

even more sensitive to changes in cell membrane permeability (104). 

Supported by simulations and experiments, cosine-modulated OGSE 

measurements with shorter effective diffusion times are less affected by changes in cell 

membrane permeability. Thus OGSE should be more specific for detecting other 

microstructural changes (23-25). Here we should distinguish between the effective 

diffusion time Δeff and the total duration of the oscillating gradient waveform Δtotal. Water 

molecules diffuse and experience gradient effects over the total duration of the oscillating 

gradient waveform. Δtotal is usually longer than 40 ms for cosine-modulated gradient 

waveforms, during which a large fraction of water can exchange between the intra- and 

extracellular spaces. However, the rapid reversal of the gradient during the time it is on 

ensures that only the fraction that exchanges during such a period affects the overall 

ADC. The effective diffusion time Δeff can be reduced to less than 1 ms by increasing the 
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oscillating frequency, and the ADCs then mainly reflect the diffusion behavior only over 

the short effective diffusion time (105). Our simulations and experiments suggest that it is 

the effective diffusion time that determines the influence of cell membrane permeability 

on diffusion measurements, i.e. the shorter the effective diffusion time, the smaller the 

influence of cell membrane permeability. More oscillations at the same frequency 

increase gradient duration Δtotal as well as the diffusion weighting, but have little impact 

on the influence of membrane permeability.  

The focus of this study was the influence of cell membrane permeability, so the 

effects of Din, Dex, fin, TE and T2 relaxation were not fully considered. Based on previous 

simulations (22,71,106), all of them may affect the ADC spectra. In extreme situations 

where the intra- and extracellular T2s were much different and the intracellular T2 was 

much shorter than TE (e.g. T2in/T2ex/TE = 25/150/40 ms), the ADC values at f = 500 Hz 

showed considerable decreases as the permeability increased from 0 to 0.05 µm/ms (22). 

However, after increasing T2in to be the same as T2ex (e.g. T2in/T2ex/TE = 150/150/40 ms), 

the ADC values at f = 500 Hz were found independent of the cell membrane permeability 

(22). In the current experiments, the overall T2 of cell samples was found to be around 

130 ms, and TEs (50 ms for OGSE and 15 ms for STEAM) were much shorter than T2. 

Therefore, we expect that the influence of TE on our experiments was not significant. 

A challenge to translating in vitro experimental results to in vivo studies is that 

there are significant pathophysiological differences between live tissues and fixed tissues 

or cell cultures. This is a common problem for all in vitro experiments, not limited to the 

current study. However, by selectively altering cell membrane permeability, we 

developed a well-controlled biological test medium to study the precise influence of cell 

membrane permeability on diffusion MR experiments. Although the pathophysiological 

differences between live tissues and cell cultures, e.g. intracellular volume fraction, may 

affect the quantitative results, e.g. the threshold frequency at which the influence of cell 

membrane permeability on OGSE measurements can be ignored, the qualitative results 

are still relevant, i.e. the influence of permeability on OGSE measurements will be less 

pronounced with shorter diffusion times. 
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Conclusion 

In the current study, we developed an experimental protocol to selectively alter 

cell membrane permeability, and then investigated its influence on diffusion 

measurements over a broad range of effective diffusion times (0.4 ms < Δeff < 3000 ms). 

Stimulated echo acquisitions with pulsed gradients were used to achieve long Δeff from 

11 ms to 2999 ms, while cosine-modulated OGSE methods were used to obtain shorter 

Δeff ranging from 0.42 ms to 5 ms. Consistent with computer simulations, the influence of 

membrane permeability on diffusion measurements is highly dependent on the choice of 

diffusion time. It can be negligible, but only when the diffusion time is very short, such 

as the case of cosine-modulated OGSE measurements at moderately high frequency (~ 

200 Hz). By contrast, permeability has a major influence on diffusion measurements for 

intermediate/long diffusion times obtained in typical PGSE measurements. This study 

improves our understanding of the contrast mechanism of OGSE imaging, and helps 

elucidate the influence of membrane permeability on PGSE measurements with 

intermediate diffusion times.  
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CHAPTER IV 

FAST AND ROBUST MEASUREMENT OF MICROSTRUCTURAL DIMENSIONS 
USING TEMPORAL DIFFUSION SPECTROSCOPY 

 
Abstract 

Mapping axon sizes non-invasively is of interest for neuroscientists and may have 

significant clinical potential because nerve conduction velocity is directly dependent on 

axon size. Current approaches to measuring axon sizes using diffusion-weighted MRI, 

e.g. q-space imaging with pulsed gradient spin echo (PGSE) sequences usually require 

long scan times and high q-values to detect small axons (diameter ˂ 2 µm). The 

oscillating gradient spin echo (OGSE) method has been shown to be able to achieve very 

short diffusion times and hence may be able to detect smaller axons with high sensitivity. 

In the current study, OGSE experiments were performed to measure the inner diameters 

of hollow microcapillaries with a range of sizes (~ 1.5-19.3 µm) that mimic axons in the 

human central nervous system. The results suggest that OGSE measurements, even with 

only moderately high frequencies, are highly sensitive to compartment sizes, and a 

minimum of two ADC values with different frequencies may be sufficient to extract the 

microcapillary size accurately.  This suggests that the OGSE method may serve as a fast 

and robust measurement method for mapping axon sizes non-invasively. 

 

Introduction 

Mapping the sizes of nerve axons may have significant clinical potential because 

nerve conduction velocity is directly dependent on axon size (31,107,108). Diffusion 

MRI provides a non-invasive means to characterize the microstructure of biological 

tissues, and hence may be suitable for this application. Several approaches have 

previously been proposed to measure axon sizes using diffusion weighted MRI 

(31,69,109-116). For example, in q-space imaging, data are acquired with a conventional 

pulsed gradient spin echo (PGSE) sequence, and the signal attenuation (E(q)) is plotted as 

a function of the wave-vector q (where q = (2π)!!γgδ, γ being the nuclear magnetogyric 

ratio, g and δ are the pulse gradient strength and duration, respectively). Diffusion-

diffraction phenomena occur in restricted systems with mono-disperse structure, and by 

measuring E(q) the compartment size can be extracted (109). However, such diffusion-
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diffraction phenomena are usually not resolved in biological systems due to the size poly-

dispersity (117). In such cases, the full-width at half-maximum (FWHM) of the Fourier 

transform of E(q) may be used to characterize the mean compartment size (69,110). 

Another approach using q-space imaging is the AxCaliber framework (31), which 

acquires multi-dimensional MRI data (q-values and diffusion times). The compartment 

size distribution is then estimated by modeling the intracellular diffusion using analytical 

expressions that are based either on the short gradient approximation (118) or on the 

constant diffusion gradient (119,120). In addition, a method called the angular double-

PGSE has been proposed to measure small compartmental dimensions with relatively low 

q-values (111,112). This method usually keeps the q-value fixed but varies the orientation 

of the second gradient pair. The compartment dimension can be extracted from the 

angular dependent signal decay. However, the PGSE-based measurements usually 

encounter long diffusion times (> 10 ms) in practice due to gradient hardware limitations, 

so that the root mean square displacements (RMSD) of diffusing molecules (> 6 µm) are 

much larger than small axon sizes (e.g. diameter d < 2 µm). This in turn significantly 

reduces the sensitivity for detecting effects at small spatial scales. To enhance sensitivity 

to small scales, much higher q-values and/or more measurements with different degrees 

of diffusion weighting are usually necessary for PGSE measurements which in turn lead 

to long scan times. 

