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Abstract 

This dissertation reports advances in magnetic resonance imaging (MRI), with 

the ultimate goal of improving signal and contrast in biomedical applications. More 

specifically, novel MRI pulse sequences have been designed to characterize 

microstructure, enhance signal and contrast in tissue, and image functional processes. 

Using these pulse sequences, intermolecular multiple quantum coherence (iMQC) 

signals that arise from the dipolar field over well-defined distances can be observed; 

these signals were used here to probe material microstructure. Using iMQCs, the 

restricted diffusion in uni- and multi-lamellar vesicles such as liposomes and 

polymersomes was characterized, with potential applications for monitoring drug 

transport and release; moreover, mesoscopic anisotropy in developing rat brains was 

studied, which required significant pulse sequence optimizations and corrections to the 

original dipolar field framework. We have also developed and applied modified 

multipulse echo sequences with optimized interpulse delays for tissue imaging. These 

sequences have enhanced the signal and may provide new contrast in various tissues, 

including normal, tumor, and fatty tissues. Finally, the use of MRI to study functional 

processes, including temperature and perfusion, is described.  
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1. Introduction to Magnetic Resonance Imaging 

1.1 Synopsis 

Developments in magnetic resonance are at the heart of this dissertation, and an 

in-depth understanding of the underlying theory was crucial to many of these 

developments. A brief overview of the most critical aspects of magnetic resonance will 

be covered in Chapter 1; more detailed descriptions can be found in Refs. [1-3]. Chapter 

2 will introduce intermolecular multiple quantum coherences (iMQCs), which were 

used to probe restricted diffusion in liposomes (Chapter 3) and anisotropy in developing 

rat brains (Chapter 4). Chapters 5 through 8 discuss multipulse echo sequences (such as 

the unequally spaced Uhrig Dynamic Decoupling (UDD) sequence) and the effect of 

pulse timings on the signal and contrast in different tissue types. Chapter 9 focuses on 

temperature imaging, including a detailed description of the iMQC-based HOT 

sequence. Finally, Chapter 10 covers preliminary validation attempts for a new tissue 

perfusion method developed at Washington University (St. Louis, MO), where actively 

decoupled deuterium coils were built to measure deuterium perfusion in vivo.  

1.2 Theory of NMR 

1.2.1 Spin 

The concept of spin is absolutely central to magnetic resonance. Spin is a form of 

angular momentum, but instead of resulting from rotation, spin is intrinsic. Spin angular 

momentum only exists quantum mechanically, which makes it difficult to understand 
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classically. Spin can be thought of classically as the particle spinning about its own axis, 

and spin behaves as expected from classical rotational angular momentum. Rotational 

angular momentum arises from motion (and thus it decreases to zero as the temperature 

approaches absolute zero1) and must be an integer. In contrast, spin angular momentum 

is an intrinsic property that does not depend on motion (and thus does not change at 

absolute zero); moreover, spin can be half-integer. All subatomic particles have spin that 

is either ±1/2, and thus nuclei can also possess spin. As such, spin has a magnetic dipole, 

which can interact with a magnetic field. 

If the nucleus contains an even number of protons and neutrons, there is no spin 

angular momentum (I = 0), and the nucleus is not NMR observable. Unfortunately, this 

group of spin-0 nuclei includes the biologically relevant 12C and 16O. Many nuclei have I 

= ½, including 1H, 13C, 15N, 19F, and 31P, and spin-1/2 nuclei will be the focus of the 

majority of this dissertation. Other nuclei can have I > ½, although these have 

quadrupolar interactions and are generally more complicated. Deuterium (2H = D) has I 

= 1 and will be covered in more detail in chapter 10. As a result of the spin angular 

momentum, nuclei with I ≠ 0 have a magnetic dipole moment   . Spin angular 

momentum and the magnetic moment are related by the gyromagnetic ratio (γ), which 

is a proportionality constant measured for each nucleus. If γ > 0, the magnetic moment is 

                                                      

1 Although rotational motion (and thus energy) goes to zero at absolute zero, vibrational motion (energy) 

can never reach zero. 
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parallel to the spin angular momentum, while if γ < 0, the magnetic moment is anti-

parallel to the spin angular momentum. Most of the work here will focus on 1H, which 

has γ/2π = 42.576 MHz/T.  

1.2.2 The Hamiltonian, Precession, and Energy 

In the absence of a magnetic field, the magnetic moment (and thus spin) can 

point in any direction. For nuclei placed in a magnetic field (B0),    interacts with B0 via 

the Zeeman interaction, which applies a torque                to the spins. The 

Hamiltonian (quantum mechanical operator for energy) is                   
         . 

Initially, the isotropically-oriented spins precess on the order of nanoseconds about the 

field, where the precession frequency is given by: 

 
   

    

    
 

  

 
     [1.1]  

Due to interactions with outside environment (termed the “lattice”), the nuclei rotate 

and eventually become polarized. There is a slight tendency to align in the lower energy 

level, with exponential growth of the polarization over a characteristic timescale called 

T1 (typically milliseconds to seconds for 1H in solution).  

The eigenstates of the Hamiltonian are the energy levels, which depend on the 

gyromagnetic ratio: 

                  [1.2]  

where    is the magnetic quantum number for the nuclear spin. For I = ½ (such as 1H), 

there are two energy levels: α for      and β for      . The separation between the 
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energy levels increases with increasing B0. The selection rules allow only transitions 

separated by Δm = ±1 (single quantum transitions such as between α and β). However, 

we will see in Chapter 2 that higher order transitions, such as zero and double quantum 

transitions, involving two or more spins are also possible.      

1.2.3 Boltzmann Distribution  

At thermal equilibrium, nuclei that possess a magnetic moment tend to align 

with the magnetic field in the lower energy state. The population distribution 

corresponds to a Boltzmann distribution, with the fractional population (    of each 

energy level given by 

 

   
 

   
    

  
   

    
 

 [1.3]  

For room-temperature protons at 7T,    = 0.500012 and    = 0.499988. Thus, population 

differences (and hence the polarization) are small, even for 1H which has a relatively 

large magnetic moment. The polarization (P) is given by 

 
  

     

     
     

    

    
 

    

    
 [1.4]  

For the sample system given above, this works out to 2.44x10-5. The magnetization 

depends on the polarization: 

 
   

 

 
      [1.5]  
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where    is the number of spins.  Detecting the small magnetization aligned with the 

main magnetic field is nearly impossible (and indeed would require an extremely 

sensitive detector, such as optical detection [4, 5], superconducting quantum interference 

devices [6], or MR force microscopy with a mechanical cantilever to measure attonewton 

(aN) forces [7, 8]). Instead, we can use the fact that the spins precess about the z-axis and 

measure magnetization in the transverse (xy) plane.  

1.2.4 Precession and Resonance 

 At thermal equilibrium, the transverse magnetization is isotropic, while the z-

magnetization is slightly polarized (Equation 1.5). If the z-magnetization is rotated into 

the transverse plane, it will precess according to Larmor frequency and can be detected. 

This rotation can be achieved using a radiofrequency (RF) pulse at the appropriate 

frequency (  ) and duration (T): 

            [1.6]  

Although the B1 field is small compared to B0, it can rotate the magnetization by taking 

advantage of the idea of resonance. Once the magnetization is rotated into the transverse 

plane, it can be detected because we know the precession frequency. By tuning our 

detection (receiver) coil to this frequency, we can detect this small magnetization (as an 

induced current in the receiver coil). The net magnetization precesses at the Larmor 

frequency and begins to decay because the spins begin to dephase. This phase 

dispersion is called the spin-spin relaxation time (T2, which is usually milliseconds but 
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can be as long as T1) and results from microscopic magnetic field fluctuations due to 

molecular interactions. The detected NMR signal is called the free induction decay (FID). 

The FID and the spectrum (or image) are related by the Fourier transform, where the 

spectral linewidth is dictated by 1/(πT2).  

In reality, the magnetization decays significantly faster than the T2 relaxation 

time due to a process called inhomogeneous broadening, which causes significantly 

broadened lines. Inhomogeneous broadening comes from magnet imperfections or 

susceptibility effects. The combination of T2 and this inhomogeneous broadening is 

called T2*. The spin echo sequence (90° – TE/2 – 180° – TE/2) can refocus static resonance 

frequency contributions, such as those due to inhomogeneous broadening; this permits 

measurement of T2.  

1.3 Classical Description: The Bloch Equations 

The Bloch equations [9] are a set of phenomenological equations that describe the 

behavior of spins in a magnetic field. The Bloch equations permit calculation of the three 

orthogonal magnetization vectors   ,   , and    through differential equations:  

    

  
           

  

  
 

   

  
            

  

  
 

   

  
           

     

  
 

[1.7]  
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where         and the relaxation processes T1 and T2 have been added as 

first-order decays. Although the Bloch equations can accurately describe many 

experiments, more complex phenomena such as iMQCs are better understood 

with a quantum mechanical description.   

1.4 Quantum Mechanical Description of Magnetic Resonance 

The Hamiltonian is the quantum mechanical operator for energy and describes 

all interactions of the system. External spin interactions include those from the static 

magnetic field and those from the oscillating transverse field: 

                 

      
 

 
                            

[1.8]  

where the RF interaction is only present during the RF pulses. In addition to these 

external spin interactions, there are also internal spin interactions. These include 

chemical shift, J-couplings, dipole-dipole couplings, quadrupolar couplings, and spin-

rotation interactions. Of these interactions, chemical shift and J-couplings have 

incredible power for structural determination of organic molecules. Chemical shift terms 

arise from the indirect interaction between B0 and nuclear spins that is mediated through 

electrons. J-coupling terms arise from the indirect interaction between nuclear spins 

through the electrons. Dipolar couplings are important for the detection of iMQCs and 

will be covered more in Chapter 2. Quadrupolar couplings are only present for spins 

with I > ½ and will be discussed briefly in Chapter 10. Spin-rotation interactions exist 
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between nuclear spins with the magnetic fields generated by molecular rotation but is 

largely unimportant for solution NMR. Combining the relevant external and internal 

spin interactions, the Hamiltonian is 

         
 

               

   

 

             

[1.9]  

where    is the chemical shift of spin j. 

1.4.1 Density Matrix and Product Operator Formalisms 

The density matrix () is a quantum statistical mechanics tool that can treat a 

spin ensemble to elucidate the average or expected behavior of a single system within 

the ensemble [3, 10]. The density matrix is a 2N by 2N matrix representation of the 

system, where N is the number of spins.  

                  
         [1.10]  

The diagonal elements of the density matrix are the populations of the states, while the 

off-diagonal elements indicate coherences (in the Hamiltonian eigenbasis). The diagonal 

elements must therefore be real and positive, while the off-diagonal elements are 

complex. The trace of the density matrix is 1, corresponding to the sum of all the 

populations. At thermal equilibrium, the diagonal elements are defined by the 

Boltzmann distribution, while the off-diagonal elements are zero because there is no 

coherent transverse magnetization. Using density matrix formalism, the effects of delays 

and rotations (pulses) can be determined.  
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                          [1.11]  

The transverse magnetization can be easily obtained from the density matrix because the 

expectation value for an operator A (=        for transverse magnetization) is 

             [1.12]  

More details about the density matrix formalism are covered in Appendix A. The 

size of the density matrix increases exponentially with the number of spins, making such 

calculations unwieldy for large spin systems. In the product operator formalism, the 

density matrix is expressed in terms of angular momentum operators. This formalism 

greatly simplifies the calculation of complicated pulse sequences and is a shorthand 

version of the density matrix formalism. More details on product operators are covered 

in Chapter 9. 
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2. Intermolecular Multiple Quantum Coherences 

2.1 Synopsis 

Intermolecular multiple quantum coherences (iMQCs) correspond to 

simultaneous transitions of nuclear spins on different molecules with a macroscopic 

separation (typically many microns) [11]. The original (1948) framework of solution 

NMR precluded the existence of coherences between such widely separated (and weakly 

interacting) nuclei [12]. However, a series of groundbreaking papers [13-16] showed that 

these coherences existed in solution and could be converted into strong observable 

signals with the proper pulse sequence. This signal can be explained by discarding two 

major assumptions made in standard NMR theory: the high temperature approximation 

to the density matrix and the effect of the long range dipolar coupling. Higher order 

terms in the equilibrium density matrix are usually discarded in standard NMR theory, 

but they give rise to iMQCs that can then become observable under the effects of the 

long-range dipolar coupling [17, 18]. Here we provide background information about 

iMQCs, including details about the pulse sequence and dipolar field. The application of 

iMQCs to imaging restricted diffusion, anisotropy, and temperature is covered in 

Chapters 3, 4, and 9. 

2.2 Introduction to multiple quantum coherences 

Conventional magnetization involves spin transitions with Δm = ±1 (single 

quantum coherences). For a single spin-1/2, there is only a single transition between the 
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α and β energy levels. In contrast, multiple spins can also be coupled, for example by 

nuclear dipole-dipole couplings. These coupled spins can undergo transitions involving 

only one spin or both spins. Figure 1 shows the energy level diagram for a 2-spin system 

with four possible energy levels: αα, αβ, βα, and ββ. There are four possible SQ 

transitions. There can also be transitions involving both spins, and these simultaneous 

coupled spin transitions are called multiple quantum coherences. If both spins flip in the 

same direction, αα to ββ, Δm = 2 and these are called double quantum coherences 

(DQCs, shown on right in Figure 1). If the spins flip in opposite directions, αβ to βα, Δm 

= 0 and these are called zero quantum coherences (ZQCs). When these coupled spins are 

on the same molecule, the coherences are termed intramolecular, while coupled spin 

transitions on separate molecules are termed intermolecular. While the former are often 

used as filters in 2D spectroscopy experiments, the majority of the work presented here 

will focus on intermolecular multiple quantum coherences (iMQCs [11, 13, 14, 19]).  

 

Figure 1: Energy level diagram for 2 coupled spins and iDQC transition. 
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The iMQC evolution is different from conventional SQ magnetization; iMQCs 

evolve at the sum (iDQC) or difference (iZQC) frequencies of the spins involved in the 

coherence. In imaging applications, these transitions lead to contrast that is more 

sensitive to the local environment than SQCs, which is a direct result of the two-spin 

evolution at the sum of their frequencies.  The detection of intermolecular multiple 

quantum coherences can enhance contrast [20], probe tissue microstructure [21-24] and 

anisotropy [25, 26], and image functional characteristics (including brain activation [27, 

28] and temperature [29]). 

The theoretical iMQC framework (and experiments) showed that local 

anisotropy in the magnetization density is required to introduce long range nuclear 

dipole-dipole couplings in solution phase that lead to observable signal. This anisotropy 

is easily created by modulating the magnetization along a well defined direction, using 

pulsed field gradients. For example, a gradient of strength G and duration T applied to 

spins with gyromagnetic ratio γ winds the magnetization into a helix, with repeat 

distance       .  With the proper sequence, the iMQC signal comes from two or more 

spins separated by half this spin modulation, called the correlation distance (  ). This 

distance can be easily changed experimentally by changing the strength of the gradient 

pulses; the correlation distance generally ranges from tens of microns to millimeters. The 

upper limit on the correlation distance is determined by sample size, while the lower 

limit is determined by diffusion, which will be further addressed in Chapter 3.  
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There are two frameworks commonly used to understand iMQCs: the coupled-

spin picture [14] and the mean-field picture [30]. In the coupled-spin picture, the dipolar 

coupling term is explicitly retained, which permits use of the density matrix to calculate 

the evolution (although the high-temperature approximation must be discarded and the 

full equilibrium density matrix used instead). The coupled-spin picture is remarkably 

intuitive and provides physical meaning to the evolution, and therefore it is used more 

often in modern papers. It also facilitates pulse sequence design. In the mean-field 

picture, the dipolar interaction is added as an additional field term into the nonlinear 

Bloch equations. For the majority of this dissertation, the coupled-spin picture will be 

used. However, the mean-field picture is useful for the corrected dipolar field 

framework discussed in Chapter 4. This chapter will provide introductory material and 

the context for the application of iMQCs in Chapter 3, 4, and 9. More detailed references 

are available [11, 18, 31-33]. 