The oscillating gradient spin echo (OGSE) method has been shown to be able to 

achieve much shorter diffusion times and hence may be able to detect smaller axons with 

high sensitivity (121). Moreover, the OGSE method can probe a range of effective 

diffusion times by tuning the oscillating gradient frequencies, and thus an apparent 

diffusion spectrum can be obtained which contains more comprehensive micro-structural 

information on biological tissues (41). For example, the OGSE method has previously 

been used to probe various length scales in biological systems, such as cultured cells (24), 

healthy rat brain (44), human brain in vivo (122,123), rat and mouse tumors (19,23,25), 

and brains after stroke (124). The sensitivity of the OGSE method to intracellular 

structure has also been investigated (21,125), and it has been shown that unique 

microstructure-based contrasts can be obtained which are not available from conventional 

PGSE experiments (28,126). Before studying quantitatively the micro-structural 
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properties of biological tissues, it is important to derive and validate the analytical models 

of OGSE as they may be used for model fitting, parameter estimation, and to optimize 

experiments (127). To this end, analytical expressions that predict OGSE signals in some 

typical structures have been derived and validated with computer simulations (128), 

which suggests the possibility of extracting small axon sizes using the OGSE method. 

However, these analytical expressions have not previously been validated or calibrated 

experimentally using well-characterized physical phantoms with known pore sizes.  

In the current study, OGSE experiments were performed to measure the inner 

diameters of hollow microcapillaries with a range of sizes (~ 1.5-19.3 µm) that mimic 

axons in the human central nervous system (129). The fitted sizes were compared with 

the known values to validate the accuracy of fitting cylinder diameters using the OGSE 

method. In addition, the limitation of fitting free diffusion coefficients using the OGSE 

method was investigated. From this, a possible fast method of mapping axon size non-

invasively is proposed.   

 

Methods 

Theory 

The cosine-modulated OGSE waveform was chosen in the current study due to its 

specific diffusion spectral selectivity (18). Hence, the effective diffusion gradient is: 

 

𝑔 𝑡 =
𝐺  𝑐𝑜𝑠 2𝜋𝑓𝑡                         0 < 𝑡 < 𝜎

−𝐺  𝑐𝑜𝑠 2𝜋𝑓 𝑡 −Δ             Δ < 𝑡 < (Δ+ 𝜎)
0                                                      𝑒𝑙𝑠𝑒

                           [4.1] 

 

Here G is the gradient amplitude, f the diffusion gradient frequency, 𝜎 the gradient 

duration, Δ the separation of two diffusion gradients. The corresponding b-value is 

(124): 

𝑏 =    !
!!!!
!!!!!

                                                              [4.2] 

 

Under the Gaussian phase approximation (130-133), the restricted diffusion signal 

attenuation can be described as (52) 
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𝐸 = 𝑒𝑥𝑝 − !!

!
𝐵! 𝑑𝑡!

!!
! 𝑑𝑡!  𝑒!!!! !!!!! 𝑔 𝑡! 𝑔(𝑡!)

!!
!!                  [4.3] 

 

where 2𝜏  is the echo time, and 𝐵!  and 𝜆!  are structure dependent coefficients. The 

analytical expressions of 𝐵! and 𝜆!   for some typical geometries such as parallel planes, 

cylinders, spheres, and spherical shells can be found in the literature (52,128). In the case 

of diffusion inside an impermeable cylinder with a diameter d,  

 

𝐵! =
(!/!!)!

!(!!!!!)
        and          𝜆! = 4(!!

!
)!                                       [4.4] 

 

where 𝜇! is the kth root of J!! µμ = 0 and J! is a Bessel function of the first kind. By 

substituting Eqs. [4.1] and [4.2] into Eq. [4.3] and assuming the diffusion gradient is 

perpendicular to the main axis of the cylinder, the measured ADC can be expressed as 

 

                  

ADC( f ,D,d) = 8π 2

k
∑ Bkλk

2D2 f 2

σ (λk
2D2 + 4π 2 f 2 )2

×

σ (λk
2D2 + 4π 2 f 2 )
2λkD

−1+ exp(−λkDσ )+ exp(−λkDτ )(1− cosh(λkDσ ))
⎧
⎨
⎩

⎫
⎬
⎭             [4.5]

 

 

where D is the free diffusion coefficient. Eq. [4.5] shows that ADC has a strong 

dependence on the gradient oscillating frequency f. If ADC measurements are performed 

at multiple gradient frequencies, the free diffusion coefficient D and the cylinder 

diameter d may be extracted simultaneously. This is a much different approach compared 

with previously reported PGSE-based models. 

 

Experiment 

All NMR diffusion experiments were performed on a Varian 7T scanner with a 

12mm Doty micro-gradient coil. The maximum gradient strength used in this study was 

1.88 T/m. Five different types of hollow microcapillaries (Polymicro Technologies, 

USA) with different inner diameters (1.5-1.6, 4.3-4.5, 9.5-9.7, 14.9-15, 19.0-19.3 µm 
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(lower bound–upper bound provided by the manufacturer)) and the same outer diameter 

around 150 µm were used as the phantoms. The microcapillaries were cut to ~ 3.5 cm in 

length and then immersed in distilled water for approximately two weeks. The 

microcapillaries were then air-dried to remove any residual water outside but retain the 

water inside the microcapillaries. By this means, a well-characterized one-compartment 

diffusion system was formed. Each type of microcapillary was packed into 5 mm NMR 

tubes and aligned parallel to the z-direction of the magnet. The diffusion gradients were 

applied perpendicular to the microcapillary main axis with a duration of 20 ms on either 

side of a refocusing pulse. An apodised cosine-modulated waveform which replaced the 

first and last quarters with half-sine lobes at double frequency was used to avoid very 

rapid rise times (124). Temporal diffusion spectra (41) were acquired at 12 oscillating 

frequencies ranging evenly from 50 Hz to 600 Hz. At each frequency, the ADC was 

calculated from two acquisitions with b = 0 and b = 700 s/mm2. The only exception was 

for the smallest (1.5-1.6 µm) microcapillaries, in which much higher b-values were used 

ranging from 700 to 50000 s/mm2 in order to cause higher diffusion weighting. Other 

parameters were: TR = 8 sec, TE = 60 ms, receiver bandwidth 10 kHz, spectral resolution 

78.125 Hz. NEX (number of excitations) varied from 4 to 80 for different microcapillary 

sizes depending on the signal-to-noise ratio (SNR). The diffusion coefficient of free 

water was measured with distilled water in a 5 mm NMR tube at the same temperature. 

The same measurement was also performed with the diffusion gradient along the z-axis 

in the microcapillary experiments. 

 

Data analysis 

The measured ADC spectra were fit to Eq. [4.5] with two unknown variables D and 

d using the lsqcurvefit function in Matlab (Mathworks, Natick, MA). To explore the 

sensitivity of the ADC spectra to the cylinder diameter with a limited range of low 

frequencies, the ADC spectra were also fit with only a subset of frequencies (ranging 

from 2 to 12 in number). The fittings were processed with initial values: D = 1.8 µm2/ms, 

d = 15 µm; lower bounds: D > 0 µm2/ms, d > 0 µm; and upper bounds: D < 4 µm2/ms, d 

< 200 µm.  
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 Results 

                          
Figure 4.1 The measured ADC spectra (symbols) and fitted spectra (solid lines) for 

restricted diffusion inside microcapillaries with different sizes.  

 

 
Figure 4.2 The fitted size (a) and the fitted free diffusion coefficient (b) versus the real 

size. The vertical error-bars represent the 95% confidence intervals of the fitted values. 

The horizontal error-bars represent the lower and upper bounds provided by the 

manufacturer. The dashed line in (a) is the identity line, and the dashed line in (b) 

represents the measured diffusion coefficient of free water (1.82 µm2/ms).  

 

Figure 4.1 shows the measured ADC spectra (markers) and fitted spectra (solid 

lines) with all the 12 frequencies. Consistent with the theory, the measured ADC 

increased with the oscillation frequency, approaching the free diffusion coefficient at 

higher frequencies. Note that the ADC dispersion rate with frequency was strongly 
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dependent on the inner diameter, implying that ADC dispersion rate alone might be a 

sensitive indicator of diffusion compartment size.  

The comparison between the fitted microcapillary inner sizes and the sizes 

provided by the manufacturer is shown in Figure 4.2 (a). All microcapillary diameters 

were fit accurately (<6%). Note that the fitted size of the smallest microcapillaries was 

only -2.6% from the real value, suggesting that the OGSE method can be used to 

accurately measure small compartment sizes, which are usually overestimated using other 

methods (114,134). In addition, all fitted free diffusion coefficients are consistent with 

the measured diffusion coefficient of free water (1.82 µm2/ms) except that of the smallest 

(1.5-1.6 µm) microcapillaries (see Figure 4.2 b), which deviates ~56% from the true 

value. All fitted results are summarized in Table 4.1.  

 

 

Table 4.1 Summary of the sizes and the free diffusion coefficients fitted with Eq. [4.5]. 

Real sizes are given by lower and upper bounds provided by the manufacturer, and all 

fitted values are given by mean±95% confidence intervals.  

 

To further investigate the accuracy of the OGSE method to the smallest 

microcapillaries, the ADC spectrum for the 1.5-1.6 µm microcapillaries was fit using a 

different strategy that includes a fixed free diffusion coefficient D = 1.82 µm2/ms shown 

in Figure 4.3. The new fitted size increased to 1.75 µm but was still in reasonably good 

agreement with the real size. The fitted ADC spectra for the two different types of fitting 

were almost the same within the frequency range used in this study, although there is 

significant difference at higher frequencies. This is because the applied gradient 

frequencies for such a small size are not high enough to probe free diffusion adequately 

so that the ADC spectra in this low frequency range are still dominated by boundary 

Real size [µμm] Fitted size [  µμm ] Fitted D [µμm2/ms] 
1.5-1.6 1.51±0.17 0.80±0.61 
4.3-4.5 4.67±0.08 1.80±0.04 
9.5-9.7 9.76±0.87 1.79±0.06 

14.9-15.0 15.01±0.88 1.85±0.02 
19.0-19.3 18.28±0.87 1.85±0.01 
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effects, i.e. are sensitive to restriction size. This is consistent with numerous previous 

reports (22,24). 

                        
Figure 4.3 Comparison of the fitted ADC spectra for the 1.5-1.6 µμm microcapillaries 

using two different fitting methods, i.e. with and without fixed free diffusion coefficient 

D = 1.82 µm2/ms. 

 

Figure 4.4 shows the fitted diameters using the first N (ranging from 2 to 12) 

frequencies. All fitted sizes were consistent with only small fluctuations regardless of the 

number of frequencies used in fitting. An interesting result is that a minimum of two 

ADC values at different frequencies is sufficient to estimate the inner diameters of 

hollow microcapillaries with reasonable accuracy. 
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Figure 4.4 The fitted diameters against the first N frequencies used in fitting for the 

microcapillaries of different sizes. Dashed lines represent real values, and markers are 

fitted results.  

                           
Figure 4.5 The fitted free diffusion coefficients against the first N frequencies used in 

fitting for the microcapillaries of different sizes. Dashed line represents the measured 

diffusion coefficient of free water (1.82 µm2/ms), and markers are fitted results. 

 

Figure 4.5 shows the fitted free diffusion coefficients using the first N (ranging 

from 2 to 12) frequencies. For relatively larger sizes (d > 9.5 µm), all the fitted free 

diffusion coefficients were consistent with the true values regardless of the number of 

frequencies used in fitting. However, the sensitivity of OGSE spectra to the free diffusion 

coefficient decreased with decreasing compartment sizes which could be appreciated 

from the 4.3-4.5 µm microcapillaries. When only the first two frequencies were used, the 
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fitted D was about 1.0 µm2/ms, which was about 45% lower than the true value. 

However, with more and more high frequencies used in fitting, the fitted D approached 

quickly to the true value, indicating the free diffusion behavior is then adequately probed. 

By contrast, the fitted D for the smallest microcapillaries showed a remarkable 

fluctuation. This is due to two main reasons: (1) the applied gradient frequencies were not 

high enough so that the sensitivity of the OGSE measurements to free diffusion was low; 

and (2) the measurement SNRs of the smallest microcapillaries were about 50 and much 

lower than those of other microcapillaries due to significantly reduced water content (the 

intra-microcapillary to total space volume ratio < 0.01%). However, even if the fitted D 

had large errors for the smallest microcapillaries, the fitted size was still in good 

agreement with the real values as shown in Figure 4.4.  

 

Discussion 

The inner diameters of each sample of the hollow microcapillaries used only vary 

within a narrow range defined by the lower and upper bounds (135,136). Therefore, these 

hollow microcapillaries provide a well-characterized model system to validate the 

accuracy of different diffusion MRI methods (111,114-116,134). In this study, the inner 

diameters of hollow microcapillaries ranging from 1.5 to 19.3 µm (similar to the axon 

size range in the human central nervous system (129)) have been estimated accurately 

using the OGSE method. Note that several OGSE-like methodologies (114-116) have 

already been applied to detect small sizes using similar types of phantoms. To the best of 

our knowledge, this is the first study that validates the feasibility of using the OGSE 

diffusion spectra to obtain quantitative structural information in white-matter like 

systems. The results confirmed that the OGSE method is highly sensitive to measure 

small sizes non-invasively (24,30,137). 

The fitting of the compartment sizes and the free diffusion coefficients is based on 

Eq. [4.5], which was derived based on the Gaussian phase approximation (133). The 

validity of the Gaussian phase approximation has been analyzed previously 

(119,138,139), and computer simulations have confirmed that the Gaussian phase 

approximation is accurate enough for most practical applications (127,128). Hence, fast 

ADC measurements can be performed with a few b-values, which avoid long scan times. 
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As shown above, when the frequencies are moderately high, the OGSE measurements 

can be highly sensitive to the compartment size. Even two ADC values with different 

frequencies may be sufficient to extract the sizes of the compartments accurately. Thus 

OGSE may serve as a fast measurement method for mapping axon sizes. The relatively 

low sensitivity of diffusion measurements in practice to the free diffusion coefficient has 

also been observed using the angular double-PGSE method (111). Though the free 

diffusion coefficient could not be extracted accurately with relatively low frequencies 

only, it has little influence on the extraction of the compartment sizes. The measured 

ADC at 50 Hz was about 1.4 µm2/ms for the 19-µm microcapillaries, which was 23% 

lower than the diffusion coefficient of free water at the same temperature. This suggests 

that, even if the microcapillary boundaries were not fully probed (RMSD ~ 12 µm), there 

was still a significant influence from the boundary restriction on the diffusion signal at 

such an effective diffusion time. Our results show that with the experimental parameters 

used in the current study the microcapillary sizes up to 19 µm can be estimated 

accurately. However, if microcapillaries with even larger sizes are probed with the same 

experimental parameters, the measured ADC may approach the free diffusion coefficient, 

i.e. reach the plateau of the ADC spectrum, and, hence, the microcapillary sizes will not 

be estimated as accurately. Compared with other methods, the OGSE method is capable 

of detecting small sizes around 1.5 µm accurately. The overestimation using other 

methods has been tentatively explained by the presence of background magnetic field 

gradients due to the susceptibility difference between glass and water (114,134). The 

OGSE sequence is intrinsically insensitive to background and imaging gradient cross 

terms (124,140), so it may be more suitable for extraction of axon sizes in 

inhomogeneous systems. 