2.3 The CRAZED sequence 

The standard pulse sequence to detect iDQCs is called the CRAZED sequence 

and is shown in Figure 2. If we consider a single spin, we can easily see that it will give 

no observable signal in the acquisition window. That is, conventional magnetization 

begins as   , is converted to    by the 90° pulse, and cannot survive the double quantum 

filter (gradient ratio 1:2 and timing ratio :2). In practice, we typically obtain signals 

that are 10-20% of the maximum signal intensity and must originate as iMQCs. If we 
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instead consider a coupled spin pair, the magnetization begins as      and is converted 

to      by the 90° pulse. The spins evolve for τ at the sum of frequencies and thus pick 

up twice the phase evolution. The 1G gradient, termed the correlation gradient, 

effectively winds the magnetization into a helix, where the pitch is two times tighter 

than for conventional SQ coherences. The 120° mixing pulse converts these DQ 

coherences into 2-spin SQ antiphase coherences (    ) with a phase accumulation due to 

the 1G gradient and τ delay. The spins evolve for twice as long (2τ) to rephase the 

magnetization, and the 2G correlation gradients unwind the helix wrapped during τ. 

The subsequent spin echo module (TE/2 – 180° – TE/2) has no net effect on the evolution. 

Although 2-spin antiphase magnetization is unobservable, the mixing pulse introduces 

dipolar couplings, which locally refocus the magnetization to 1-spin in-phase 

magnetization in a nonlinear echo.  

 

Figure 2: Standard CRAZED pulse sequence. 

2.4.2 The dipolar field 

Nuclei with spin ≠ 0 have a magnetic dipole moment, and thus there is a dipolar 

interaction between the spins. The secular dipolar Hamiltonian is 
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[2.1]  

where     is the interspin distance and     is the angle between the internuclear vector 

and    .     is called the dipolar coupling constant. Under typical experimental 

conditions in solution, this interaction is negligible due to the effects of tumbling, 

diffusion, and magnetic isotropy [11]. Conversely, the CRAZED sequence reintroduces 

this dipolar interaction using magnetic anisotropy created by the gradient pulses. 

Experiments have also been performed using a hyperbolic secant pulse train in a 

gradient to ”stripe” the magnetization, hence breaking the magnetic isotropy [34]; this 

variant of the CRAZED sequence is termed the ZEBRA sequence.  

Following the 120° mixing pulse, some component of magnetization is along the 

z-axis, and the remaining magnetization is on the transverse plane. The magnetization 

along the z-axis is modulated, and thus the dipolar field    is also modulated (because 

      . The transverse magnetization is antiphase and unobservable. However, these 

antiphase spins see dipolar fields of the opposite sign; spins that see a positive dipolar 

field rotate in one direction, while spins that see a negative dipolar field rotate in the 

opposite direction (Figure 3). As a result, the transverse magnetization refocuses into a 

nonlinear echo.  
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Figure 3: Refocusing of the transverse magnetization by a square-wave modulation of 

the dipolar field. Typical gradients actually provide a sinusoidal modulation. 

The square-wave dipolar field modulation shown in Figure 3 is characteristic of 

the ZEBRA sequence. This sequence generates all even coherence orders because 

gradients are not required to break the magnetic isotropy, which also results in 

substantially higher signal intensity [34]. In the normal CRAZED sequence, the 

correlation gradients select a particular coherence order and provide magnetic 

anisotropy. The dipolar field modulation is sinusoidal as a result, but the same rotation 

arguments hold to refocus the signal. 

In typical iDQC applications, the tunable distance between the two coupled spins 

(called the correlation distance dc) ranges from tens of microns to a few millimeters. At 

shorter distances, diffusion causes the dipolar field interaction to be negligible due to the 

angular dependence of the dipolar field: 
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                  [2.2]  

At long distances relative to diffusion, the average angle between the spins is 

maintained even though each individual spin diffuses. However, at short distances, the 

dipolar field interaction samples all angles due to diffusion and is averaged to zero. In 

contrast, the dipolar field interaction would not be averaged to zero if the spin diffusion 

is sufficiently restricted, even at short distances (Figure 4). This will be covered in more 

detail in Chapter 3. In addition to signal refocusing, the dipolar field also affects the 

image contrast because of heterogeneity in the magnetization over the correlation 

distance. More discussion about the dipolar field will be covered in Chapter 4.  

 

Figure 4: Angular dependence of the dipolar field under various diffusion regimes 

(free diffusion over short and long distances and restricted diffusion over short 

distances). The dotted lines represent the diffusion paths experienced by the spins. 
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2.4.2 Correlation gradients 

One important experimental parameter in the CRAZED sequence is the 

correlation gradient pairs. By varying the direction and amplitude of the correlation 

gradient pairs, unique contrast that is fundamentally different from conventional MR 

contrast can be obtained. The directional dependence arises because the dipolar field 

causes a spatial dependence of the iMQC signal that is proportional to             . 

This means that the signal for a   correlation gradient should be the opposite sign and 

two times larger than the signals for   and   correlation gradients; this leads to a 

potential method to image anisotropy. In isotropic media, adding the three complex 

images together or subtracting the magnitude images should yield 0. In contrast, for 

anisotropic media, these combinations reflect the local structure. This will be applied to 

measure anisotropy in developing rat brains in Chapter 4. 

The strength of the correlation gradients determines the distance between the 

two spins. The correlation distance affects the image contrast because the signal is 

directly related to the dipolar field at that distance. This makes iMQCs particularly 

suitable for structure determination in samples with interesting structural details that 

are too large to be probed by diffusion-based methods and too small to be detected 

directly by standard MRI imaging experiments [25, 35].   
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2.4 Conclusions 

Intermolecular multiple quantum coherences arise from long-range nuclear 

dipole-dipole couplings and can provide interesting information not obtainable by 

conventional methods. However, the pulse sequence parameters, including the delays 

and correlation gradient strength and direction, strongly affect the signal and contrast. 

The following Chapters 3 and 4 will illustrate two novel applications of iMQCs: the 

direct detection of restricted diffusion from nearby spins and imaging mesoscopic 

(intermediate) anisotropy in developing rat brains. Chapter 4 also includes a detailed 

discussion about corrections to the dipolar field that are made necessary by the use of 

imaging gradients. 
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3. Characterization of restricted diffusion using short 
distance iDQCs 

3.1 Synopsis 

Improved understanding of the entrapment, transport, and release of drugs and 

small molecules within vesicles is important for drug delivery. Most methods rely on 

contrast agents or probe molecules; here, we have developed a new iDQC-based method 

to directly image restricted water spins using an exceedingly short (and previously 

inaccessible) distance, which can probe the restricted diffusion characteristics at well-

defined and tunable microscopic distance scales. Using uni- and multi-lamellar 

liposomes and polymersomes, we show how the composition, lamellar structure, vesicle 

size, and concentration affects the iDQC signal between coupled water spins at very 

short separation distances. The signal correlates well with conventional diffusion MRI 

and a biexponential diffusion model. Finally, the iDQC signal was used to monitor 

dynamic changes in the lamellar structure as temperature-sensitive liposomes released 

their contents. Sections of this chapter have been submitted for publication in JMR: A.M. 

Stokes, J.W. Wilson, and W.S. Warren; “Characterization of Restricted Diffusion in Uni- 

and Multi-lamellar Vesicles using Short Distance iMQCs” (2012). 

3.2 Introduction 

Vesicles such as liposomes and polymersomes have widespread applications in 

medicine, where they can be used to entrap and release contrast agents (e.g., 
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gadolinium) [36-39] or drugs (e.g., chemotherapeutic doxorubicin) [40-46]. There is 

significant interest in monitoring dynamic changes in the vesicle structure, which 

permits entrapment and transport of small molecules and drugs in vivo. The ability to 

initiate release of the vesicle contents only at the pathological sites is one of the most 

important aspects for drug delivery. More specifically, the vesicles can be specially 

formulated to release their contents via a controllable trigger mechanism, which may be 

temperature [44, 47-50], pH [51-53], sound [54], or light [55, 56].  

Current approaches to measuring entrapment and release have limitations. The 

entrapment and release can be monitored with fluorescence recovery after 

photobleaching [57-59], but this can interfere with the release mechanism (in the case of 

light triggered release) [60-62] and requires entrapment of labeled fluorophores. 

Magnetic resonance imaging (MRI) can be used to non-invasively study changes in the 

structure of porous media, particularly when the release mechanism precludes optical 

detection methods [63]. Vesicle release can be monitored using entrapped MRI contrast 

agents that affect the signal intensity; for example, gadolinium and manganese would 

shorten the T1 relaxation time of water after release [64, 65]. Another method based on 

diffusion MRI [66], which maps the diffusion of molecules, was recently proposed to 

monitor entrapment, transport, and release; in that case, the diffusion coefficient of a 

probe molecule was monitored [63]. All of these currently available methods require 
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that an exogenous agent, such as labeled fluorophores, contrast agents, or probe 

molecules, be entrapped in the vesicles.  

Here, we demonstrate a novel magnetic resonance approach (detection of 

intermolecular multiple quantum coherences (iMQCs) between spins separated by only 

a few microns) to directly image restricted diffusion of water in vesicles.  The detection 

of intermolecular multiple quantum coherences has been previously shown to enhance 

contrast [20], probe tissue microstructure [21-24] and anisotropy [25, 26], and image 

functional characteristics (including brain activation [27, 28] and temperature [29]). In all 

of these cases, the tunable distance between the two coupled spins (called the correlation 

distance   ) ranges from tens of microns to a few millimeters, which is substantially 

longer than what we will use here. These distances were chosen because larger distances 

quickly approach sample size limitations, while smaller distances (such as those used 

here) are typically unobservable due to diffusion effects. 

The standard CRAZED sequence [11, 14, 15, 20, 67] used for double quantum 

coherence (iDQC) detection is shown in Figure 2. The correlation distance is set by the 

gradient strength ( ) and gradient time ( ): 

    
 

   
 [3.1]  

where   is the gyromagnetic ratio. At very short correlation distances, Brownian motion 

causes the spins to diffuse over distances comparable to the separation distance, 

averaging the dipolar field interaction to zero. The root mean square (rms) distance over 
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which a molecule diffuses in a given time t is     . Using the diffusion coefficient of 

water at room temperature (D = 2.3 x 10-9 m2/s), the rms distance is 9.59 μm for t = 20 ms 

and 40.7 μm for t = 360 ms (typical range of experimental timescales). As the correlation 

distance decreases below the diffusion limit, the signal decreases to zero.  

In cases of extremely restricted diffusion, Brownian motion and thus the 

diffusion coefficient would be greatly reduced. Previous results have shown diffusion 

coefficients that are 2 orders of magnitude lower for molecules entrapped in liposomes, 

as monitored by diffusion MRI [63]. In that case, N-methyl-4-trifluoromethylpyridium 

was used as a probe molecule to monitor light-induced release from liposomes; the free 

and entrapped molecule diffusion coefficients were 5.3x10-10 and 4.3x10-12 m2/s, 

respectively. Here, we utilize the iDQC signal of water to monitor the encapsulation and 

release of molecules inside liposomes and other vesicles. This method does not require 

any exogenous contrast agents and allows direct imaging of restricted diffusion. The 

iDQC results will be compared to standard diffusion data. Although diffusion-

dependent variations of the CRAZED sequence have been proposed [68-70], we use the 

conventional CRAZED sequence with short correlation distances to directly image and 

characterize the restricted diffusion of vesicular water.  

3.3 Vesicles: Liposomes and Polymersomes 

Vesicles are ideal as contrast and carrier agents because of their size, easily 

tunable properties, and enhanced pharmacological characteristics [71, 72]. Liposomes 
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and polymersomes are self-assembling bilayer vesicles that encapsulate an aqueous core. 

Liposomes are composed of phospholipids, while polymersomes are composed of block 

copolymers. Polymersomes are stronger and more stable than liposomes, with increased 

hydrophobic and hydrophilic encapsulation volumes and decreased water permeability. 

When the vesicles are initially formed, they have multiple layers and are very large with 

a wide size distribution; these are called unextruded or multilamellar liposomes. Forcing 

the vesicles through nanoporous extruders produces single-layered vesicles of a given 

size and narrow size distribution, which are called extruded or unilamellar vesicles. 

Extrusion can form large (>300 nm diameter) or small vesicles (100 nm diameter).  

Greater understanding of the properties of vesicles has important applications 

for materials science and drug delivery. For example, the amount of water entrapped in 

vesicles varies with the size and concentration of the vesicles, which in turn affects the 

diffusion of water inside and outside the vesicles and relates to drug encapsulation 

efficiency and drug delivery in vivo. The total volume of water entrapped by uni-

lamellar liposomes (  , in liters) varies with the size of the liposomes according to the 

following equation [73, 74]: 

 
   

   

 
                  

                     

         
 [3.2]  

where RL is the radius of the liposomes (in m, as measured by dynamic light scattering), 

mlipid is the moles of lipid (= lipid mass (Mlipid) / molecular weight (MWlipid)), Alipid is the 

area occupied by 1 lipid (in m2, typically between 0.5 and 0.8 nm2) [73, 75], and NA is 
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Avogadro’s number. For small liposomes, most of the water is present outside of the 

liposomes; for larger liposomes, the volume of entrapped water increases. The 

entrapped volume of polymersomes can be similarly calculated, taking into account the 

higher molecular weight and larger area occupied for the polymers. For the same outer 

diameter, a polymersome would encapsulate less water than a liposome. The iDQC 

signal is based on two coupled water spins, and thus a crucial parameter is the percent 

of water entrapped in the vesicles. For a given vesicle formulation, the percent of water 

entrapped depends on the vesicle size and lipid (or polymer) concentration: 

 
                      

  

      
  

                     

          
 [3.3]  

where        is the total volume and        is the lipid (or polymer) concentration 

(=             ). 

The liposomes we have studied here have diameters of 100 nm, 350 nm, and 430 

nm, and we assume that the area occupied by 1 lipid is 0.6 nm2 [71] and that there are 

125 μmol of lipids (corresponding to 100 mg of various lipids with an average molecular 

weight of 800 g/mol). The volume of water entrapped in the liposomes varies with the 

radius (Equation 3.2). For diameters of 100 nm, 350 nm, and 430 nm, the volume 

entrapped by the liposomes is 380 μL, 1300 μL, and 1600 μL, respectively (Table 1). The 

percent of water entrapped varies with the lipid concentration in water (Equation 3.3). 

When the concentration is extremely high, e.g., 100 mg lipid per 1 mL of water, almost 

all of the water is entrapped. For polymersomes, the encapsulation volume is changed 



 

26 

by both the increased molecular weight of the polymers and the larger area occupied by 

each polymer. The dominant factor, however, is the increased molecular weight, which 

decreases the number of moles of polymer for a given weight; as a result, compared to 

the liposomes, less water is encapsulated for a similar amount of polymer and similarly 

sized polymersomes (Table 1). The diameter of the polymersomes studied here is 400 

nm, the area occupied by each polymer [76] is assumed to be 1 nm2, and there are 22 

μmol of polymers (corresponding to 100 mg of various polymers with an average 

molecular weight of 4500 g/mol). For these polymersomes, the aqueous encapsulation 

volume is only 440 μL (although polymersomes also have the advantage of a large 

hydrophobic encapsulation area [77]). For the percent encapsulated, these 

polymersomes would encapsulate approximately 13% of the water if formed in 3.3 mL 

(corresponding to 30 mg polymer per 1 mL).  
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Table 1: Entrapped Volume and Percent Water Entrapped Calculations for Liposome 

and Polymersome Populations of Varied Sizes and Concentrations. 

Diameter 

(nm) 

Entrapped Volume 

(mL)a 

Lipid Concentration 

(mg/mL) 

Percent 

Entrappedb (%) 

100 380 100.0 38.0 

  50.0 19.0 

  25.0 9.5 

  12.5 4.8 

350 1300 100.0 100.0 

  50.0 65.0 

  25.0 32.5 

  12.5 16.3 

430 1600 100.0 100.0 

  50.0 80.0 

  25.0 40.0 

  12.5 20.0 

400c 330 30.0d 13.1 

a: Calculated from Eq. 3 [73, 74]. b: Calculated from Eq. 4. c: Polymersomes. d: Polymer concentration. 

These calculations are valid for a homogeneous population of vesicles, such as 

the single-layered vesicles with a narrow, well-defined size distribution produced after 

extrusion. The pre-extrusion vesicles are inhomogeneous, with many lamellae and 
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variable radii. As a result, the encapsulation volume (and thus percent encapsulated) is 

not easily calculable. Qualitatively, the encapsulation volume for larger vesicles will be 

increased, while the volume occupied by the multilamellar structure must be subtracted 

from the total volume and will reduce the encapsulated volume compared to a large 

unilamellar vesicle. In any case, the unextruded vesicles present a unique case of 

restricted diffusion, in that entrapped water is not only present inside the vesicles, but is 

also trapped between the lipid or polymer layers. For the iDQC signals, water in either 

of these vesicle environments will have extremely restricted diffusion.  

The self-diffusion coefficient (  ) of the vesicles can be estimated using the 

Stokes-Einstein equation, approximating the vesicles as rigid spheres [73]: 

 
   

   

       
 [3.4]  

where    is the Boltzmann constant,   is the temperature, and   is the solvent viscosity 

(for water,   = 8.94x10-4 Pa s). For 100 nm vesicles, the vesicle diffusion coefficient is 

4.8x10-12 m2/s. Thus, the rms diffusion distance is 0.438 μm for t = 20 ms and 1.86 μm for t 

= 360 ms (typical range of experimental timescales). Due to these small distances, vesicle 

diffusion is negligible. 

There are several competing factors that affect the observed iDQC signal: the 

number of lipid layers (1 for extruded vesicles; many for unextruded vesicles) and the 

size and concentration of the vesicles. Ultimately, these all affect the amount of water in 

each possible environment: inside and outside the vesicles, as well as in between the 
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lipid (or polymer) layers for unextruded vesicles. The DQ signal comes from two water 

spins separated by the correlation distance; for the extruded vesicles, each water spin 

could be either inside or outside the vesicles. As a result, the signal could come from two 

spins inside vesicles (inter-vesicle water signal), from one spin inside and one spin 

outside vesicles (cross-vesicle water signal), or from two spins outside the vesicles (non-

vesicle water signal). For the unextruded vesicles, water can also be trapped in between 

the many layers of the vesicles. Because the iDQC signal depends on the dipolar field 

interaction not averaging to zero via diffusion, there is likely no signal obtained from 

non-vesicle water spins at the short correlation distances. The diffusion will be affected 

by how much water is present in each of these environments, which depends on the 

volume of water entrapped and the concentration of the vesicles. 

3.4 Materials and Methods 

3.4.1 Vesicle and Sample Preparation 

The temperature-sensitive liposomes were prepared by the Needham group at 

Duke University as previously described [65, 78]. Unextruded liposomes were prepared 

by lipid film hydration, while extruded liposomes of the required size (100 nm, 350 nm 

and 430 nm) were prepared subsequently by extrusion [79]. The concentrations of the 

100 nm and 430 nm liposomes were 40 mg/mL, while the 350 nm liposomes were 

prepared at an initial concentration of 100 mg/mL. Unextruded liposomes at the same 

concentration were also prepared concurrently. The concentrated (100 mg/mL) 
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liposomes were serially diluted six times, for final concentrations of 100, 50, 25, 12.5, 

6.25, 3.125, and 1.5625 mg/mL. The polymersomes were prepared by the Therien group 

at Duke University as previously described [80]. Unextruded and 400 nm extruded 

polymersomes were prepared at a final concentration of 30 mg/mL. All sizes were 

determined by dynamic light scattering. For each batch of vesicles, the extruded and 

unextruded vesicles were placed in 5 mm NMR tubes, which were then placed in a 

water-filled 50 mL tube (3 cm diameter). All microscopy images were acquired on a 

Zeiss Axio Observer widefield microscope. A 63x objective was used.  

3.4.2 iDQC and Diffusion Imaging Methods 

MRI data were acquired on a Bruker 8.4T (1H: 360 MHz). The iDQC-CRAZED 

sequence [11, 14, 15] was used. The 90° and 120° pulses were BIR-4 adiabatic pulses, and 

the 180° Hermite pulse was slice selective. The repetition time for all images was 6 s, and 

the echo time was 360 ms for the 350 nm and 430 nm liposome images and 20 ms for the 

100 nm liposome images. The mixing time τ was 5 ms. The slice thickness was 2 mm 

with a 6 cm FOV. The matrix size was 128 x 128.   

Diffusion weighted images (21 total) were acquired using the standard method 

developed by Stejskal and Tanner [66]. The gradient strengths (G) were varied (with 

constant gradient duration (δ) and inter-gradient spacing (Δ)) to provide diffusion 

weighting with B-values between 0 and 25000 s/mm2.   
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3.4.3 Data Processing 

All images were processed using Matlab and ImageJ software (NIH, Bethesda, 

MD). The diffusion maps were created from fits of the natural log of the signal intensity 

vs. B-value using exponential-weighted linear least squares [81]. The diffusion signal 

was also fit to a model biexponential, describing the combined signals of unrestricted 

water outside the vesicle and restricted water inside the vesicle:  

      
        

     [3.5]  

where A1 and D1 are the amplitude and diffusion coefficient associated with the free (fast 

diffusing) component, and A2 and D2 are the amplitude and diffusion coefficient 

associated with the restricted (slow diffusing) component in the vesicle. Since 

biexponential fitting is sensitive to initial parameters and prone to local minima [82], we 

searched for globally optimal parameters with a simulated annealing approach.  Initial 

guesses for the parameters were D1,2 = 0.002 s/mm-2 and A1,2 =50 (arbitrary units). During 

each annealing iteration, we used Matlab’s robust nonlinear least squares algorithm 

(curve fitting toolbox) with the initial parameters. Then to generate an initial guess for 

the next iteration, the best-fitting parameters were perturbed with random numbers 

from a normal distribution with standard deviation σ (the amplitudes A are perturbed 

additively; the diffusion coefficients D are perturbed multiplicatively). Initially, σ = 1.0 

and is reduced exponentially with each iteration at a cooling rate of 0.9. The algorithm is 

terminated when σ = 0.01. The final amplitudes A1,2 are taken as 100 x A1,2/(A1+A2). 
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3.5 Results/Discussion 

Microscopy images show that the liposomes are initially multi-layered with an 

uneven size (Figure 5, left). Similar images were acquired for the polymersomes, as 

shown on the right for the unextruded polymersomes. Extrusion through a nanoporous 

extruder forms single-layered liposomes or polymersomes of a specific size and narrow 

size distribution (ranging from 100 nm to 430 nm here). 

 

Figure 5: Microscopy of unextruded liposomes (left) and polymersomes (right). Scale 

bar is 10 μm. 

Figure 6 shows a conventional spin echo image and two iDQC images at a long 

and short correlation distance. The iDQC signal grows in and is highest at a TE 

approximately equal to T2. The T2 relaxation times were measured (using a multi-echo 

sequence) to be 1.05, 0.375, and 0.107 s for water, unextruded, and extruded (100 nm) 

liposomes, respectively. Thus, the appropriate TE was selected for each set of vesicles 

(here, 20 ms). From the iDQC images, the long correlation distance image has signal 

from all three samples (water and unextruded and extruded liposomes). In general, the 

long correlation distance images can be used to detect the bulk signal, as 103 μm is 
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beyond the rms diffusion limit of water. To highlight restricted diffusion spins, a short 

correlation distance should be used to remove any free diffusion spin signals. At 8 μm 

correlation distance, there is no signal from the water spins, while there is signal from 

the extruded and unextruded liposomes.  

 

Figure 6: Spin echo (TR = 1s; TE = 14 ms) and iDQC imaging (TR = 6 s; TE = 20 ms) at 

long and short correlation distances (100 and 8 μm). The sample is two 5 mm NMR 

tubes filled with extruded (denoted by asterisk) and unextruded liposomes that are 

submerged in a tube of water (30 mm in diameter).  

Figure 7 shows iDQC images for a range of correlation distances (from 60 μm to 

8 μm), echo times (20 or 360 ms), concentrations (25 mg/mL or 40 mg/mL), and extrusion 

sizes (100 nm, 350 nm, and 430 nm). The extruded samples are denoted by the asterisk 

(shown only for the longest dc image). With the exception of T2 relaxation effects, the 

signal intensity for the longest correlation distances shows no difference between the 

water and liposome samples, as well as no differences for the different concentrations or 

extrusion sizes. As the correlation distance decreases, the water signal also decreases 

due to diffusion effects. The rms distance for water at TE = 20 ms causes the water signal 

to drop off at correlation distances below is 10 μm; in contrast, the rms distance for 
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water at TE = 360 ms causes the water signal to drop off at correlation distances below 40 

μm. The concentration and extrusion size determines the encapsulation volume (ranging 

from approximately 9.5% to 64% here, according to Table 1).  

 

Figure 7: iDQC images for a range of correlation distances (60 to 8 μm), echo times (20 

or 360 ms), concentrations (25 or 40 mg/mL), and extrusion sizes (100, 350, and 430 nm, 

denoted by asterisk on the longest dc image). The concentration and extrusion size 

determines the encapsulation volume. There is no difference between the unextruded 

liposomes for each concentration.  

The top two rows of Figure 7 show unextruded and 100 nm extruded liposomes 

at a lipid concentration of 25 mg/mL for TEs of 20 and 360 ms. The 100 nm extruded 

liposomes have a short T2 and therefore appear dark on the long TE images. The T2 of 



 

35 

the unextruded liposomes is much longer, and the signal is much higher at the longer 

TE because iDQCs grow in with time. Unextruded and 100 nm extruded liposomes are 

shown in the third row at a higher concentration with TE = 20 ms. The higher lipid 

concentration results in a higher encapsulation volume, which is noticeably reflected in 

the higher signal intensity for the extruded liposomes. The bottom two rows show 

extruded liposomes of different extrusion sizes, 350 nm and 430 nm. These larger 

extruded liposomes encapsulate more water, as evidenced by the higher extruded 

liposome signal.  

At the short correlation distances, the only signal is due to restricted diffusion 

spins in extruded and unextruded liposomes. Each image is scaled to show the 

maximum signal, and the signal intensity does decrease as the correlation distance 

decreases, as expected because there a fewer spins that have sufficient restricted 

diffusion to be observable at 8 μm correlation distance. Although the signal is 

significantly reduced at these distances, it is certainly detectable at several standard 

deviations above the noise. At the short correlation distances, the increasing signal 

intensity for the extruded liposomes as the size is increased reflects differences in the 

encapsulation volume, while the unextruded liposomes are the same formulation and 

concentration for each row and have similar signal intensities.  

Figure 8 shows the iDQC signal for water and 25 mg/mL extruded (350 nm) and 

unextruded liposomes for correlation distances ranging from 60 to 2 μm. At correlation 
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distances greater than 60 μm, the water and liposomes have about the same amount of 

signal. However, as the correlation distance decreases, the water signal quickly falls off 

due to diffusion. In contrast, the extruded and unextruded liposome signals decrease, 

but not as much as would be expected for free diffusion. Even at distances as short as 4 

μm, the liposome signal is sufficiently restricted to detect iDQCs.  

 

Figure 8: iDQC signal (log scale) vs. correlation distance for water and 25 mg/mL 

extruded (350 nm) and unextruded liposomes. The error bars indicate the ROI 

standard deviation, and the error bars for the liposomes and long-dc water fall within 

the symbols. The dotted black line indicates the noise level. The water signal falls off 

quickly at the shortest correlation distances, while the liposome signals do not. 

Similar images were obtained for unextruded and extruded polymersomes. 

Figure 9 shows the iDQC images for 400 nm extruded and unextruded polymersomes at 

the same range of correlation distances. The polymer concentration of both 

polymersome samples is 30 mg/mL. As with the liposomes, the polymersomes and 

water have signal for the longest correlation distance, which highlights all water spins. 
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As the correlation distance decreases, the water signal decreases due to the unrestricted 

diffusion, while the unextruded polymersomes have sufficient restricted diffusion to 

have iDQC signal at distances as short as 6 μm. On the other hand, the extruded 

polymersome signal decreases similar to the water signal. This most likely reflects the 

small aqueous encapsulation volume of the extruded polymersomes (approximately 

13%), leading to a small (unobservable) restricted volume.  

 

Figure 9: iDQC images of extruded (400 nm, denoted by asterisk) and unextruded 

polymersomes for a range of correlation distances (60 to 8 μm). The concentration and 

extrusion size determines the encapsulation volume (≈13% for these extruded 

polymersomes). 

Based on the obvious signal dependence on the percent of entrapped water, we 

also considered a range of lipid concentrations for the 350 nm extruded and unextruded 

liposomes. The concentrations considered ranged from 100 mg/mL, where almost all of 

the water is entrapped, to 1.5625 mg/mL, where almost none of the water is entrapped. 

All of the data presented thus far has been magnitude images, but a wealth of 

information may lie in the phase-sensitive images. Figure 10 shows the real and 

imaginary images for these liposomes from 100 to 1.5625 mg/mL at a short correlation 

distance (8 μm). The phases are very similar for the lower concentrations, while the 

highest concentrations have vastly different (negative) phase characteristics. The highest 
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concentrations have a substantial portion of the water entrapped and were extremely 

viscous. Although beyond the scope of the current project, a future direction may be 

acquisition of phase-sensitive images at extremely high concentrations, which may yield 

important insights into percolation dynamics and fluidity.  

 

Figure 10: Real and imaginary iDQC images at 8 μm correlation distance for 

liposomes at various concentrations. The image phases at the highest concentrations 

are very different from the phases at lower concentrations. 

The iDQC signal characteristics at a range of concentrations can lead to 

information about the local spin environments. The iDQC signal between coupled water 

spins that are entrapped in two different liposomes should have a concentration 

dependence that scales quadratically. The iDQC signal between coupled water spins 

that are entrapped in the same liposome should have a concentration dependence that 

scales linearly. These relations should hold for the medium to low concentrations, 

although the dynamics are significantly complicated at the highest concentrations. 

Figure 11 shows graphs of the iDQC signals at 6, 8, 10, and 12 μm (normalized to the 100 

μm signal and reported as a percent). For the highest concentrations 50 and 100 mg/mL, 

the signal falls off rapidly due to local resonance frequency heterogeneity over short 
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distances. For concentrations lower than 25 mg/mL, the signal for the extruded 

liposomes depends quadratically on the concentration. This indicates that the majority 

of signal for extruded liposomes arises from coupled water spins in separate liposomes. 

The signal characteristics for the unextruded liposomes are complicated due to the 

highly variable size and lamellar structure. Overall, the signal for the unextruded 

liposomes appears to have a combination of linear and quadratic dependences on 

concentration, indicating signals that arise from coupled spins in both the same 

liposome and in different liposomes.  

 

Figure 11: Graphs of iDQC signals at short correlation distances (6, 8, 10 and 12 μm), 

normalized to the 100 μm signal, at different lipid concentrations. The extruded 

liposome signal has a quadratic dependence on concentration, while the unextruded 

liposome signal has a combined linear and quadratic dependence on concentration.   
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Diffusion MRI can probe the microscopic movement of water molecules. Figure 

12 shows conventional diffusion maps (monoexponential fit) and iDQC images at long 

(103 μm) and short (8 μm) correlation distances for liposomes (top) and polymersomes 

(bottom) over a range of lipid or polymer concentrations. From the diffusion maps, the 

average water diffusion coefficient is 2.18 x 10-3 mm2/s. At the highest lipid concentration 

of 50 mg/mL, the diffusion coefficients are 0.93 x 10-3 and 0.53 x 10-3 mm2/s for extruded 

and unextruded liposomes, respectively. At the highest polymer concentration of 30 

mg/mL, the diffusion coefficients are 1.84 x 10-3 and 1.27 x 10-3 mm2/s for extruded and 

unextruded polymersomes, respectively. As the concentration decreases, the diffusion 

coefficient increases and approaches that of free water. For the lowest lipid 

concentration of 1.5625 mg/mL, the diffusion coefficients are 1.91 x 10-3 and 1.51 x 10-3 

mm2/s for extruded and unextruded liposomes, respectively. For the lowest polymer 

concentration of 1 mg/mL, the diffusion coefficients are 2.14 x 10-3 and 2.08 x 10-3 mm2/s 

for extruded and unextruded polymersomes, respectively. Comparing liposomes and 

polymersomes of similar concentrations, the polymersomes have faster diffusion (i.e., 

higher diffusion coefficients). 
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Figure 12: Conventional diffusion weighted images and iDQC images at long (103 

m) and short (8 m) correlation distances for liposomes (top) and polymersomes 

(bottom) at a range of lipid and polymer concentrations (in mg/mL). The asterisk 

denotes the extruded samples. The average water diffusion coefficient is 2.18 x 10-3 

mm2/s. The diffusion coefficients increase with decreasing concentration, while the 

short-dc iDQC signal decreases with decreasing concentration. As the concentration 

decreases, the percent of water entrapped decreases. 