Recent analyses have suggested that the ADC measured with oscillating gradient 

approaches depends not only on the gradient waveforms but also on the number of 

oscillations (141). The number of oscillations (n) is implicitly included in Eq. (1) (note 

that f = n/σ). The cosine-modulated waveform has been shown to perform better than the 

sine-modulated waveform to fulfill the validity conditions of the high-frequency 

expansion of ADC (141). Our experimental settings have taken both factors explicitly 

into consideration so that accurate measurement results were obtained.   
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The implementation of OGSE methods on human scanners is challenging and 

limited by current gradient systems. Despite the challenge, there have been two published 

OGSE studies on human scanners with maximum gradient strength around 50 mT/m 

(122,123). Instead of the standard cosine waveforms used here, the trapezoidal gradient 

waveforms have been suggested and implemented to achieve higher diffusion weighting 

(122,123,127), though with reduced spectral selectivity. Even with frequencies < 66 Hz, 

ADC dispersion with frequency has already been observed in human white matter 

(122,123). If more powerful gradient systems are used, e.g. the Connectome gradient 

coils (142), much higher frequencies and b-values could be achieved  in human OGSE 

measurements. For example, a frequency as high as 100 Hz and a b-value of 700 s/mm2 

could be possible with a gradient strength of 200 mT/m. Based on current results, the 

compartment sizes may be extracted in this frequency range (f < 100 Hz), which suggests 

that there is potential to measure axon sizes as small as 1.5 µm on human scanners using 

OGSE.  

The current study considered only a one-compartment diffusion system which 

showed the feasibility of OGSE measurements for rapid measurements of small axon 

sizes. However, in real biological systems, there are several other confounding effects, 

such as the contribution from the extracellular water, the distribution of axon sizes, and 

the fiber orientation and dispersion (143,144). Models similar to the CHARMD model 

(145) but using the OGSE approach are currently under development, and are predicted 

to be capable of fast mapping of axon size distributions in vivo.  

 

Conclusion 

In this study, the inner diameters of hollow microcapillaries over a range of sizes 

(~1.5-19.3 µm) were accurately measured using the OGSE method. The accuracy of 

fitting cylinder diameters and free diffusion coefficients using the OGSE method was 

analyzed, and it suggests that OGSE measurements, even with moderately high 

frequencies, are highly sensitive to compartment sizes. A possible fast method of 

mapping axon size non-invasively is proposed.  
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CHAPTER V 

QUANTIFICATION OF CELL SIZE USING TEMPORAL DIFFUSION 

SPECTROSCOPY 

 

Abstract 

Temporal diffusion spectra may be used to characterize tissue microstructure by 

measuring the effects of restrictions over a range of diffusion times. Oscillating gradients 

have been used previously to probe variations on cellular and subcellular scales, but their 

ability to accurately measure cell sizes larger than 10 µm is limited. In this study, a new 

approach has been developed to quantify cell sizes by combining measurements made 

using oscillating gradient spin echo (OGSE) with a conventional pulsed gradient spin 

echo (PGSE) acquisition at relatively long diffusion time. Based on a two-pool model 

(incorporating intra- and extracellular spaces), accurate estimates of cell sizes were 

obtained in vitro for different cell types with sizes ranging from 10 to 20 µm. Therefore, 

hybrid OGSE-PGSE acquisitions sample a larger region of temporal diffusion spectra and 

can accurately quantify cell sizes over a wide range. 

 

 Introduction 

Cell size plays an important role in affecting the functional properties of cells 

from the molecular to the organismal level, such as cellular metabolism (146), 

proliferation (147) and tissue growth (148). For cancer diagnosis and prognosis, 

measurements of cell size have been widely used to differentiate cancer types (149) and 

monitor treatment-induced apoptosis (150). In addition to cell size, other microstructural 

information on a subcellular length scale, such as nuclear sizes, also provides insights 

into the functional properties of cancer cells. For example, nuclear size has been used to 

diagnose tumors (151) and distinguish low- from high-grade tumors (152). 

Conventionally, both cellular (e.g. cell size and cellularity) and subcellular (e.g. nuclear 

size and nuclear-to-cytoplasm ratio) information is obtained via invasive biopsy. 

However, biopsy is limited by various clinical complications, including pain, 

hemorrhage, infection, and even death (153). Therefore, a non-invasive technique with 
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the capability of detecting tissue microstructural information on both cellular and 

subcellular length scales would be of great interest for clinical and research applications.   

Diffusion-weighted MRI (DWI) provides a non-invasive way to map the diffusion 

properties of tissue water molecules that are affected by restrictions and hindrances to 

free movement, and is thereby able to provide information on tissue microstructure. 

Conventionally, an effective mean diffusion rate, the apparent diffusion coefficient 

(ADC), is obtained by using motion-sensitizing pulsed gradient spin echo (PGSE) pulse 

sequences to probe water displacements. ADC values are potentially affected by various 

tissue properties, including cellularity (154,155), cell size (156), nuclear size (125), and 

membrane permeability (22). ADC values therefore reflect overall diffusion effects and 

are not specific for any single parameter such as cell size. More elaborate methods have 

also been developed to map mean compartment size in porous media or tissues. 

Diffusion-diffraction effects (109) have been reported to successfully characterize the 

mono-dispersed cell sizes of erythrocytes (157), but fail in most real biological tissues 

due to the heterogeneous distribution of cell sizes. Q-space imaging generates a 

displacement probability distribution function that can provide apparent compartment 

sizes in biological tissues. Unfortunately, estimates of cell size are biased in practice 

because of methodological limitations (for example, the short-gradient pulse 

approximation (158) is usually not met, and only relatively low gradient strengths are 

available on regular MRI systems (110)) and the inherent complexity of real biological 

tissues (e.g. the existence of multiple compartments (110) and coexisting inflammation 

(159)). To overcome these problems, multi-compartment models that mimic real tissues 

have been developed to more accurately characterize cell size. For example, models that 

include more than one compartment and/or the effects of membrane permeability have 

been used to assess axon sizes in bovine optic nerve (160), to characterize axon size 

distributions in vitro (31) and in vivo (161), and to quantify mean axon size in the corpus 

callosum of human (162) and monkey brain (163). In addition, as an extension of the 

PGSE method, the double-PGSE sequence has been used to measure cell size and 

anisotropy in fixed yeast cells (164). However, despite these successes, subcellular 

microstructural information has not been obtainable by practical PGSE-based methods. 

One reason is that PGSE sequences typically employ a diffusion time of 20-80 ms in vivo 
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due to hardware limitations. Thus, the characteristic diffusion length probed by water 

molecules is on the order of 5-20 µm, which is similar to the distance between hindering 

cell membranes of typical eukaryotic cells. As a result, PGSE measurements are sensitive 

to cellularity in biological tissues, but cannot isolate the effects of subcellular structures 

(< 5 µm). Consequently, conventional PGSE methods are suited to characterize cell sizes 

and cell densities in biological tissues non-invasively, but do not in practice provide 

information on subcellular microstructure.  