For the iDQC images, the long correlation distances highlight the bulk 

unrestricted water signal and show little signal intensity difference at the different 

concentrations. At the short correlation distances, there is no signal for water, as 

expected, and the signal decreases with decreasing concentration. For the extruded 

liposomes, the minimum detectable concentration was approximately 12.5 mg/mL of 
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lipid, which corresponds to an encapsulation percent of 16.3%. For the unextruded 

liposomes, the minimum detectable concentration was slightly lower at 6.25 mg/mL, 

indicating that the unextruded liposomes have an increased fraction of spins with 

restricted diffusion for the same lipid concentration compared to extruded liposomes. 

As the concentration is further decreased, there is no detectable signal, indicating 

decreased restricted diffusion. This was also confirmed by the diffusion-weighted 

images. For the polymersomes, the short iDQC signal is much smaller than the liposome 

signal, reflecting the smaller encapsulation percent. Moreover, the extruded 

polymersomes signal is unobservable at all tested concentrations, while the unextruded 

polymersomes have signal at concentrations greater than 10 mg/mL of polymer. 

Although the conventional diffusion maps were produced using 

monoexponential fits, the physical model for vesicles clearly supports 

multicompartmental (and thus multiexponential) diffusion. To confirm multiexponential 

behavior, Figure 13a shows semi-log diffusion plots for water and extruded and 

unextruded vesicle ROIs. Water exhibits obvious monoexponential behavior, as 

evidenced by the linear fit on the semi-log plot. In contrast, all four vesicle ROIs deviate 

from linear (i.e., monoexponential) behavior. The lines through the low B-values reflect 

the results from the exponential weighted linear least squares analysis, which fails to 

account for both components in the vesicles. The diffusion data was subsequently fit to a 

biexponential model using the simulated annealing fitting algorithm with a fast and 
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slow diffusing component (as shown in Figure 13b for the highest concentrations). 

Figure 13c graphs the amplitudes A1 (free) and A2 (entrapped) and diffusion coefficients 

D1 (free) and D2 (restricted) for liposomes and polymersomes versus concentration. 

These results show that the vesicles have an entrapped component whose amplitude 

(A2) increases linearly with concentration. As expected, the unextruded vesicles have 

larger entrapped amplitudes compared to the extruded vesicles, and the polymersomes 

have smaller entrapped amplitudes compared to liposomes. This corresponds well with 

the calculations and experimental iDQC results. The restricted diffusion coefficients (D2) 

were extremely long (i.e., very slow diffusion associated with entrapped water) and 

could not be quantitatively extracted. Conversely, the free diffusion coefficient (D1) 

changes with lipid (or polymer) concentration: it approaches the diffusion coefficient of 

water for 0 mg/mL lipid (or polymer). Moreover, D1 decreases (corresponding to slower 

diffusion) with increasing concentration, which is reasonable because the diffusion 

would be slightly more constricted due to presence of the vesicles. Overall, these 

biexponential fitting results validate the iDQC characterizations for liposomes and 

polymersomes. Moreover, using the iDQC method, we can directly observe the 

restricted diffusion component. 
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Figure 13: a: Natural log of signal vs. concentration for water, liposomes, and 

polymersomes (25 mg/mL; extruded and unextruded), showing obvious multi-

exponential behavior for the vesicles and monoexponential behavior for water. b: Bi-

exponential fits of diffusion data for vesicles in (a). Inset shows earlier diffusion 

points. c: Amplitudes (A1 and A2) and diffusion coefficients (D1 and D2) for extruded 

and unextruded liposomes and polymersomes vs. concentration (in mg/mL of lipid or 

polymer, respectively). Inset on diffusion graphs shows narrow range around D2. 
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As mentioned previously, the ability to monitor dynamic changes in vesicle 

structures is crucial to understanding the entrapment, transport, and controlled release 

of small molecules and drugs. These liposomes are temperature sensitive in that they are 

specially formulated to rapidly release their contents at mild hyperthermic conditions, 

around 41°C. Figure 14 shows the long and short distance iDQC signals showing lipid 

permeability for liposomes as they go through the phase transition temperature. The 

samples here are in a slightly different setup; there are three NMR tubes filled with 

water (right in each image), unextruded liposomes (top in each image), and extruded 

liposomes (bottom in each image). The left column shows the long correlation distance 

images that highlight all signal, while the right column shows the short correlation 

distance images that highlight restricted diffusion. The top row of images is at room 

temperature (20°C), the middle row is at an elevated temperature around 50°C, and the 

bottom row images were acquired after the sample was cooled back to room 

temperature. 
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Figure 14: Long (left column) and short (right column) correlation distance iDQC 

images of temperature-sensitive liposomes (extruded and unextruded) and water 

(right tube in each image). As the liposomes are heated (middle row), permeability 

increases across the membrane, which leads to a loss of the restricted diffusion iDQC 

signal. The extruded liposome signal is reduced more than the unextruded liposome 

signal (55% and 23%, respectively) because water molecules are entrapped by only a 

single bilayer membrane. As liposomes are cooled down to room temperature, the 

liposomes reform, and the restricted diffusion iDQC signal returns. 

As the lipid bilayer goes through the transition temperature induced by the 

heating, permeability across the membrane increases, and the entrapped volume is 

released. At the elevated temperatures, the restricted diffusion signal decreases 

significantly for both the extruded and unextruded liposomes. Additionally, the short 

distance iDQC signal for the extruded liposomes (showing restricted diffusion) 

decreases more than the unextruded liposome signal. The unextruded liposomes have a 



 

47 

multilamellar structure, which would still cause restricted diffusion even under 

increased membrane permeability. In this case, the signal decreased by approximately 

23% at the elevated temperature. On the other hand, the water in extruded liposomes is 

entrapped by a single bilayer (unilamellar) membrane, and thus the effects of increased 

membrane permeability are much more apparent. The signal decreased by 

approximately 55% for the extruded liposomes at the elevated temperature. As the 

liposomes are cooled back down to room temperature, the liposomes reform, leading to 

the reappearance of the restricted diffusion iDQC signals from the liposomes. 

3.6 Conclusions 

In conclusion, we have demonstrated that iDQC signals can be obtained at 

extremely short correlation distances, significantly below the normal lower detection 

limit. Because the dipolar field that refocuses the iDQC signal depends on angle between 

the two spins, diffusion typically eliminates signals at short correlation distances. On the 

other hand, samples with restricted diffusion would permit the angular dependence of 

the dipolar field to be maintained, and iDQC signals at short correlation distances can be 

observed. The ability to observe spins with restricted diffusion has important 

implications in materials science for the study of highly structured materials. 

In this case, water in uni- and multilamellar vesicles provided the necessary 

restricted diffusion for short distance iDQC signals. Liposomes and polymersomes have 

medical applications for entrapment, transport, and release of small molecules or drugs. 
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The iDQC signal depends on the correlation distance, with the longer correlation 

distances highlighting all signals and the shorter correlation distances highlighting only 

the restricted diffusion signals. The lower detection limit for free water is easily 

determined from the rms diffusion distance and corresponds well with the iDQC 

imaging results. The short distance iDQC signal can probe the entrapment of water 

inside vesicles as a function of the composition, lamellar structure, size, and 

concentration. These parameters directly relate to the percent of water encapsulated. 

Moreover, the restricted diffusion results correspond well with the diffusion coefficients 

obtained with diffusion weighted MR imaging. Finally, the short distance iDQCs were 

used to monitor dynamic changes in the lamellar structure as specially formulated 

temperature-sensitive liposomes released their contents. 
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4. Quantification of iMQC anisotropy in developing rat 
brains 

4.1 Synopsis 

MR imaging of rat brains can improve our understanding of the progression of 

normal cortical development, as well as neurodevelopmental abnormalities and 

impairments. Many previous studies have focused on conventional sources of contrast, 

including relaxation times and diffusion. These techniques are able to probe two very 

different distance scales: sub-millimeter voxels and microscopic (less than 10 μm) water 

diffusion. However, a wealth of information is being missed that lies between these 

distances, in the so-called mesoscopic regime (<300 μm; > 10 μm). This distance scale 

may be even more important in human studies, where typical voxel resolution is 1 mm, 

while the diffusion distance remains on the order of 10 μm.  

Intermolecular multiple quantum coherences can bridge this gap to provide a 

mesoscopic (intermediate) measure of anisotropy. Specifically, previous work has 

shown that multiple-quantum anisotropy, measured by taking iMQC images with 

correlation gradients in three different directions, can detect differences in structured 

materials (such as tumors with embedded nanoparticles).  The goal of this chapter is to 

provide a quantitative analysis of intermolecular multiple quantum coherence signals, 

so that they can be quantitatively compared, for example, with diffusion tensor imaging.  

Rat brains show interesting quantifiable iMQC anisotropy at various correlation 



 

50 

distances and developmental ages, which may lead to delineation of mesoscopic cortical 

processes. 

4.2 Cortical brain development 

Cortical development is characterized by axon and dendrite growth and 

subsequent synaptic formation [83]. Histology is the gold standard for studying cortical 

development, but MRI permits quantitative in vivo 3D imaging and may improve our 

understanding of the development of cortical structures. Moreover, MRI can be used to 

study abnormalities in the cortical development, where these abnormalities may result 

from perinatal brain injury or premature birth. Hypoxic ischemia in newborns causes 

significant brain injury and can lead to cerebral palsy, epilepsy or death [84, 85]. 

Additionally, there is little understanding of the precise causes of the many impairments 

associated with preterm birth [86, 87], including ventriculomegaly, white matter (WM) 

signal variations, and thinning of the corpus callosum [88, 89]. MRI can be used to study 

brain development and the nature of brain injury in human infants, but significant 

ongoing research is underway using animal models, including rats, mice, lambs, rabbits, 

ferrets, and baboons, to study neurodevelopment [87, 90-96].  

One of the goals for using these animal models has been to study cortical 

development, including axon and dendritic growth and synaptic formation. As the brain 

develops, significant changes occur. Cortical neurons are generated in subventricular 

zone and migrate toward the cortical plate following radial glia; axons form to and from 
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the cortical plate, tending to align with the radial glia [83]. As a result, the fetal and early 

neonatal brain is characterized by a columnar cortical organization. The postnatal period 

is characterized by the loss of radial glia, increased dendritic density, growth of axons, 

and synaptic formation in the cortex. Rat brains have similar, although simpler, patterns 

of development to humans [91, 97]. The rat brains undergo dendritic growth in postnatal 

days 1-7, and at 7 days postnatal, the rat brains have a human age equivalency of a term 

newborn. The next week of rat brain development involves synaptic formation, with rat 

brains having a human age equivalency of a 1 year old infant at 21 days.   

On MRI, the T1 and T2 contrast in grey matter (GM) and white matter (WM) is 

typically reversed in both human infants and young animals [91]. This can make it 

difficult to determine the optimal scan parameters and differentiate contrast variations 

that result from age or injury. Diffusion in the fetal brain is highly anisotropic, with a 

tendency for radial diffusion perpendicular to the cortical surface [97]. Anisotropy in the 

white matter tends to increase parallel to axons, while cortical maturation leads to more 

random diffusion and thus reduced anisotropy. Diffusion imaging probes the 

microscopic displacement of water molecules, which is affected by cell membranes and 

constituents and can therefore give information about the local tissue microstructure. 

Several studies have used diffusion tensor imaging (DTI) of animals at different 

developmental stages to delineate fetal and neonatal anatomy, as well as to depict the 

existence and orientation of ordered structures in the brain [91, 95, 97, 98]. Most of these 
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studies use fractional anisotropy (FA) in the various cortical areas as a quantitative 

marker of anatomical changes. Huang et al. observed four distinctive cortical areas with 

characteristic time courses for anisotropy loss, with an age-dependent loss of cortical FA 

in the outer segment [97]. In another study, FA measurements in ferret brains were 

correlated with developmental milestones [98]. The onset of exponential decay in 

isocortical FA was observed to coincide with the completion of neurogenesis and 

subsequent migration, and the continuing loss of isocortical anisotropy corresponded to 

morphological differentiation of pyramidal neurons and the appearance of 

synaptophysin immunoreactivity.  

The typical rat has a brain volume of approximately 0.45 mL, which is ~1200 

times lower than a term infant [91]. As a result, it can be difficult to obtain good 

resolution with high SNR, and partial volume effects lead to many different components 

(WM, GM, cerebrospinal fluid (CSF), etc.) in a single voxel. One of the benefits of iDQCs 

is that the signal and contrast comes from dipolar field interactions at a very well-

defined distance; as a result, there is no loss in sensitivity even for large voxels. 

Moreover, the distance scale probed by iDQCs is much larger than those typically 

available under J-couplings or diffusion weighting. These longer diffusion regimes, 

which cannot be probed by DTI-based methods, may lead to interesting information 

about cortical development. 
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4.3 Methods and Conventional Images 

For this study, we received one timed-pregnant Sprague-Dawley rat (female) and 

one female Sprague-Dawley rat. The pregnant rat had a litter of 10 rat pups. The rats 

and pups were sacrificed at carefully timed ages to sample a full range of developmental 

points. The time-points (and numbers) were postnatal days 3 (3 pups), 7 (2 pups), 11 (2 

pups), 14 (2 pups), and 19 (1 pup), as well as adult (2 rats). Both adult rats were females, 

and the pups were both males and females. However, no differences in brain 

development have been observed between males and females [87, 98].  

For each rat or pup, intracardiac perfusion with PBS was performed immediately 

following euthanasia via isoflurane to clear the vascular blood from the brain. More 

specifically, an incision was made in the right atria of the heart, and a needle was placed 

in the left ventricle for perfusion. A sufficient amount of PBS was injected to clear the 

blood, as verified by visual appearance of the right atrial fluid. Subsequently, the skin, 

bone, and all tissue surrounding the brain were removed, and the brains were 

submerged in 10% formalin in PBS for 4 hours. Following fixation, the brains were 

placed in dry size-matched syringes and refrigerated until scanning. Figure 15 shows the 

increasing size of the brains with age. It should also be noted that rat brains are 

lissencephalic (smooth) and lack the cortical folds characteristic of the gyrencephalic 

human brain. 
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Figure 15: Photograph of fixed rat brains from postnatal day (PD) 3 through adult. 

Figure 16 shows spin echo images for each of the developmental time points. The 

echo time for all images is 14 ms. The T2 of the brain decreases with age, so for a given 

TE, there is very little structure visible in the early time points, while the later images 

show significant contrast from the different regions of the brain.  

 

Figure 16: Spin echo images (TE = 14 ms) at each developmental time point. 

In addition to changes in T2 with age, we can also see that the diffusion 

coefficients increase with age (Figure 17). Finally, we observed that the direction of 
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diffusion in the cortex becomes increasingly random with age (Figure 18), in good 

agreement with previous DTI measurements [97]. 

 

Figure 17: Diffusion-weighted images at each developmental time point. 

 

Figure 18: Diffusion tensor images (DTI) at each developmental time point. 

While these methods are extremely useful, the contrast in a spin echo image 

arises from signals averaged over all components in a voxel, which can lead to 

confounding partial volume effects. Moreover, diffusion weighting and DTI contrast 

arise from microscopic water movement, typically on the order of 10 microns. There is a 

gap, however, between these different distance scales that can be probed by 

conventional methods, which may lead to interesting information about cortical 

development. Interesting structural details may be present at a mesoscopic 

(intermediate) distance scale, and these can be probed using iMQCs. 
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4.4 Anisotropy mapping with iMQCs 

An introduction to iMQCs is covered in Chapter 2. For typical imaging 

applications, iMQCs are more sensitive to the local environment than standard 

magnetization. By varying the direction and amplitude of the correlation gradient pairs, 

unique contrast can be obtained. The direction of the correlation gradient pair affects the 

contrast because the dipolar field causes a spatial dependence of the iMQC signal that is 

proportional to        –     , where   is the angle between    and the direction of the 

correlation gradient. As a result, the signal for a z correlation gradient should be the 

opposite sign and two times larger than the signals for x and y correlation gradients. In 

isotropic media, adding the three complex images together or subtracting the magnitude 

images should yield 0. On the other hand, in anisotropic media, these combinations 

reflect the local structure. The strength of the correlation gradients determines the 

distance between the 2 coupled spins. In isotropic media, the correlation distance should 

have no effect on the signal (ignoring the diffusion and sample size limitations). For 

anisotropic media, however, the correlation distance affects the image contrast because 

the signal is directly related to the dipolar field at that distance.  