Oscillating gradient spin echo (OGSE) sequences have emerged as a novel means 

to obtain much shorter effective diffusion times by replacing bipolar diffusion-sensitizing 

gradients in PGSE methods with oscillating gradients (121,165,166). Previous reports 

have shown that OGSE measurements, even at moderately low frequencies, are capable 

of detecting restrictions to water diffusion over a short spatial scale (< 5 µm) which is 

usually not accessible by conventional PGSE methods (165). Moreover, by varying the 

oscillation frequency (f), temporal diffusion spectra can be obtained to provide more 

comprehensive information about biological tissues at both cellular and subcellular length 

scales (23,24). OGSE sequences have been successfully implemented and used to 

measure abnormal brain metabolites (167) and treatment-induced variations in organelles 

(73), nuclear size changes after anti-cancer therapy (168) and hypoxia-ischemia (27,42). 

Recently, there has been increasing interest in using OGSE methods to measure axon 

sizes (34,116,169). However, despite these successes in probing microstructure, the 

ability of OGSE sequences that use harmonic waveforms to probe relatively large cell 

sizes is, ironically, limited by the maximum achievable diffusion time within the 

constraints of practical echo times. In typical cosine-modulated OGSE methods, the 

effective diffusion time Δdiff = 1/(4f) = δ/(4N), where f is the frequency, δ is the duration 

of diffusion gradient, and N is the number of oscillations in each gradient (165). Hence, 

even for a very long gradient duration of 100 ms, the maximum achievable Δdiff  = 25 ms, 

corresponding to a diffusion distance ≈ 10 µm if the diffusion coefficient is 2 µm2/ms. 

Such a relatively short displacement significantly decreases the ability to quantify larger 

cell sizes (e.g. 10 – 20 µm), which is typical in tumors. Moreover, long gradient durations 

and lower frequencies in practice may not be used because of signal losses caused by T2 

relaxation. As an example, as shown in our recent histology-validated measurements 
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using OGSE to measure mean axon diameters, dimensions in the range 1 to 5 µm were 

measured accurately, but the axon diameters larger than 6 µm were significantly 

underestimated (34).  

For a general time-dependent gradient, the diffusion-weighted MR signal can be 

expressed as (165) 

 0
0

) ( ) (1e )xp ( dS S ω ω ω ω
π

∞

−
⎡ ⎤

= −⎢ ⎥
⎣ ⎦

∫ D FF , [5.1] 

where F(ω) is the Fourier transform of the time integral of the diffusion gradient, and 

D(ω) is the frequency-dependent diffusion tensor that contains microstructural 

information. With appropriately designed gradient waveform (e.g. cosine-modulated), 

F(ω) can serve as a well-defined sampling function and hence D(ω), the temporal 

diffusion spectrum, can be obtained. However, due to hardware limitations, it is 

impossible to achieve all frequencies in practice, and hence only a segment of a diffusion 

spectrum can be acquired. For a conventional PGSE sequence, in which δ  is the gradient 

pulse width and Δ is the diffusion time, 𝐹 𝜔,∆ = 𝛾𝛿∆𝐺 !"#  (!"/!)!"#  (!∆/!)
(!"/!)(!∆/!)

, which 

therefore samples low frequency regions of the spectrum that are difficult to sample with 

oscillating waveforms. In Figure 5.1, the spectrum is divided into two regions by the 

grey band, representing the readily accessible spectral ranges for PGSE (left) and OGSE 

(right) methods, separately. For the diffusion spectra of restricted water diffusion inside 

impermeable spheres (Figure 5.1), the rise in apparent diffusion coefficient in response to 

an increase in the frequency is the key to extract cell size (34). In order to measure the 

size of spheres smaller than 10 µm, an appropriate observation window can be chosen in 

the OGSE-accessible region to capture the rising portion of the curve. However, as the 

cell size becomes larger, the spectra in the right region are almost flat and the observation 

window needs to extend to the PGSE-accessible region. In the current study, 40 and 80 

Hz OGSE measurements and PGSE with a diffusion time of 52 ms (labeled by vertical 

dash line in Figure 5.1) were combined, corresponding to an observation window with 

Δdiff from 3.13 to 52 ms. We hypothesized that such a combination would cover a broader 

segment of the temporal diffusion spectrum and enable the quantification of larger cell 
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sizes (up to 20 µm). In the rest of the paper, this hypothesis is elucidated and validated 

using both computer simulations and well-characterized cell culture experiments.    

 
Figure 5.1 Diffusion spectra of restricted water diffusion inside impermeable spheres 

with diameters of 3, 6, 10, and 20 µm. The grey band divides the spectrum into two 

regions, representing the readily accessible spectral ranges for PGSE (left) and OGSE 

(right) methods, separately.  

 

Methods 

We assume that the diffusion-weighted signals of cell samples can be expressed 

as the sum of signals arising from intra- and extracellular spaces, namely,  

 (1 )in in in exS f S f S= ⋅ + − ⋅ , [5.2] 

where fin is the water volume fraction of intracellular space, and Sin and Sex are the signal 

magnitudes per volume from the intra- and extracellular spaces, respectively. The water 

exchange between intra- and extracellular spaces is omitted, as suggested in the 

CHARMED model (170).  

Cells are modeled as spheres despite the significant variations of cell shape in 

realistic tissues. The analytical expressions of OGSE signals in some typical geometrical 

structures, e.g. cylinders and spheres, have been derived previously (47). For OGSE 

measurements of diffusion within impermeable spheres using cosine-modulated gradient 

waveforms, the intracellular diffusion signal can be expressed as 



 58 

 
Sin (OGSE) = exp −( 2γ 2g2 Bnλn

2Din
2

(λn
2Din

2 + 4π 2 f 2 )2n∑ { λn
2Din

2 + 4π 2 f 2

λnDin

δ
2
+ sin(4π fδ )

8π f
⎡
⎣⎢

⎤
⎦⎥

−1+ exp(−λnDinδ )+ exp(−λnDinΔ)(1− cosh(λnDinδ ))})
 [5.3] 

where Din is the intracellular diffusion coefficient, f is the oscillation frequency, δ is the 

gradient duration, Δ is the separation of two diffusion gradients, λn, Bn are structure 

dependent parameters containing sphere diameter. The accuracy of Eq. [5.3] has been 

validated by computer simulations (47) and phantom experiments (49). Note that, if 

f → 0 , a cosine-modulated OGSE pulse degenerates into a conventional PGSE pulse and 

hence Eq. [5.3] becomes 

 
Sin (PGSE) = exp −( 2 γ

2g2

Din
2

Bn
λn
2n∑ λnDinδ{ −1

+exp(−λnDinδ )+ exp(−λnDinΔ)(1− cosh(λnDinδ ))})
  [5.4] 

Therefore, Eqs. [5.3] and [5.4] describe intracellular diffusion signals obtained using 

OGSE and PGSE methods, respectively, and the microstructural parameters (i.e. λn and 

Bn, as well as sphere diameter) can be fit simultaneously using these equations.  

Currently, only a narrow range of frequencies (less than 160 Hz) may be sampled 

with clinically achievable gradient strengths (< 15 G/cm). Under such circumstances, the 

ADC values for the extracellular space have been reported to show a linear dependence 

on the oscillating-gradient frequency (34). As a result, the extracellular diffusion signal 

can be modeled as a linear function of gradient frequency, namely,  

  Sex (OGSE) = exp[−b(Dex0 + βex i f )]   [5.5]                                         

where Dex0 is a constant and βex is the slope of extracellular diffusion coefficient with 

respect to frequency f, which contains information on structural dimensions but may not 

be simply assigned to any specific morphological feature in the tissue. If f → 0 , a 

cosine-modulated OGSE pulse degenerates into a conventional PGSE pulse and Eq. [5.5] 

becomes:  

 Sex (PGSE) = exp[−bDex0 ]   [5.6] 

Biological tissue was modeled as a two-compartment system, consisting of 

intracellular and extracellular spaces, without any water exchange between these two 

compartments. Cells were modeled as a collection of densely packed spheres on a face-
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centered cube (FCC) (125). The following diffusion and morphological parameters were 

used in the simulation: Din= 1 µm2/ms, Dex= 2 µm2/ms, cell diameter = 2.5, 5, 10, 15, 20, 

and 25 µm, intra-cellular volume fraction = 43%, 51%, and 62%. A finite difference 

method was employed, and further details of the computational aspects of the simulations 

have been reported elsewhere (53). Diffusion-weighted signals were simulated for both 

OGSE and PGSE sequences with the same parameters set in the cell culture experiments.  

Two sets of cell experiments, designated as “A” and “B”, were performed. 

Experiment “A” was designed to measure cell sizes for different types of cells at different 

densities, while experiment “B” was designed to characterize the changes in the tumor 

cell size before and after anti-cancer treatment. In experiment “A”, murine 

erythroleukemia (MEL) and human promyelocytic leukemia K562 cells, purchased from 

American Type Culture Collection (ATCC, Manassas, VA), were cultured in DMEM 

medium supplemented with 10% FBS, 50 U/ml penicillin, and 50 µg/ml streptomycin 

(Invitrogen, CA) under standard culture conditions in a humidified incubator maintained 

at 5% CO2 and 37 °C. Cells were spread every three days by 1:10 dilution and cell density 

was limited to be no more than 0.8 ×106 cells/ml. All cell samples were collected, washed 

with PBS, and then fixed with 4% paraformaldehyde in PBS for over 2 hours.  After 

fixation, cells were washed, and transferred to a 0.65ml Eppendorf tube. In order to 

obtain different cell densities, tubes were divided into three groups and centrifuged (Bio-

rad microcentrifuge) at three different centrifugal forces (200, 1000, and 6000 g) for 2 

minutes to result in three different cell densities. The liquid on the top was carefully 

removed, and the residual cell pellets, whose net weights were around 150 to 200 mg, 

were used for NMR measurements.  

In experiment “B”, nab-paclitaxel (Abraxane) treated MDA-MBA-231 cells were 

used to mimic the effects of anti-cancer therapy on cell sizes. Abraxane is an FDA-

approved mitotic inhibitor drug used in the treatment of breast, lung and pancreatic 

cancers (43, 44). It interrupts cell division during the mitotic (M) phase of the cell cycle 

when two sets of fully formed chromosomes are supposed to separate into daughter cells. 

Cells are thereby trapped in the M phase and then undergo apoptosis. Note that cells 

significantly increase their sizes during the M phase, and hence the cell size can be used a 

surrogate biomarker to monitor the efficacy of Abraxane treatment. Human breast cancer 
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cells MDA-MBA-231 are highly metastatic and show a positive response to Abraxane 

treatment.  MDA-MB-231 cells were cultured in the same way as MEL and K562 cells. 

After that, a half of the MDA-MB-231 cells were treated with 200nM of Abraxane for 24 

hours. All cell samples were collected, washed with PBS, and then fixed with 4% 

paraformaldehyde in PBS for over 2 hours.  After fixation, cells were washed, and 

transferred to a 0.65ml Eppendorf tube. Tubes were centrifuged (Bio-rad 

microcentrifuge) at 1000g for 2 minutes.    

All measurements were performed on a 7.0-T, 16-cm bore Varian DirectDrive™ 

spectrometer (Varian Inc. Palo alto, CA). As described in ‘cell preparation’ section, MEL 

and K562 cells were prepared at three different cell densities (low, medium and high) 

with 4 samples at each density. Nine b-values evenly distributed between 0 and 2000 

s/mm2 were used in both PGSE and OGSE measurements. The OGSE pulse sequence 

substitutes the two bipolar diffusion-sensitizing gradients in PGSE with two apodized 

cosine-modulated gradients. Details of the OGSE pulse sequence can be found in (124). 

For PGSE experiments, diffusion gradient durations were δ=4 ms, and separation Δ=52 

ms. The OGSE method measured frequencies at 40, 80, and 120 Hz with δ/Δ=25/30 ms. 

Note that the echo times (TE=60 ms) for both PGSE and OGSE measurements were the 

same to minimize relaxation effects.  

The PGSE and OGSE diffusion signals were fit to Eq. (1)-(5) with five unknown 

variables: cell diameter d, intracellular diffusion coefficient Din, intracellular volume 

fraction fin, and extracellular parameters Dex0 and βex (see Eq.(5)), using the lsqcurvefit 

function in Matlab (Mathworks, Natick, MA). The constraints for fitting parameters were: 

0 ≤ d ≤ 40 µm, 0≤ fin ≤ 1, 0 ≤ Din ≤3.0 µm2/ms, 0 ≤ Dex0 ≤ 3.0 µm2/ms, and 0 ≤ βex ≤ 2 

µm2. Randomly-generated initial parameters values were used. To ensure the global 

minimum was reached, the fitting was repeated 100 times for each sample, and the 

analyses corresponding to the smallest fitting residual were chosen as the final results.  

            The correlations between fitted and preset intracellular volume fractions was 

assessed using Kendall’s tau correlation coefficient (171). The differences in MR-derived 

cell sizes and intracellular volume fractions among the cell samples having different 

densities (Figure 5) were summarized using means and standard deviations, and 

compared by one-way ANOVA. The differences in the other three fitted parameters (Din, 
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Dex0, and βex) among the cell samples having different densities (Figure 6) were 

summarized using means and standard deviations, and compared by one-way ANOVA. 

All the tests were two-sided and a p-value of 0.05 or less was taken to indicate statistical 

significance. Statistical analyses were performed using OriginPro 9.0 (OriginLab. 

Northampton, MA).  

 

Results 

For model systems mimicking tightly packed cells of diameter ranging from 2.5 

to 25 µm and various intracellular volumes (43%, 51%, and 62%), both the OGSE signals 

with frequencies ranging from 40 to 160 Hz and the PGSE signals with a single long 

diffusion time of 48 ms were obtained from simulations. The size and intracellular 

volume fraction were fitted from three different combinations of the simulated data, 

including OGSE at 40 and 80 Hz, OGSE at 40 and 80 Hz + PGSE, and OGSE at 40, 80, 

120, and 160 Hz. The cutoff frequencies, 80 and 160 Hz, are determined by two different 

maximum gradient strengths, 15 and 40 G/cm, corresponding to readily achievable 

gradient strengths on regular animal scanners and those with advanced human gradient 

coils (172), respectively. Figure 5.2 (A) shows the fitted mean sizes of cells at three 

different densities. The OGSE method employing a maximum gradient strength of 15 

G/cm is sufficient to extract the sizes of the cells smaller than 8 µm, while it 

underestimates the sizes of the cells larger than 8 µm. For cells larger than 8 µm, the 

accuracy of size measurement can be significantly improved by incorporating either 

PGSE or more OGSE data with more frequencies. Correlations between fitted and preset 

intracellular volume fractions are shown in Figure 5.2 (B) and were measured via 

Kendall’s concordance coefficient. The calculated value of Kendall’s coefficient was 0.6 

(p=0.0007), 0.75 (p<0.0001), and 0.72 (p<0.0001) for OGSE at 40 and 80 Hz, OGSE at 

40 and 80 Hz + PGSE, and OGSE at 40, 80, 120, and 160 Hz, respectively. The fact that 

our proposed combination has a strong correlation demonstrates that this approach is a 

useful tool for the quantification of the intracellular volume fraction.    
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Figure 5.2 (A) Correlation between fitted diameters and preset diameters in simulations. 