Previous studies have shown that mesoscopic structural anisotropy maps can be 

obtained with iMQCs [25, 26, 35, 99, 100]. Anisotropy maps can be produced by 

combining images acquired with different gradient directions in these iMQC sequences. 

This was shown to produce bright contrast in celery corresponding to the vascular 
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bundles and collenchyma [25]. Trabecular bone is also highly anisotropic, and iDQC 

signals of demarrowed bone were used to differentiate the parallel and perpendicular 

bone network orientations [26]. Superparamagnetic iron oxide nanoparticles (SPIONs) 

create significant anisotropy and are well known to yield dark contrast in MR images, 

which may be undesirable for imaging because of other confounding sources of signal 

loss. However, the iDQC anisotropy maps can produce bright contrast from SPIONs 

(Figure 19). In this case, the SPIONs create a highly anisotropic resonance frequency 

distribution that locally dephases the signal. The loss in signal surrounding the SPIONs 

can be seen in the x (denoted Gx), y (Gy), and z (Gz) iDQC images of Figure 19, and the 

iMQCs are also sensitive to the anisotropic resonance frequency distribution created by 

the SPIONs. As a result, the iDQC signal differs for the x or y gradients and the z 

gradients. Subtracting the x and y images from the z images produces bright contrast 

from the SPIONs.  

 

Figure 19: iDQC images of a tube filled with SPIONs immobilized in gel. The 

correlation gradients (dc = 112 μm) were placed along x, y and z, and the 

corresponding iDQC anisotropy image was obtained. 
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In vivo iDQC images of a prostate tumor bearing mouse injected with SPIONs 

have also been acquired, and the resulting anisotropy map highlights the peripheral 

tumor region that was targeted by iron oxide nanoparticles [35]. In a slightly different 

technique, bright contrast was obtained from SPIONs using correlation gradients along 

the magic angle and mismatched gradients [99, 100]. In the absence of SPIONs, the 

signal does not refocus; the SPIONs contribute an additional dipolar field that 

compensates for the gradient mismatch to refocus the signal (a similar conventional 

sequence with mismatched gradients has also provided bright contrast from SPIONs 

[101, 102]). In general, iMQCs are particularly suited for the determination of structures 

and anisotropy that are too large to be probed by diffusion-based methods and too small 

to be detected directly by standard MRI imaging experiments.  

A background signal exists in these previous applications due to spins in 

isotropic environments. The observed anisotropy signals are quite large though, and 

background signals less than 10 or 20% are typically ignored. For rat brain anisotropy, in 

contrast, the anisotropy signals are expected to be very low, and significant background 

(isotropic) signals would preclude quantitation. We performed substantial sequence 

optimizations to remove all isotropic signals, and the original dipolar framework was 

reconsidered to understand these optimizations and provide further image corrections 

factors. These should permit quantitation of rat brain anisotropy over mesoscopic 

distances. 
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4.5.1 Dipolar field 

The dipolar field refocuses the observable signal and affects the image contrast. 

However, dipolar field effects are far from completely understood, and a recent paper 

pointed out that errors exist in the assumptions made in the dipolar field framework 

[33]. As it turns out, these errors have prevented previous attempts at quantification of 

the iDQC anisotropy maps. More specifically, the problem with the conventional 

framework for dipolar fields is that it was derived for uniform magnetization density 

completely modulated in a single direction. The usually-correct assumptions in the 

dipolar field framework are violated whenever there are fluctuations in the 

magnetization density, unmodulated z-magnetization, or modulations along two 

directions. To be more general, the framework is violated anytime there is a signal or 

imaging gradients. The dipolar framework corrections outlined in Ref. [33] show that 

different dipolar fields are produced for the different directions. The basic complication 

is that the imaging gradients make the dipolar field different at each spatial frequency. 

For the z correlation gradient direction, the resulting dipolar field drops off uniformly at 

the edges. For the x and y correlation gradient direction, the resulting dipolar field drops 

off at the edges in the respective direction. These drop-offs occur at a distance from the 

edge of approximately   , and thus, the effects are much more pronounced at larger 

correlation distances. In addition to corrections for the individual images, the corrected 

framework can also provide insight into the optimal pulse sequence parameters.  
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4.5.1.1 X, Y, and Z CRAZED corrections 

In the conventional dipolar field framework, the dipolar Hamiltonian [11, 33] for 

two magnetic dipoles (e.g., nuclear spins) i and j is  

 
   

  

  
 

     

   
            

                    

   
  

   

  [4.1]  

where     is the vector connecting the spins. In a large magnetic field   , the nonsecular 

terms in the Hamiltonian vanish due to the Zeeman interaction, leaving the secular 

dipolar Hamiltonian:  

 

   
  

  
  

     

    
                                

 

   

 

   

  [4.2]  

where     is the angle between     and   . It should be noted that this is valid for 

homonuclear spins; the secular Hamiltonian for heteronuclear spins can be found in Ref. 

[33]. The dipolar interaction can then be written for each position:  

 
         

  

  
     

 

         
                               

             
    

[4.3]  

The secular approximation again yields: 
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At this point, the dipolar field can be added in to the Bloch equations: 
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                                       [4.5]  

The dipolar field in Equation 4.4 becomes simpler after Fourier transform: 

                       
 

                                [4.6]  

If the magnetization is completely modulation in a single direction   , such as following a 

gradient pulse, the dipolar field can be inverse Fourier transformed and then reduced to 

an effective dipolar field: 

                           [4.7]  

where                  . This effective dipolar field is extremely useful because it 

allows us to directly solve for the dipolar field.  

The dipolar field    depends on the magnetization distribution and thus on the 

shape of the object [32, 33]. The dipolar field can be found by Fourier transforming the 

magnetization, multiplying by          
 
     , and then inverse Fourier transforming. 

This can be easily performed for any shape given a high resolution image that provides 

the magnetization distribution. For the purposes of this discussion, the sample will be a 

cylinder of radius R and length L, for which the analytic solution for the Fourier 

transform can be obtained from that of an n-dimensional  sphere [103]:  
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[4.8]  

For the cylinder, n = 2 for the radial dimension (R) and n = 1 for the axial direction (L), 

and the resulting Fourier transform is a Bessel function in x and y multiplied by a sinc 

function in z:  

 
           

  
 

  

       

               

          

          

       
 [4.9]  

The Fourier transform of this cylinder with radius 1 cm and length 1 cm is shown in 

Figure 20a. Modulation of the magnetization by spatial frequency      effectively shifts all 

of the frequencies by           . Cosinusoidal modulations along the z direction of ±2 cm-1 

and ±20 cm-1 were applied to obtain Figure 20b and c. Multiplication by 

         
 
      then produces Figure 20d-f. The modulations shift the frequencies and 

lessen the effects of the (3cos2θ-1)/2 term. As a result, inverse Fourier transform of Figure 

20f will look similar to that of c, while the inverse Fourier transforms of d and e will pick 

up phase shift and distortions.  
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Figure 20: K-space images of a cylinder of uniform magnetization with no modulation 

(a) and cosinusoidal z-modulations at 2 cm-1 (b) and 20 cm-1 (c). The images in d-f were 

produced by multiplying the k-spaces in a-c by (3cos2θ-1)/2. 

 Inverse Fourier transform of the k-space in Figure 20a shows the sample: a 

cylinder of radius 1 cm and length 1 cm (Figure 21). Inverse Fourier transform of the k-

spaces in Figure 20 (a-f) provides the magnetization and dipolar field (Figure 22) for a 

modulation placed along the z-axis (as is the case for a Z-CRAZED experiment). 

 

Figure 21: Inverse Fourier transform of Equation 4.9 yields a cylinder of radius R (1 

cm) and length L (1 cm). 
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Figure 22: Magnetization and Dipolar Field for the cylinder with no modulation (left), 

2 cm-1 z-modulation (center), and 20 cm-1 z-modulation (right). Blue indicates positive 

regions, black is zero, and red indicates negative regions. 

The signal in a typical CRAZED sequence is approximately equal to the 

magnetization multiplied by the dipolar field:  

                     [4.10]  
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Taking the dipolar fields in Figure 22 and multiplying them by the magnetization will 

provide the signal. As shown in Chapter 2, regions that have positive magnetization see 

a positive dipolar field and rotate in one direction; regions that have a negative 

magnetization see a negative dipolar field and rotate in the opposite direction. The 

resulting signal is shown in Figure 23.  

 

Figure 23: [Magnetization x Dipolar Field] gives the expected CRAZED signal for a 

cylinder with no modulation (left), 2 cm-1 z-modulation (center), and 20 cm-1 z-

modulation (right). 

Averaging this signal over the z-direction (effectively creating the slice) provides 

a 2-dimensional image that is the expected signal from the dipolar field under a 

modulation     , as shown in Figure 24. The plot (bottom) compares the original, 
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unmodulated signal (black line) in Figure 24 to the signals with z-modulation. Lower 

modulation (2 cm-1 in red vs. 20 cm-1 in blue) causes the signals to drop off more rapidly 

at the edges. Moreover, the signal falls off uniformly at all edges. The amount of fall-off 

is approximately 1/    . 

 

Figure 24: CRAZED signal averaged over the slice for a cylinder with no modulation 

(top left; bottom black line), 2 cm-1 z-modulation (top center; bottom red line), and 20 

cm-1 z-modulation (top right; bottom blue line). 

The previous modulations were applied along   , and similar results are shown 

in Figure 25 for modulations along the    and    directions (as would be the case for X-
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CRAZED and Y-CRAZED). Unlike the z-modulation case, the signal falls off 

preferentially along the direction of the modulation in the x- and y-modulation cases. 

The amount of fall-off is also approximately 1/    .  

 

Figure 25: Expected X (bottom) and Y (top) CRAZED signals for a cylinder with no 

modulation (left), 2 cm-1 modulation (center), and 20 cm-1 modulation (right). The X 

and Y CRAZED signals with modulation are negative (Z CRAZED has positive 

signal) and approximately half of the Z CRAZED signals. 

The combination of the x, y, and z CRAZED signals provides the anisotropy 

maps. For even an isotropic magnetization distribution, we see substantial deviations for 

zero signal at the edges and when the magnetization is not highly modulated, as shown 

in Figure 26. 
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Figure 26: Anisotropy maps obtained by adding the X, Y, and Z CRAZED images. 

Even a tube of uniform magnetization gives substantial anisotropy. These images 

should provide spatial corrections factors for the rat brain anisotropy images. 

Experimentally, the modulations are provided by the correlation gradients, 

where         . The range of correlation distances used for the rat brains was 124 to 310 

μm, corresponding to k-values ranging from 253 to 101 cm-1. Prior to scanning the rat 

brains, a tube of water was used for pulse sequence optimizations. The tube of water 

had a radius of 1.5 cm and a slice thickness of 2 mm; using this information, the dipolar 

field resulting from this sample shape and modulation can be calculated, as well as the 

expected signal for the CRAZED sequence (for x, y, and z). Comparing the observed 
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CRAZED signal to the expected CRAZED signal provides a spatial correction factor that 

can be applied to the observed CRAZED images. In this way, an isotropic sample (such 

as the water tube) will have zero signal, while an anisotropic sample (such as the rat 

brains) will have quantifiable signal. 

Here, we have shown how simulations of the dipolar field using the corrected 

framework can be used to delineate expected isotropic and anisotropic signals. 

Ultimately, this method will be applied to rat brains, using high-resolution anatomical 

images to determine the expected CRAZED signals. The x, y, and z CRAZED images for 

rat brains have been acquired, and work is in progress to apply these corrections to the 

images. We have shown the simulated CRAZED signals for an isotropic cylinder, and 

thus, the rat brain corrections will be left for future work. Moreover, Equation 4.10 leads 

directly to the ability to calculate the expected CRAZED signal for any shape: only an 

anatomical image is required. The expected signal is the magnetization distribution 

multiplied by the dipolar field, and the dipolar field is the Fourier transform of the 

sample (obtained from the anatomical image and shifted by     ), multiplied by the factor 

         
 
     , and then inverse Fourier transformed. Comparing the expected and 

observed CRAZED images should lead to insights about regions of anisotropy.  

4.5.1.2 Pulse sequence optimizations 

In addition to the corrections to the individual images for differences in the 

experimental and theoretical dipolar fields, pulse sequence optimization can 
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substantially reduce the background signal. The combination of image corrections and 

optimized pulse sequence parameters should permit quantitation of the anisotropic 

signals in rat brains. In the CRAZED sequence, the modifiable parameters include the τ 

delay, correlation gradient location within the τ delay, echo time, refocusing module 

(spin echo or double spin echo), slice thickness, and crusher gradients. One of the most 

important predictions made by the dipolar field corrections is that spatial selection 

gradients should be applied at the end of the sequence because they modulate the 

magnetization in other directions. By testing the various parameters on a tube of water, 

the optimal parameters that produced no anisotropy signal were determined. Based on 

the optimizations, we determined that longer τ delays are better and the correlation 

gradient should be placed at the beginning of the τ delays. Shorter TEs and single spin 

echoes are better than longer TEs and double spin echoes. Thicker slices are better, along 

with magic angle crusher gradients around the π pulse.  

Figure 27 shows the iDQC anisotropy images, both subtracting the magnitude 

images (top) and adding the complex images (bottom), for a tube of water. The images 

on the left were acquired using the normal set of pulse sequence parameters: 186 μm   , 

5 ms τ, correlation gradient at the end of τ, 20 ms TE, double spin echo module, 0.625 

mm slice thickness, 0.625 mm x 0.625 mm FOV, 64 x 64 pixels, and magic angle crushers. 

The images on the right were acquired using the optimized set of pulse sequence 

parameters. From these images of a tube of water, it is obvious that the optimizations 
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make a significant difference in the anisotropy maps. Prior to optimization, there was 

roughly 10 and 20% residual anisotropy signal (as a percent of the z signal) in an 

isotropic sample, depending on whether the images are produced from subtracting the 

magnitude data or adding the complex data. This was unacceptable for quantification 

and overwhelmed the small but real anisotropy signals from rat brains. These post-

optimization parameters (underline indicates altered parameters) were 140 μm   , 10 ms 

τ, correlation gradient at the beginning of τ, 10 ms TE, single spin echo module, 2 mm 

slice thickness, 0.625 mm x 0.625 mm FOV, 64 x 64 pixels, and magic angle crushers. 

After optimizing the pulse sequence, we obtained anisotropy signals of 1.6% and 7% for 

the two anisotropy maps, which is much more reasonable for quantification.  

 

Figure 27: iDQC anisotropy maps for a water tube before and after optimizing the 

sequence. The residual isotropic signal decreased substantially after optimization. 
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These optimizations match well with the predictions made by the updated 

dipolar field framework. The original framework was derived for a uniform 

magnetization density with modulation along only one direction. Obviously the use of 

imaging gradients modulates the magnetization in more than one direction, in violation 

of the assumptions of the original framework. There is a big difference between x and z 

gradients by the time spatial selection occurs, and thus the updated framework would 

suggest that spatial selection should occur at the end of the sequence. This agrees well 

with the observed results for longer τ delays, shorter TEs, and single spin echoes instead 

of double spin echoes. The longer τ delay may also be advantageous to increase iDQC 

anisotropy contrast because it is sensitive to local frequency offsets [19]. Finally, the 

thinner slices result in a less effective dipolar field for the x and y images, and thus, 

thicker slices are better. These optimizations and corrections allow us to begin studying 

and quantifying anisotropy in developing rat brains.  

4.6 iMQC rat brain anisotropy 

Although the corrections to the dipolar field are still in progress, iDQC images of 

the rat brains have been acquired using the optimized scan parameters. Figure 28 shows 

the iDQC images of a rat brain at postnatal day (PD) 7 under a range of correlation 

distances between 124 and 310 μm. This is a coronal slice through the brain and a tube of 

water. The tube of water serves as an isotropic reference signal. The z images have 

approximately twice as much signal as x and y, and from the phase images (one 
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representative set shown), the x and y phases are 180° out of phase from the z phase. For 

the anisotropy maps, we can either subtract the magnitude data, as shown on the left, or 

add the complex data, here on the right. The individual images were acquired using the 

optimized sequence parameters, which will serve as a good basis for the dipolar field 

corrections (which can be done in post-processing). First, we can see that the water has 

almost no signal and that it is near the noise level. Conversely, for the rat brain, we can 

see significant anisotropy that changes with the correlation distance. These changes with 

the correlation distance are the result of different dipolar field effects at each selected 

distance. While the longest correlation distance has the most anisotropy signal, as we 

increase the correlation distance further, we begin losing signal due to the sample size 

and resolution. From these and other images, we determined that 150, 187 and 250 μm 

are the optimal distances for anisotropy.  
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Figure 28: iDQC Z, Y, and X images for a rat brain at PD7 and a tube of water for a 

range of correlation distances (dc) between 124 and 310 μm. The z signal is 

approximately double the x and y signals. A representative set of phase images show 

that the phases of the x and y images are 180° out of phase from that of the z images. 

The anisotropy maps shown on the right were obtained by subtracting the magnitude 

data or adding the complex data. Very little residual isotropic signal can be seen in 

the water tube, while the brain shows substantial anisotropy that increases with dc. 

We can also acquire images of the rat brains at different developmental stages 

using these optimized parameters and correlation distances. Figure 29 shows the 
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subtraction images (subtractions of magnitude data on top, additions of complex data on 

bottom) for the different developmental points. More data on the other rat brains is 

currently being acquired. However, even from this preliminary data, there are some 

apparent anisotropy trends. It appears that the anisotropy increases from PD3 to PD7 

and then decreases in the mature rat. Dipolar field corrections for this data are the 

subject of ongoing research and should permit quantification of these mesoscopic 

anisotropy trends.  

 

Figure 29: iDQC anisotropy maps produced by subtracting the magnitude data (top 

three rows) or adding the complex data (bottom three rows). The maps were produced 

for five rat brains at four developmental points using 112, 140 and 187 μm correlation 

distances. Work is ongoing to correct for the dipolar field and quantify this data. 
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Although these corrections can be performed in post-processing using sample 

shape approximations, there may also be significant interest in a more general dipolar 

field correction method. This method involves acquiring both the CRAZED images and 

a corresponding high-resolution anatomical image with the same diffusion and delay 

weightings. The signal for the anatomical image (pre-Fourier transform) will provide the 

magnetization distribution for any arbitrary sample shape. This signal, shifted by      based 

on the correlation gradients, can be multiplied by the factor          
 

      and 

Fourier transformed to produce the expected dipolar field. From Equation 4.10, the 

expected signal in the CRAZED sequence is the magnetization distribution multiplied 

by the dipolar field. In this way, deviations from the expected signal can be clearly 

ascertained. 

4.7 Conclusions 

MR imaging can improve our understanding of normal human cortical 

development, as well as neurodevelopmental abnormalities and impairments. Rat brains 

can be used as an animal model to study both normal development and the nature and 

progression of brain injuries or abnormalities. Previous work using diffusion tensor 

imaging showed characteristic developmental patterns in the various cortical areas, and 

significant research is ongoing in this field. However, these techniques cannot probe 

mesoscopic distance scales, which may lead to a wealth of information about cortical 

development and may prove even more important in human studies. This gap can be 
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bridged by iMQCs, which has the potential to map mesoscopic anisotropy. It should also 

be noted that because iMQCs probe the dipolar field at very well-defined mesoscopic 

distance scales, large voxels can be used without losing sensitivity or structural 

information.  

Over the course of this study, it was discovered that certain assumptions in the 

dipolar field framework had to be discarded, leading to a corrected framework and the 

ability to quantify these anisotropy results. More specifically, the dipolar field 

framework is altered whenever imaging gradients are applied because the 

magnetization is modulated along more than one direction. The corrected framework 

led to insights into the optimal pulse sequence parameters, which matched well with the 

experimentally optimized parameters. Prior to the corrections and optimizations, the 

residual isotropic signal overwhelmed any true anisotropy signal; after the corrections 

and optimizations, the residual signal was less than 2% of the z signal. This permitted 

quantification of the anisotropy results, which are currently underway. Overall, the rat 

brains show interesting quantifiable iMQC anisotropy at various correlation distances 

and developmental ages, which may lead to delineation of mesoscopic cortical 

processes.
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5. Multipulse Echo Sequences 

5.1 Synopsis 

Multipulse echo sequences such as the equally-spaced Carr-Purcell-Meiboom-

Gill (CPMG) sequence and the optimized Uhrig Dynamic Decoupling (UDD) sequence 

can provide improved signal refocusing in tissue compared to spin echo sequences 

because there are fluctuations in the resonance frequency in vivo that are better 

compensated by multiple pulses. The CPMG sequence contains equally spaced pulses, 

while the UDD sequence features unequal pulse spacings that are shorter at the 

beginning and end and longer in the middle. The UDD sequence was derived in 

quantum computing for decoherence reduction of ions in a Penning trap, but it was later 

shown to be more general. This unique timing led to significant increases in signal and 

may provide a wealth of information not available using traditional sequences. This 

chapter will focus on the theory behind the improved refocusing of multipulse echo 

sequences, as well as draw comparisons between the UDD and CPMG sequences. 

Sections of the chapter were previously published [104]: E.R. Jenista, A.M. Stokes, R.T. 

Branca, and W.S. Warren; “Optimized, unequal pulse spacing in multiple echo 

sequences improves refocusing in magnetic resonance” JCP 2009. 

5.2 Introduction 

Introductory treatments of magnetic resonance describe line broadening effects 

as “inhomogeneous” or “homogeneous”; in the former, the resonance frequency is 
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different but constant for each spin, while in the latter, the resonance frequency for each 

spin fluctuates. Inhomogeneous broadening effects may arise from susceptibility effects 

or non-uniformities in the magnetic field that cause the spins to precess at different rates 

in different positions; homogeneous broadening arises from molecular interactions 

between neighboring spins. As a result of both homogeneous and inhomogeneous 

broadening, the macroscopic transverse magnetization decays because the spins lose 

synchrony. However, the difference between homogeneous and inhomogeneous 

broadening is that the phase memory is lost (i.e., irreversible dephasing) in the former 

and retained in the latter (i.e., reversible decay process). As a result, inhomogeneous 

broadening can be refocused using a spin echo sequence, where the free induction decay 

is indicative of inhomogeneous broadening and the echo signal is indicative of 

homogeneous broadening  [105, 106]. A more careful analysis recognizes that the real 

distinction is one of timescale: effects that change the resonance frequency rapidly 

compared to the pulse repetition time cannot be refocused by the sequence, but 

frequency variations that are essentially static often can be refocused.  

We can use Hahn’s classic “racetrack” analogy, often used to describe the effects 

of the spin echo sequence, to describe the refocusing of static and fluctuating resonance 

frequencies [107]. First consider the case of only static contributions to the resonance 

frequency. In this analogy, the runners begin at the starting line, and the 90° pulse is 

represented by the starter firing the gun. The spins begin to precess and lose synchrony, 
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likened to the runners each traveling with a slightly different speed. After a specified 

amount of time, equal to TE/2 in a spin echo sequence, a 180° pulse is applied; in our 

analogy, the starter fires the gun again, causing all runners to turn around and begin 

running in the opposite direction. As time continues, a perfect echo will form at TE/2, 

which is represented by all the runners simultaneously ending on the starting line. Now 

consider fluctuating resonance frequencies, which we can liken to the runners getting 

tired or running faster to win the race. In the presence of these fluctuations, not all the 

runners will end at the starting line. Their loss in coherence (dephasing) could not be 

refocused and leads to echo attenuation. Rather than waiting TE/2 to apply a single 180° 

pulse, if we instead apply a more frequent train of pulses with shorter delays, any 

fluctuations that occur slower than the pulses will be refocused. In the racetrack, the 

starter must fire his gun faster than any changes in the runner’s speed.  

In solution NMR, the distinction between fluctuating and static resonance 

frequency is often easy to make, as typical pulse lengths and delays (microseconds to 

milliseconds) average over most internal dynamics. Moreover, diffusion averages over 

short distance field variations, while variations over longer distances are unaffected. 

Thus, the spin echo cleanly distinguishes between these effects, and multipulse echo 

sequences usually give the same decay as would a single echo. The picture changes 

dramatically as we move from uniform sample tubes to structured materials, such as 

tissue. Multipulse echo sequences provide improved signal refocusing in tissue 
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compared to spin echo sequences because there are fluctuations in the resonance 

frequency in vivo that are better compensated by multiple pulses [108]. For example, 

diffusion in regions of different susceptibilities can be a major contribution to T2 

relaxation. Water diffusion across different tissues leads to fluctuations of the resonance 

frequency on a timescale of a few milliseconds. These relatively slow fluctuations can be 

easily refocused by a train of RF pulses, as is performed in the standard Carr-Purcell-

Meiboom-Gill (CPMG) [109, 110] pulse sequence. Moreover, CPMG pulse sequences are 

well known to provide longer apparent transverse relaxation times when used to 

measure relaxation in tissue [108]. In addition to diffusion and susceptibility, 

magnetization transfer, J-coupling, or spin exchange can also contribute to fluctuating 

resonance frequencies.  

It is easy to understand why the CPMG sequence performs better than the 

standard spin echo sequence in tissue. It is also easy to show that, in a uniform gradient, 

equal interpulse spacing provides the optimal refocusing (for a fixed total echo time and 

number of pulses n) [105, 109, 111-113] : 

 
            

     
 
 
     

 [5.1]  

There is a nonlinear dependence of the signal on the echo time, which implies that equal 

echo spacing refocuses the signal better than unequal spacing. The surprising theoretical 

result of reference [114] is that an unequal spacing (specifically, the Uhrig Dynamic 
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Decoupling or UDD sequence) can in fact provide superior refocusing over equally-

spaced pulses. 

5.3 The Uhrig Dynamic Decoupling Sequence 

Quantum information processing has the potential to substantially increase 

computing capabilities, largely due to the ability for parallel processing that arises from 

the quantum mechanical superposition principle. For realistic implementation of 

quantum computing (QC), the information must be able to be stored reliably for long 

times. Quantum bits or qubits are two-level systems that have α and β energy states, not 

unlike spin-1/2 nuclei. A major issue in MR is the relaxation of spins due to longitudinal 

T1 relaxation of population and transverse T2 relaxation of spin phase (dephasing). Like 

spins in MR that suffer from relaxation processes, qubits suffer from similar relaxation 

processes, which in the QC language is referred to as decoherence. This decoherence 

results from couplings with the environment and is a major obstacle in quantum 

computing. Many methods have been proposed to suppress spin (qubit) decoherence: 

error corrections [115-118], decoherence-free subspaces [119, 120], dynamical control by 

modulation [121-123], and dynamic decoupling [114, 124-137]. Of particular interest are 

the dynamic decoupling methods, which suppress coupling of the qubit with the 

environment (bath) using pulse sequences. The spin echo and CPMG sequences, used in 

MR for decades, have been similarly used in QC to maintain the spin coherence. Further 

pulse sequence developments in the specific context of QC have been proposed, 
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including periodic [134] and concatenated [127, 128] dynamic decoupling sequences. 

Based on the MR relaxation mechanisms in tissue, however, these sequence 

developments would appear unpromising for suppressing spin relaxation (although 

they may have benefits to other MR applications, as discussed in Chapter 8).  

In 2007, Uhrig proposed a new dynamic decoupling sequence, which has 

optimized delays and is called the UDD sequence [114]. This sequence was originally 

derived for a spin-boson relaxation model, and it was later experimentally verified using 

ions in a Penning trap [124]. Moreover, it was shown to be universal [138, 139]. In 2009, 

we showed the advantages of the UDD sequence in MR imaging applications [104]. 

Further developments to this sequence have been proposed, including sequences that 

account for realistic pulses of finite duration [140] and concatenated UDD sequences 

[131]; however, the majority of this dissertation will focus on the original UDD sequence. 

The UDD sequence timing is given by: 

 
      

      

      
  [5.2]  

where    is the timing of the     pulse, TE is the echo time, and   is the total number of 

pulses. This sequence has delays that are shorter at the beginning and end with longer 

delays in the middle. Figure 30 compares an 8-pulse UDD and CPMG sequence. 
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Figure 30: CPMG and UDD sequences with n = 8. 

5.3.1 Derivation of the UDD sequence 

The UDD sequence was derived in quantum computing as follows. Consider an 

n-pulse sequence with n+1 time intervals    between pulses. Each pulse is considered to 

be instantaneous, ideal, and reverses the spin interaction. The signal depends on the 

phase   and coherence  : 

                     [5.3]  

The phase term has little effect on the signal compared to the coherence term (which has 

a characteristic decay time T2). The coherence (or decoherence, as it were) term defines 

the function       that can be stated in terms of the spectral density      and filter 

function      : 

              

       
 

 
 

    

  
       

 

 

 

[5.4]  

The filter function determines how the sequence will preserve coherence (suppress 

relaxation) for a given spectral density of the system. The filter function can be 

calculated for any sequence: 



 

85 

                  

                             

 

   

 

 

  

[5.5]  

In essence, this means that the modulation function         alternates between +1 and -1 

for successive delays. Both the modulation function and the resulting filter function will 

be discussed in the subsequent sections.  

 Based on this, we see that the filter function can be altered by changing the pulse 

delays. Uhrig realized that       is always zero and that there are n free parameters      

for optimization. He used that freedom to set the first n derivatives of the modulation 

function around     to zero: 

     
        

   
   

           

[5.6]  

Surprisingly, the resulting solution has a simple analytic form: 

 
   

      

      
 [5.7]  

The resulting filter function can be approximated using a Bessel function ( ): 

                               
    

     [5.8]  

Although the model for tissue relaxation in MR is fundamentally different from 

that of bosonic baths, the UDD sequence may have advantages because relaxation in MR 

is also dominated by low-frequency (relative to the pulse sequence length) fluctuations 
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in the spectral density. These fluctuations may arise, for example, from a combination of 

diffusion, susceptibility, magnetization transfer, and spin exchange [108, 141-143]. 

Chapter 6 will cover in more detail the experimental imaging results obtained using the 

UDD sequence in a variety of tissues, and Chapter 7 will focus on a specific application 

of the UDD sequence for enhanced refocusing of fat signals. Chapter 8 will provide 

several future directions for the UDD sequence in MR. The remainder of this chapter 

will focus on the theoretical basis of the UDD sequence as compared to the CPMG and 

spin echo sequences.  

5.4 The toggling-frame Hamiltonian 

The modulation function         can provide information about how multipulse 

echo sequences affect the Hamiltonian. We typically think of the pulses as rotating the 

magnetization, but for a series of 180° pulses, we can instead think of the pulses as 

rotating the Hamiltonian. In this interaction representation, the “toggling-frame” 

Hamiltonian [144] has the same sign as the modulation function: 

                                                  

        
                    

                     
  

[5.9]  

The average Hamiltonian follows from that: 
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[5.10]  

As long as                      , the average Hamiltonian is zero, and an 

echo will form. The ability of the sequence to refocus fluctuations in the spectral density 

is directly related to the modulation function created by the pulse sequence timing. 

However, the Hamiltonian used here only works in the limit of ideal, instantaneous 180° 

pulses. A more general expansion of the toggling-frame Hamiltonian can be derived 

[144-147] using the Magnus expansion [148]: 

 

        

 

 

                     

    
 

 
     

 

 

 

       
  

  
                       

  

 

 

 

 

       
  

  
        

  

 

                               

  

 

 

 

                               

[5.11]  

 In Equation 5.11, the “toggling-frame Hamiltonian”    is expressed as a sum of 

the zero-order average Hamiltonian (  ) and higher-order corrections (     ). The 

toggling-frame Hamiltonian commutes with itself at all times if all pulses are considered 



 

88 

instantaneous and perfect. As a result, all higher-order corrections vanish, and the 

toggling-frame Hamiltonian is simplified to Equation 5.9 [104]. Unfortunately, δ pulses 

can be never realized experimentally, and thus, the higher-order corrections cannot be 

safely ignored. Closely following the notation of Ref. [144], the toggling-frame 

Hamiltonian therefore contains an inhomogeneity term (     ) and a pulse error term 

(    ). The inhomogeneity term will be considered in Chapter 6 for pulse sequence 

considerations, although the pulse error term will not be considered herein.  