Fitted diameters generated from three different combinations of OGSE and PGSE signals, 

mean ± std (n=3, with three different intracellular volume fractions: 43%, 51%, and 62%) 

vs. preset diameters. The dot line represents the identity line. (B) Fitted intracellular 

volume fraction generated from three different combinations of OGSE and PGSE signals, 

mean ± std (n=6, with cell size ranging from 2.5 to 25 µm) vs. preset intracellular volume 

fractions. The dot line represents the identity line. 

 

Representative OGSE and PGSE signals for a sample K562 cell pellet with 

medium density are shown in Figure 5.3. As expected, the diffusion-weighted signals 

decay faster as the effective diffusion time decreases. The PGSE signals were 

significantly higher than OGSE signals, indicating that lower effective diffusion rates 

were obtained at longer diffusion times. The solid lines represent the fits from Eq. [5.1]. 
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Figure 5.3 Typical OGSE and PGSE signals for the K562 cell pellet which was 

centrifuged at a centrifugal force of 1000g. The solid line represents the fit using Eqs. 

[5.1-5.5]. 

 

Figure 5.4 shows typical 40x microscope images for K562 (top) and MEL 

(bottom) cells. It is evident that K562 cells are much larger than MEL cells. The area of 

each cell was calculated from these light microscope images using an auto-segmentation 

program written in Matlab, and then converted to a diameter assuming each cell is a 

sphere. The area-weighted diameters (24) for K562 and MEL, which were determined 

from approximate 1000 cells, were 20.94±1.08 and 11.74±1.30 µm, respectively. 

                                            
Figure 5.4 Typical 40x light microscopy pictures for K562 (top) and MEL (bottom) cells. 

 

Figure 5.5 compares the diameters (A) and intracellular volume fractions (B) 

fitted from three combinations of diffusion-weighted signals for K562 and MEL cells at 
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three different densities. The two parameters extracted from 40 and 80 Hz OGSE signals 

have dramatic variations among the samples having the same cell types and the same 

densities, indicating that the combination of 40 and 80 Hz OGSE signals does not 

generate reliable results under these experimental conditions.  

 
Figure 5.5 Diameter (left) and intracellular volume fractions (right) fitted from three 

combinations of OGSE and PGSE signals for K562 and MEL cells at three different 

densities: high, medium, and low. It is noted that varying cell density does not affect the 

fitted cell size for the same type of cells regardless of the data combination (p>0.05).  

 

Using the high-frequency OGSE data, the mean diameters for K562 and MEL 

cells at three densities are close to the microscope-derived diameters. However, one-way 

ANOVA revealed that the diameters for the samples at low density are significantly 

larger than those from the high (p= 0.04 and 0.005 for K562 and MEL, respectively) and 

medium densities (p= 0.03 and 0.04 for K562 and MEL, respectively). Similarly, the 

mean intracellular volume fractions for MEL cells at high density are significantly lower 

than those for the low density (p=0.004), suggesting that this combination of OGSE 

signals does not estimate the intracellular volume fraction reliably.  
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Density Light 

microscope high medium low 

K562 19.82±1.30 21.5±0.98 20.96±0.60 20.94±1.08 

MEL 10.42±0.72 10.46±0.98 10.6±0.48 11.74±1.30 

 

Table 5.1 Fitted and microscope-derived diameters for K562 and MEL cells at different 

cell densities (low, medium, and high). 

 

By contrast, by combining the PGSE and low-frequency OGSE signals, the fitted 

cell sizes are not only consistent with microscope-derived sizes (Table 5.1) but also 

insensitive to the variations in cell density (p>0.05), indicating this approach is accurate 

for size quantification and robust to varying cell densities. Moreover, the intracellular 

volume fractions for cell samples of high density are significantly higher than that for 

low-density samples (p=0.02 and 0.03 for K562 and MEL, respectively). The medium-

density samples were not differentiated from the other two densities (p>0.05).  

In Figure 5.6, the other three parameters (Din, Dex0, and βex) obtained from the 

combination of PGSE and low-frequency OGSE signals are displayed. Din remains 

almost constant for different cell densities and cell types. Dex0 increases with the 

decreasing cell density (p<0.05), possibly because of the increased extracellular 

tortuosity. βex does not show any apparent correlation with the cell density (p>0.05).  
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Figure 5.6 Fitted Din, Dex0, and βex for K562 and MEL cells at different cell densities: 

low, medium, and high. 

Figure 5.7 Typical 40x light microscopy pictures for non-treated (top) and Abraxane- 

treated (bottom) MDA-MBA-231 cells.  
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Abraxane is used to trap cells in the M phase and then undergo apoptosis. It is 

known that cells significantly increase their sizes during the M phase. Our microscope 

observations (Figure 5.7) confirm that Abraxane-treated cells are larger on average than 

the untreated MDA-MBA-231 cells. MRI-derived cell sizes are close to the area-

weighted diameters calculated from light microscopy (Table 5.2), indicating that the 

proposed approach is capable of quantifying increases in cell sizes in response to anti-

cancer treatment. Table 5.3 shows the other four parameters (Din, fin, Dex0, and βex) for 

Abraxane-treated and non-treated cells. The intracellular volume fraction became larger 

after treatment most likely due to the increase of individual cell size, although the 

packing density for large cells was lower than small cells. The extracellular diffusion 

coefficient (Dex0) increased in the cell samples with larger cells, presumably due to the 

increased mean restricting distances in the extracellular spaces. Note that the changes of 

Din may not reflect the true values because the applied gradient frequencies were not high 

enough to sensitize the intracellular free diffusion (49).   

 
 Fitted Light microscope 

Non-treated 14.9±1.58 15.72±1.84 

Abraxane-treated 22.24±0.36 22.48±0.9 

 

Table 5.2 Fitted and microscope-derived diameters for nontreated and Abraxane-treated 

MDA-MB-231 cells.  

 
 

 Din (µm2/ms) 

Intracellular 

volume fraction 

(%) 

Dex0
 

(µm2/ms) 

βex 

(1000*µm2) 

Non-treated 0.62±0.018 42±6.8 0.84±0.047 4.2±0.39 

Abraxane-treated 0.76±0.0012 59±2.3 1.00±0.029 4.17±0.87 

Table 5.3 Fitted Din, intracellular volume fraction, Dex0, and βex for MDA-MB-231 cells. 
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Discussion 

Various microstructural features of tumors, such as the cellularity, cell size, and 

nuclear size, play an important role in the diagnosis and prognosis of cancer. 

Conventionally, these parameters are obtainable only from invasive biopsy. Diffusion-

weighted MRI provides a means to probe cellular characteristics of biological tissues 

non-invasively, and hence is potentially a viable approach for non-invasively obtaining 

critical information about cancer. Although PGSE and OGSE sequences are often 

conceived of as different, the theory of temporal diffusion spectroscopy shows how the 

information obtainable from different sequences is related. While OGSE implementation 

allow probing of the high frequency regions of a diffusion spectrum, PGSE has some 

advantages in practice for assessing low frequency values of the spectrum, a region that 

appears critical for accurately estimating the sizes of larger scale structures.  PGSE 

methods are sensitive to cell size and cellularity, but relatively insensitive to subcellular 

microstructures. By contrast, OGSE methods are more sensitive to features that restrict 

diffusion at a subcellular scale, such as nuclear size, but in practice are not well suited to 

measuring larger structures. Our PGSE measurements with a single long diffusion time 

(52 ms) sample the diffusion spectra close to f → 0 , extending the range of OGSE 

spectral data. By sampling a sufficient range of frequencies, a larger range of cell sizes (6 

– 20 µm) can be accurately measured. This combination extends the ability of diffusion 

measurements to probe microstructural parameters over a broader range of length scales, 

from subcellular scales to large cell sizes. This more comprehensive information may 

have significant potential in cancer imaging.  