In Equation 5.10,       is the Fourier transform of the modulation function 

       imposed on the spin Hamiltonian by different pulse sequences. Correspondingly, 

the power spectrum          (synonymous with the filter function in the original 

derivation) can be used to compare the efficiency of different pulse sequences to 

suppress frequency fluctuations.  

5.4 Filter function/power spectrum 

An easy way to understand the effect of the pulse sequence on the spin system is 

to think in terms of the power spectrum of the modulation function created by the pulse 

sequence. To first order in perturbation theory and to infinite order in the limit of ideal 

δ-function pulses, the power spectrum dictates the types of frequency fluctuations that 

can and cannot be refocused by the sequence [104]. Consider here the spin echo 

sequence (n = 1) and CPMG and UDD sequences with n = 16; the power spectrum for 

each of these sequences is shown in Figure 31.  
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Figure 31: Top: Power spectra of the modulation functions created by the spin echo 

(green), CPMG16 (blue) and UDD16 (red) sequences of the same duration. Note that 

both CPMG and UDD sequences vastly outperform the spin echo for suppression of 

low-frequency fluctuations. Bottom: CPMG16 and UDD16 power spectra for a smaller 

range of frequencies. Note the wider zeroed area of the UDD power spectrum. Figure 

courtesy of Yesu Feng. 
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Although all three sequences can refocus static contributions of the resonance 

frequency, their performance is significantly different for fluctuations that occur on a 

timescale comparable to the sequence echo time. Unlike the CPMG and spin echo 

sequences, the power spectrum of the UDD sequence is flat around the origin. The 

unequal spacing of the UDD sequence was indeed derived by zeroing out as many 

derivatives as possible around the origin (= 0). Effectively, the UDD sequence serves as 

a better filter function for low frequency fluctuations. In the limit of ideal δ π-pulses, the 

first (n-1) derivatives of the modulation function are zero at the origin for an n-pulse 

UDD sequence, and thus, its power spectrum becomes increasingly flat (thereby 

refocusing a wider range of frequencies) around the origin as the number of pulses is 

increased. For the CPMG sequence, in contrast, even the second derivative is non-zero. 

For any symmetric sequence, all odd derivatives will be zero by sequence symmetry, 

which implies that symmetric sequences are optimal. Thus, the first n-1 derivatives and 

all subsequent odd derivatives for the UDD sequence are equal to zero. While both the 

UDD and CPMG sequences are symmetric, Chapter 6 discusses a sequence variation 

that is not symmetric and poorly refocuses the signal. 

For the UDD sequence, as the echo time is increased, the width of the zeroed area 

in the power spectrum shrinks, and the higher frequency components of the fluctuations 

in tissue are not refocused by the sequence. By varying the total echo time with a 

constant number of pulses, the range of frequency components that are refocused can be 
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adjusted, thereby providing a mechanism to map the spectral density (J()) function. 

This idea will be further addressed in Chapter 8. In addition to the ability of the UDD 

sequence to provide new contrast based on spectral density relaxation mechanisms 

(diffusion, susceptibility, etc.), the UDD sequence may be useful for refocusing a wide 

range of chemical shifts and J-couplings. This idea is the basis for Chapter 7, which 

focuses on applications of the UDD and CPMG sequences to imaging fatty tissues.  

5.4 Conclusions 

The optimized delays of the UDD sequence may provide a new source of 

contrast in MR imaging, where this contrast may result from either microstructure 

effects (spectral density, diffusion, susceptibility) or chemical structure effects (chemical 

shifts and J-couplings). Although originally derived for quantum computing 

applications, the UDD sequence was shown to have advantages for tissue imaging [104]. 

Both the CPMG and UDD sequences improve signal refocusing in tissue compared to 

spin echo sequences because there are resonance frequency fluctuations in vivo that are 

better compensated by multiple pulses. The toggling-frame Hamiltonian and resulting 

power spectrum can provide insight into the optimal pulse sequence given a particular 

tissue spectral density. Chapter 6 will cover the experimental imaging results from the 

UDD and other sequences in a variety of tissues. Chapter 7 focuses on the UDD 

sequence to enhance the refocusing of the chemical structure found in fatty tissues. 

Finally, Chapter 8 will propose several future directions for the UDD sequence in MR.  
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6. Multipulse Echo Sequences – Imaging Results 

6.1 Synopsis 

We showed in Chapter 5 how multipulse echo sequences have theoretical 

advantages over single spin echo sequences; furthermore, a sequence with unequal, but 

optimized pulse timings may provide substantial refocusing over equally spaced pulse 

timings for the same number of pulses. Here we provide experimental verification of the 

improved refocusing of the UDD sequence, along with some cases where the UDD 

sequence has no clear advantage over the CPMG sequence. Various tissue samples are 

considered here: normal, tumor, fat (covered in more detail in Chapter 7), and brain. We 

will discuss the ability of the UDD sequence to increase the signal and contrast in these 

conventional applications, as well as some places where this sequence falls short. In fact, 

the UDD sequence is not a global optimum for all tissues, but the optimal sequence is 

also not necessarily the conventional CPMG sequence. Finally, an application to 

increasing the sensitivity in iMQC applications is illustrated. Portions of this chapter and 

some figures were previously published [104]: E.R. Jenista, A.M. Stokes, R.T. Branca, and 

W.S. Warren; “Optimized, unequal pulse spacing in multiple echo sequences improves 

refocusing in magnetic resonance” JCP 2009. 

6.2 Pulse sequences and considerations 

Chapter 5 covered the theory behind the UDD sequence and other multipulse 

echo sequences. This chapter aims to provide experimental results in a variety of 
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applications for the UDD sequence as compared to other sequences. The UDD sequence 

[114] timing is given by: 

 
      

      

      
  [6.1]  

where    is the timing of the     pulse, TE is the echo time, and   is the total 

number of pulses. This sequence is symmetric about the center and features 

shorter delays at the beginning and end with longer delays in the middle. The 

CPMG sequence timing is given by: 

 
      

   
  

 
  [6.2]  

The CPMG sequence has equally spaced pulses and is also symmetric about the center. 

We also consider two other common sequences: the single spin echo sequence (with one 

180° pulse centered in the sequence and the double spin echo sequence (equivalent to a 

UDD or CPMG sequence with n = 2), both of which are symmetric. The final sequence 

we consider here is the so-called “anti-UDD” sequence. The delays 1 through j are 

calculated using equation 6.1 but are then rearranged within the sequence such that the 

longer delays appear at the beginning and the shorter delays appear at the end. In 

contrast to the other sequences used, this sequence is not symmetric about the center.  

Experimentally, there are several important pulse sequence considerations to 

provide fair comparisons and minimize distortions. RF inhomogeneity under multiple 

pulses can lead to stimulated echoes [149], where some of the signal arises from 
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magnetization which was stored along the z axis for part of the sequence.  

Experimentally, we readily see stimulated echo effects with as few as four pulses; 

therefore, magic angle crushers in different directions around each 180° pulse are 

necessary to suppress unwanted stimulated echoes (which undoubtedly improves the 

signal for the CPMG sequence due to constructive interference patterns at the center of 

the echo, but distort the actual decay).  

In addition, because each pulse is imperfect in practice, it is important that each 

pulse is carefully calibrated. We achieved the best results using adiabatic (specifically, 

hyperbolic secant) 180° pulses. These pulses have significantly better RF homogeneity 

than conventional pulses; however, an even number of pulses is required to compensate 

for the non-linear phase of the transverse magnetization caused by the hyperbolic secant 

pulses [108, 150]. As it turns out, the phase compensation is not complicated by the 

unequal pulse timings because the only requirement for the phase reversal by pairs of 

adiabatic pulses is the formation of an echo (with no dependence on the individual 

delays), as previously discussed [150] and rigorously proven [151]. Because pairs of 

pulses are necessary, double spin echo sequences (rather than single spin echo 

sequences) are used here. An extra echo pulse was also placed after the UDD and CPMG 

sequences to provide slice selection (see Chapter 7 for details on the experimental 

sequence). This allows fairer comparisons between sequences with different number of 
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pulses because only one pulse is used to determine the slice selection; it also permits 

shorter echo times. 

Experimentally, the effects of finite duty cycle and pulse flip angle errors must be 

considered and can detract from the expected sequence performance. The UDD 

sequence was derived for instantaneous, ideal pulses, and pulses of finite duration 

introduce an accumulating error term that is linear in both pulse length and number. 

Uhrig later proposed a modification to the sequence timing for realistic pulses (with 

finite duration and amplitude) called RUDD [140]. This modification utilizes variable 

length and variable amplitude pulses that cancel the first- and second-order error terms. 

However, we can also use the pulse phases to improve the refocusing in the normal 

UDD sequence. In general, a multiple echo sequence works much better for the 

coherence component in phase with the pulses than for the component out of phase. For 

the Carr-Purcell (CP)               sequence [152], there is an oscillation in the power 

spectrum          that causes a non-zero      
   

 and a reduction of the signal intensity. 

The Meiboom-Gill (MG) modification [153] efficiently suppresses the higher-order offset 

contributions by a     phase shift of the excitation pulse, namely, from      to     . This 

causes the first-order average Hamiltonian to commute with the initial density matrix 

[144], and accordingly,      
   

 has no effect on the density matrix evolution. Moreover, 

phase-shifted refocusing pulse trains [144] such as                        or 

                       can further suppress oscillations; as a result,          is 
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symmetric about the center of the pulse sequence, and all odd-order corrections vanish, 

as well as          itself [144, 145]. Simulations showed substantial differences between 

the various phase-shifts (data not shown), and the UDD spacing tends to be more 

sensitive to the phase shift due to the loss of subcycle symmetry compared with the 

CPMG sequence. In these simulations, the                        pulse train was 

found to be optimal for the CPMG and UDD sequences.  

A water phantom was used experimentally to determine the effects of varied 

     pulse phases (following an initial     ) for the UDD16 sequence (Figure 32). We 

found that the pulse phases do not make a large difference in the refocusing. However, 

for consistency, all subsequent images have 180° pulse phases of 

                       for four 180° pulses, which could be repeated for 8 or 16 

pulses.  
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Figure 32: Images using varied 180° pulse phases (following     ) for the UDD16 

sequence on a water phantom. Almost no differences in the refocusing were observed. 

For all subsequent images, the pulses phases were                       . 

6.3 Normal post-mortem mouse 

Initially, to test whether the UDD sequence could provide additional refocusing, 

we compared the various imaging sequences on a postmortem normal mouse. The 

mouse was placed in a supine position, and axial slices through the abdomen were 

selected. MRI data were acquired on a Bruker 7.05T (1H: 300.5 MHz). The UDD sequence 

was tested against the CPMG sequence and the anti-UDD (control) sequence. For these 

experiments, 2 and 1.267 ms Hermite pulses were used for excitation and refocusing, 
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respectively. No phase cycling was performed, and the images were acquired without 

averaging. The echo time was varied between 40 and 80 ms. An 8 mm axial slice was 

selected through the abdomen with a 8 cm FOV and a 256 x 256 matrix size. All 180° 

pulses in each sequence were flanked by crusher gradients, and in our experience it is 

crucial to arrange crusher gradients in different directions.  

For the comparison with a T2 map, 0.5 ms Hermite pulses were chosen for both 

excitation and refocusing pulses. A 2 mm axial slice was selected through the abdomen. 

The total echo time was 100 ms for the T2 map, and the CPMG and UDD sequences had 

8 180° pulses. Other imaging parameters were TR = 2 s and 3 cm FOV. Similar scan 

parameters were used for the imaging experiments. 

6.3.1 Comparison to anti-UDD sequences 

We first compared the contrast from three sequences: UDD, CPMG, and an “anti-

UDD” sequence (Figure 33) with the same total delay and number of pulses (and hence 

the same dissipated power). Pulse positions for the UDD sequences were calculated 

using Equation 6.1. The anti-UDD sequence was used as a control experiment. This 

sequence has exactly the same set of delays as UDD, and it still forms a proper echo (that 

is, the average Hamiltonian is zero because                     ). However, in 

the anti-UDD sequence, the intervals are rearranged with the longer delays up front, and 

the shorter delays toward the end of the sequence. As a result, the sequence is no longer 
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symmetrical and even the first derivative of the Hamiltonian is not zero. We can predict 

that the refocusing performance will be substantially worse. 

 

Figure 33: 16-pulse CPMG, UDD, and anti-UDD sequences. The CPMG sequence has 

equidistant pulses, while the UDD and anti-UDD sequences have unequal pulse 

spacings. The anti-UDD sequence has the same (optimized) delays as the UDD 

sequence, but they are rearranged to provide a control sequence. 

Figure 34 compares the images acquired with the CPMG, UDD and anti-UDD 

sequences for a postmortem mouse that had recently been thawed (giving a significant 

amount of free water, indicated by the arrows in the top anatomical image). In general, 

the CPMG sequence highlights the free water deposits in the subcutaneous layers; the 

UDD sequence highlights the tissue architecture; and the anti-UDD sequence gives 

weaker signals overall. Differences are much more evident with more pulses (which 

increases the number of zeroed derivatives in the UDD sequence) and with longer echo 

times (which reduces the effects of duty cycle). The subtraction images also clearly show 

that the UDD sequence provides substantial enhancement in the tissue regions 

(appearing yellow and red on this colorscale), while the CPMG sequence provides 
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improved refocusing in the free water (appearing cyan and blue on this colorscale). The 

anti-UDD performs the worst of the three sequences. 

 

Figure 34: Top: Anatomical spin echo image of a post-mortem mouse. Arrows indicate 

subcutaneous free water deposits caused by freezing and thawing of the mouse. The 

red boxes indicate free water and tissue ROIs. Bottom: Comparison of the UDD, 

CPMG and anti-UDD sequences on the post-mortem mouse. Differences are much 

more evident with more pulses and longer echo times. Signal increases of up to 40% 

were observed from the UDD sequence, while the anti-UDD sequence vastly 

underperforms. This can also been seen in the subtraction images. 

In most cases, the UDD sequence provides more signal in bulk tissue than both 

the CPMG and anti-UDD sequences (Figure 34, signal comparisons in Table 2). For the 8 

pulse sequences, the UDD8/CPMG8 ratio is 1.41 in the tissue, while the UDD/anti-UDD 
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ratio is 1.05. Doubling the number of pulses to 16 increases the number of zeroed 

derivatives; the UDD16/CPMG16 ratio is 1.22, and the UDD16/anti-UDD16 ratio is 1.31. 

Doubling the echo time reduces the effects of finite duty cycle; the UDD16/CPMG16 

ratio is 1.71 in tissue, and the UDD16/anti-UDD16 ratio is 2.88. For the water ROI, the 

UDD16/CPMG16 ratios are 1.03; 0.40, and 0.52 for 8 pulses, 16 pulses, and longer TE, 

respectively. The improvement provided by the UDD sequence is clearly not simply a 

uniform factor, and in fact the free water refocuses better with CPMG. Since the local 

structure is different in those regions, differences are to be expected. 

Table 2: Comparison of the signal strength from the UDD, anti-UDD, and CPMG 

sequences. Free water and tissue ROIs were selected as shown in Figure 34. 

 Free Water Tissue 

UDD8/CPMG8, TE = 20 ms 1.03 1.41 

Anti-UDD8/CPMG8, TE = 20 ms 0.69 1.35 

UDD8/Anti-UDD8, TE = 20 ms 1.50 1.05 

UDD16/CPMG16, TE = 40 ms 0.40 1.22 

Anti-UDD16/CPMG16, TE = 40 ms 0.27 0.93 

UDD16/Anti-UDD16, TE = 40 ms 1.50 1.31 

UDD16/CPMG16, TE = 80 ms 0.52 1.71 

Anti-UDD16/CPMG16, TE = 80 ms 0.32 0.59 

UDD16/Anti-UDD16, TE = 80 ms 1.65 2.88 
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6.3.2 Comparison to T2 maps 

Using a different post-mortem mouse, we also compared the UDD sequence to a 

T2 map. The T2 map was created from linear fits of the signal intensity versus echo time 

on a semi-log plot, where the signal intensity was obtained using successive echoes in a 

multiecho CPMG sequence. Figure 35 provides a direct comparison of a T2 map with a 

difference image UDD – CPMG. It is clear that, on average, regions with moderately 

short T2 show better UDD signals than do the longest T2 regions, but there is no simple 

relation between T2 and UDD – CPMG.  This implies the contrast in the latter image is 

not simply equivalent to what could have been inferred from simple T2 weighting. 