Although it is possible to implement both conventional PGSE or OGSE methods 

to characterize cell dimensions and subcellular scales, respectively, this strategy is time-

consuming and hence impractical in clinics. Previous studies have reported one hour 

scanning for PGSE-based methods to obtain mean axon diameter of human corpus 

callosum (162) and 2.5 hours to obtain the mean cell size of mouse tumors (32). Multi-

frequency and multi-b-value OGSE measurements are also time-consuming especially 

with a limited signal-to-noise ratio (SNR) (34). In the current study, we report a novel 

approach to combine OGSE and PGSE measurements with a single, long diffusion time. 

Such an approach significantly improves the ability of OGSE methods to accurately 
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measure large cell size (up to 20 µm) with slightly increased scanning time. Therefore, 

both cellular and subcellular information can be obtained by such an approach in limited 

scanning time, which may be of crucial interest in practice. 

Both the simulations and cell culture experiments demonstrate that the temporal 

diffusion data obtained with combined PGSE and OGSE measurements enable an 

accurate in vitro estimation of cell size ranging from 10-20 µm using a maximum 

gradient strength of 15 G/cm. This gradient strength is available with the recently 

developed Connectome gradient coil, which provides a gradient strength up to 30 G/cm 

for human heads. Even for normal gradient coils with relatively low gradient strength, 

e.g. < 8 G/cm per channel, on regular MRI machines, it is still possible to employ our 

method. For example, a gradient duration δ = 25 ms was used in this work. Since the b 

value is proportional to δ3 and G2, a gradient strength of 7.5 G/cm can result in the same 

b values used in the current study with δ = 40 ms, a typical gradient duration for human 

OGSE studies (43,173). This means that our proposed approach is directly translatable to 

current human imaging, although it will benefit significantly from more advanced 

gradient coils.  

It is also shown that incorporating more high-frequency OGSE data improves the 

accuracy of cell size estimates for large cells. The high-frequency OGSE data are 

considered to have higher sensitivity to detect small dimensions, so it is interesting that 

they helped make the measurements of larger cell sizes more accurate. As discussed 

previously, the rise in apparent diffusion coefficient in response to an increase in the 

frequency is the key to extract cell size (34). As shown in the curves with 10 – 20 µm in 

Figure 5.1, ADCs kept increasing at 120 and 160 Hz, indicating that these OGSE 

frequencies are still sensitize to large cell size ranging from 10 to 20 µm. When more and 

more frequencies that sensitize the cell size were included in the cell size fitting, more 

accurate results were obtained even if those relatively higher frequencies had lower 

sensitivities to large cell size. However, this broader frequency range method shows 

larger errors compared with our approach in measuring large cell size. For example, as 

shown in figure 5.5 (A), our approach led to 5.34%, 2.67%, and 0.08% deviations from 

the microscopy-derived diameters for K562 cells at high, medium, and low densities, 

respectively, while the broader frequency method led to deviations of 16.97%, 17.16% 
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and 11.36%. More importantly, the acquisitions of high-frequency OGSE data covering 

the same range of b-value need very high gradient strength (40 G/cm), which limits the 

clinical use of this approach.   

The water exchange between intra and extracellular spaces was assumed 

negligible in the current study. This assumption has been used in previous OGSE studies 

(23,168,174), because the effective diffusion time of the OGSE measurement is usually 

much shorter (< 5 ms) compared with the intracellular lifetime of water molecules 

(79,175). However, the precise effect of water exchange on diffusion measurements in 

vivo remains unclear. The incorporation of PGSE measurements with a long diffusion 

time makes this method more likely to be affected by water exchange than typical OGSE 

methods. In addition, membranes of tumor cells may have altered permeability resulting 

from either treatment or tumor development (84). Therefore, the influence of water 

exchange effects on the proposed approach needs to be further investigated, especially for 

in vivo studies. A more complex model which can account for water exchange between 

intra and extracellular spaces, such as the Karger model (176), will be investigated in a 

future study. 

The current study used a simplified model which describes cells as homogenous 

spheres without nuclei. Interestingly, cell sizes fitted by this sphere model are reasonably 

accurate for non-spherical MDA-MBA-231 cells (Figure 5.7), suggesting that this 

method may not be very sensitive to variations in cell shape. This is encouraging since 

cells in real biological tissues are usually not spherical. On the other hand, it has been 

found in computer simulations and in vivo studies that a change of nuclear size can affect 

high-frequency OGSE signals (23,125). A change of nuclear size is widely observed in 

many biological processes, such as necrosis and apoptosis induced by cancer treatment. 

Therefore, it will be valuable to develop a more comprehensive model and broader range 

of measurements to be able to quantitatively characterize cell size, cell density, and 

nuclear size. If successful, this could provide more quantitative tissue characterization of 

tumors.  

Fitted intracellular volume fractions also show a good correlation with cell 

densities. However, it is technically demanding to perform the histology validation for in 

vitro cell pellets. As an alternative, it has been reported that the intracellular volume 
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fraction can be extracted from changes of diffusion-weighted signal in the extracellular 

space, resulting from the administration of Gadolinium-based contrast agent which 

changes the T1 of the extracellular space only (84). Efforts to compare intracellular 

volume fractions generated from these two methods are in progress. 

 

Conclusion 

Temporal diffusion spectroscopy combining a single long diffusion time PGSE 

and low-frequency OGSE measurements, was developed for accurately measuring 

relatively large cell sizes (10-20 µm). Using this method, accurate cellular sizes were 

obtained with a weak gradient strength of 15 G/cm, in different cancer cells and at three 

different cell densities. Size changes in breast cancer cells MDA-MBA-231 in response 

to chemotherapy were also detected. These findings were confirmed by light microscopy 

and confirm the potential of this method for providing microstructural information non-

invasively to assist better diagnosis and prognosis of cancer. 
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CHAPTER VI 

SUMMARY AND FUTURE DIRECTION 

 

In chapter 2, we studied the relation between the changing rate of ADC with 

frequency (ΔfADC) and the cylinder radius (R). ΔfADC is not a monotonic function of R, 

and becomes larger when the cylinder radius R is close to the corresponding root mean 

square displacement (RMSD) at the applied oscillating frequency. The frequency (f0) at 

which ΔfADC reaches its maximum is then an essential feature of ADC spectra that 

correlates with intrinsic tissue structure. It suggests that measuring ADC spectra at 

multiple diffusion frequencies/times around f0 is key to obtaining structural dimensions 

from diffusion measurements. From this, we proposed to combine OGSE and PGSE 

measurements in order to cover a broad range of effective diffusion times and be 

sensitive to a wide range of restricting dimensions. 

It should be noted that quantification of cell size in vivo would be much more 

challenging than that in vitro. First, in biological tissues with tightly packed cells, the cell 

shape is irregular and the size distribution can be broad. The simple two-pool model may 

not be suitable for the complex situations. Second, the water exchange effects may not be 

negligible for in vivo applications. Though OGSE measurements are usually not affected 

by permeability changes, permeability may have a significant influence on PGSE 

measurements, which in turn would affect the proposed hybrid OGSE-PGSE method. 

Therefore, the influence of water exchange effects on the proposed approach and the 

quantification of cell size in vivo with improved model will be further investigated in 

future studies.  
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