 

Figure 35: Left: T2 map on a post-mortem mouse. Right: UDD8 – CPMG8 difference 

image (TE = 80 ms). There is no clear correlation between T2 and UDD contrast.  

6.3.3 Effects of even and odd number of pulses 

We typically only use 4, 8, or 16 pulses in the CPMG and UDD sequences: an 

even number of pulses is chosen because of symmetry arguments and the pulse phases 

are performed in units of four. However, we can consider any number of even or odd 

pulses. Figure 36 shows images of an axial slice through the abdomen of a post-mortem 
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normal mouse. The sequences considered here are the spin echo and CPMG and UDD 

sequences. The number of pulses in the CPMG and UDD sequences ranged from 3 to 8, 

and all echo times were 90 ms. From these images, it is clear that an even number of 

pulses provides better refocusing than an odd number of pulses, and of the even 

number of pulses, the variations with multiples of 4 provide more signal.  

 

Figure 36: Images of a postmortem mouse acquired with the CPMG and UDD 

sequences with even and odd pulses (n = 3 – 8). 

6.3.4 Double axis decoupling 

In addition to the ability to choose the pulse phases along a single axis (±y axis, 

for example), we can also imagine using both axes (x and y) for the refocusing pulses. 

Previous research has shown the importance of careful choice of the pulse phases for 

compensating pulse imperfections in diamond [126, 154], an application where double-

axis decoupling was shown to be beneficial. Figure 37 compares images of a post-

mortem normal mouse using both single-axis and double-axis refocusing pulses in 

CPMG16 and UDD16 sequences. For in vivo imaging, however, we found that the pulse 

phases do not make a large difference in the refocusing. Moreover, our typical pulse 
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phases (                          ) provided the optimal refocusing for normal 

tissue. 

 

Figure 37: Images of a postmortem mouse acquired with the CPMG16 and UDD16 

sequences with single and double axis decoupling. 

6.4 Tumor-bearing mouse 

Figure 38 shows an in vivo application of the UDD sequence to provide 

enhanced refocusing in a live tumor-bearing mouse (human prostate tumor implanted 

on the flank). Here, the DSE, CPMG16, and UDD16 sequences were used with a total 

echo time of 120 ms for each sequence. The large signal region is the tumor, while the leg 

is barely visible on the right side of the images. A tube of water was placed next to the 

mouse for reference. From the difference images (bottom row), it can be clearly seen that 
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the CPMG16 and UDD16 sequences provide substantially more signal than the DSE 

sequence. The UDD sequence provides more signal in the tumor tissue compared to the 

CPMG sequence. In conventional imaging applications, contrast is extremely important, 

and this image shows an example where UDD clearly provides contrast that is different 

from the CPMG sequence.  

 

Figure 38: DSE, CPMG16, and UDD16 images on live prostate tumor-bearing 

mouse. A water tube was placed next to the mouse for reference. The corresponding 

difference images show UDD provides the most signal in the tumor regions, followed 

by CPMG and DSE. The color range in the UDD – CPMG image shows that the UDD 

sequence provides fundamentally different contrast from the CPMG sequence. 

6.5 Fatty tissues 

The average human has approximately 25% of their body mass contained in fat 

[155]. In some cases, the fat MR signal can overwhelm other proton signal and is highly 

undesirable; in other cases, fat can lead to important functional information using 

iMQCs. We tested the UDD, CPMG, and DSE sequences in a post-mortem obese mouse 
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(shown in Figure 39). The CPMG8 and UDD8 sequences provide more signal than DSE, 

and UDD8 refocused more signal than CPMG8 in most regions. Particularly in fatty 

tissue, we found that the refocusing was highly dependent on the number of pulses and 

total echo time; these results are due to a combination of chemical structure (J-coupling) 

effects and microstructure and will be covered in substantially more detail in Chapter 7.  

 

Figure 39: DSE, CPMG8, and UDD8 images of a post-mortem obese mouse with the 

same total echo time. The corresponding difference images show that UDD provides 

the most signal, followed by CPMG, and finally DSE. 

6.6 Brain imaging 

Although many applications have been shown that illustrate the advantages of 

the UDD sequence, it is not the optimal timing for all tissue types, echo times, or number 

of pulses. This can be seen easily in Figure 40 for an excised rat brain, which was fixed in 

formalin following forced exsanguination. In this case, the CPMG8 and UDD8 images 
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(TE = 35 ms) have approximately the same amount of signal, although they have more 

signal than DSE image. 

 

Figure 40: Image comparison for an excised rat brain obtained with DSE, CPMG8, and 

UDD8 for the same total echo time. The corresponding difference images show that 

both CPMG and UDD provide more signal than DSE, although UDD and CPMG 

have approximately equal signal in the brain. A tube of water was placed next to the 

brain for reference. 

6.7 Improving Sensitivity for iMQCs 

Intermolecular multiple quantum coherences (iMQCs) have many biomedical 

applications, including the direct imaging of restricted diffusion (Chapter 3), 

quantitative determination of mesoscopic anisotropy in developing rat brains (Chapter 

4), detection of tumor anisotropy [35], and accurate temperature measurements [29, 156]. 

However, iMQCs have fundamentally low signals in vivo that are nearly an order of 

magnitude smaller than the bulk signal. Several techniques [31, 34, 157, 158] have been 
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proposed to circumvent this shortcoming, including the use of square wave dipolar field 

modulations [34] and the addition of an extra radiofrequency pulse in the CRAZED 

sequence [31].  

The standard CRAZED sequence used for the detection of iMQCs is shown in 

Figure 2 (Chapter 2). The signal in this case has a form 

                               

   
   

              
    

              

  
 

 
     

 
      

              

  
  

     

 
      

              

  
   

where n is the coherence order (2 for double quantum coherences), Δ is the resonance 

frequency offset,    is the equilibrium magnetization,    and    are the flip angles of the 

excitation and mixing pulses, respectively, and    is the mth order Bessel function. In 

addition,    is a scaling factor equal to            , where θ is the angle between the 

correlation gradient and the z-axis.  

The iMQC signal grows in linearly with time according to the dipolar 

demagnetizing time,   , which is equal to        
  . The theoretical maximum then is 

approximately 46% at       for iDQCs. However, in practice, relaxation during the 2τ 

evolution (when the signals should be growing in) heavily attenuates the maximum 

signal possible. More specifically, the signal is maximized at a time proportional to 

  
   

. Because T2 is usually less than 100 ms in tissue, a spin echo module (specifically, a 

single 180° refocusing pulse centered in a delay TE) is often used after the 2τ evolution 
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period. This can increase the signal by refocusing the inhomogeneous broadening (T2*) 

and extending the sequence length to the optimal refocusing time. However, iMQCs 

would benefit substantially from increases in signal intensity. As stated above, CPMG 

[109, 110] sequences provide improved refocusing in tissue compared to standard spin 

echo sequences [108], and we have shown the potential further increases in signal from 

the UDD sequence [104, 114]. Using multipulse echo sequences following the CRAZED 

module may be particularly valuable for iMQCs. 

Here, we present in vivo images acquired with the CRAZED sequence followed 

by the UDD and CPMG sequences. Figure 41 shows the iDQC-UDD16 and iDQC-

CPMG16 results, along with iDQC-DSE for comparison, in a live tumor-bearing mouse; 

the percent difference image shows the substantial signal improvements in the tumor 

regions using the iDQC-UDD16 sequence. Because the iMQC signal grows in with time 

and the maximum signal is proportional to T2, any extension in T2 improves the 

sensitivity in multiple quantum applications. Using these sequences, significant 

increases in signal were obtained in multiple quantum applications, thereby improving 

the sensitivity.  
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Figure 41: iDQC-DSE, iDQC-CPMG16, and iDQC-UDD16 images of a live tumor-

bearing mouse, along with the corresponding difference and percent difference 

images. A tube of water is next to the mouse for reference. 

6.8 Conclusions 

We have systematically applied several different multipulse echo sequences to in 

vivo and ex vivo tissue samples. The UDD sequence was found to provide significantly 

more signal than CPMG or DSE sequences in a wide range of tissues. In general, the 

optimal timing depends on the pulse sequence, including number of pulses and total 

echo time, and the tissue of interest. Many applications exist in magnetic resonance that 

would benefit from the SNR gains and the different contrast obtainable with the UDD 
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sequence. These include in vivo tumor imaging as well as studies involved 

iMQCs. While SAR limitations will likely preclude the use of the UDD sequence at 

higher fields, lower field MRI systems at 1.5 T or less would likely benefit from the use 

of unequal pulse spacing in CPMG-like applications. In summary, the UDD sequence 

may have applications in magnetic resonance for contrast enhancement and prolonged 

relaxation times. 
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7. Enhanced Refocusing of Fat Signals Using Optimized 
Multi-Pulse Echo Sequences 

7.1 Synopsis 

The signal in multipulse echo sequences depends strongly on the tissue and 

sequence parameters, including the interpulse delays. For fatty tissues, the unequal 

UDD sequence timings significantly altered the signal intensity compared to 

conventional, equal-spaced CPMG sequences. We found that the predominant 

mechanism for fat refocusing under multipulse echo sequences is the chemical structure 

(chemical shifts and J-couplings), with little dependence on microstructure. As a result, 

specialized pulse sequences can be designed to optimize refocusing of the fat chemical 

shifts and J-couplings, where the degree of refocusing can be tailored to specific types of 

fats. To determine the optimal time delays, we simulated various UDD and CPMG pulse 

sequence timings, and these results are compared to experimental results obtained on 

excised and in vivo fatty tissue.  Applications to iMQC imaging, where the improved 

echo refocusing translates directly into signal enhancements, are presented as well. 

Sections of this chapter were previously published [159]: A.M. Stokes, Y. Feng, T. 

Mitropoulos, and W.S. Warren; “Enhanced Refocusing of Fat Signals using Optimized 

Multi-Pulse Echo Sequences” MRM 2012.  
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7.2 Introduction 

Endogenous magnetic resonance (MR) contrast based on the localized 

composition of fat in vivo can provide functional information. For example, by isolating 

the polyunsaturated lipid signal with a selective conventional multiple quantum 

coherence (MQC) transfer technique, an absence of polyunsaturated fats was observed 

to correlate with invasive ductal carcinoma in the breast, whereas healthy breast tissue 

showed a continuous distribution of fats [160]. Using intermolecular multiple quantum 

coherences (iMQCs), fat can be used to image absolute temperature in vivo [29, 156] and 

detect brown adipose tissue (an important goal for obesity research) [161, 162]. 

However, the spectrum of fat has at least ten distinct resonances and many J-couplings 

[163-166], in many cases between spins with very similar resonance frequencies.  Even at 

high fields, the dynamics in a spin echo sequence can be complex, as these frequencies 

can constructively and destructively interfere for different evolution times. As a result, 

some sequence delays are inherently better than others. Here, we show that specialized 

multi-pulse echo sequences can be designed to optimize refocusing of the chemical shifts 

and J-couplings in fat, where the degree of refocusing can be tailored for specific delays 

and echo times.  

Carr-Purcell-Meiboom-Gill (CPMG) [109, 110] multi-pulse echo sequences are 

well known to provide improved refocusing in tissue compared to standard spin echo 

sequences [108]. The CPMG sequence uses equal interpulse delays, and it is easy to 
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show that for diffusion in a constant gradient, this configuration gives the best signal for 

a fixed overall sequence length. However, we recently showed that, surprisingly, the 

equal pulse spacing of the CPMG sequence is not generally optimum for refocusing 

frequency fluctuations such as those found in vivo [104]. For example, Figure 42 shows a 

non-intuitive unequal spacing called the Uhrig Dynamic Decoupling or UDD sequence 

[114]. This sequence was initially proposed to reduce decoherence in an application 

unrelated to magnetic resonance, but it was later shown to be more general [124, 125, 

138, 139]. For the UDD sequence, the jth pulse in an n-pulse sequence is located at a time 

given by            
  

         . This unique timing led to significant increases in 

signal in many types of tissue [104]. However, these improvements depend on the tissue 

and sequence parameters, as well as on the interpulse spacings; particularly strong 

enhancements were observed in fatty tissues, which have a highly structured 

morphology and a wide range of chemical shifts and J-couplings. 
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Figure 42: 8-pulse CPMG (top) and UDD (upper middle) sequences. All pulses shown 

are π pulses, while the location of the π/2 excitation pulse in each sequence is 

indicated by the black dotted line. The lower middle and bottom sequences show the 

timing for the experimental imaging sequences, where a spin echo sequence (TE = 10 

ms) is added after the CPMG and UDD sequences to provide slice selection.  

Human adipose tissue is composed mostly of triglycerides [167-170]. Three fatty 

acids (oleic, palmitic, and linoleic) account for 77-89% of the fatty acids in vivo [163-170]. 

The chemical structure of a typical fat molecule is shown in Figure 43a. The typical fat 

molecule has 10 resolvable proton resonances [163-166], shown in Figure 43b. Table 3 

uses the conventional labeling scheme from A to J in alphabetical order starting from 

upfield to downfield. While not generally resolvable in vivo, this molecule also has J-

couplings between adjacent spins. From the COSY spectrum in Figure 43c, there is J-

coupling between resonances A and B; B and C; B and D; C and E; D and J; F and J; and 

G and H, which provides good agreement with the molecule shown in Figure 43a. These 

J-couplings are shown in Table 3, where the values were estimated using the 

incremental method in ChemBioDraw Ultra Version 12.0 (Cambridge Soft Corporation, 
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Cambridge, MA) and provide good agreement with high resolution spectra of similar 

molecules [171, 172]. The three most common fatty acids can be differentiated by four 

resonances (B, D, F, and J) according to the number of saturated and unsaturated 

carbons. Fat and vegetable oil have nearly identical chemical structures and spectra 

(Figure 43a); however, fat has a complex microstructure, which oil lacks. By considering 

both fat and oil, the effects of chemical structure and tissue structure can be separated, 

allowing us to determine the predominant mechanisms for refocusing.  
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Figure 43: a: The chemical structure of a typical fat molecule. b: 1H NMR spectra of 

excised mouse fat (bottom trace) and vegetable oil (upper trace). Nine resonances can 

be resolved (A – J, excluding I, as labeled in (a)), and water signal is present in the 

mouse fat spectrum. c: COSY spectrum of excised mouse fat. J-couplings are present 

between spins A and B; B and C; B and D; C and E; D and J; F and J; G and H; G and I; 

and H and I.  
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Table 3: Chemical shifts, intensity weighting factors, and J-coupling values of protons 

in typical fat molecule (shown in Figure 43a). 

Resonance Functional Group Chemical Shift 

(ppm)a 

Weighting 

Factor 

J-coupling 

(Hz)a 

A CH3 methyl protons 0.90 9 AB: 8.0 

B CH2 methylene protons 1.29 60 BC: 7.1; 

BD = 7.1 

C CH2 methylene protons 1.64 6 CE = 7.1 

D CH2 allylic protons 2.18 12 DJ = 6.2 

E CH2 methylene protons 2.32 6 -- 

F CH2 diallylic (bis-

allylic) protons 

2.63 6 FJ = -1.0 

G CH2 glycerol backbone 

protons 

4.20 2 GH = -12.4; 

GI = 7.0 

H CH2 glycerol backbone 

protons 

4.45 2 HI = 7.0 

I CH glycerol backbone 

protons 

5.15 1 -- 

J CH olefinic protons 5.45 12 -- 

a: From comparison of literature values [163, 166, 173], ChemDraw simulations, experimental 1D 

and 2D spectra. 
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In vivo applications typically involve many different components of varying spin 

complexity, from simple spin systems such as water to more complicated spin systems 

such as fat or metabolites. In the case of a single spin system (or a non-coupled multi-

spin system), differences between multipulse echo sequences may be observed due to 

stimulated echoes and different spectral density profiles. More specifically, the CPMG 

sequence would have increased signal under stimulated echoes due to constructive 

interference patterns at the peak of the echo, while the UDD sequence provides 

improved refocusing compared to the CPMG sequence for low frequency fluctuations 

arising from diffusion or susceptibility [104]. On the other hand, coupled multi-spin 

systems also exhibit echo modulations as a result of the J-couplings under multipulse 

echo sequences [174, 175]. In fast spin echo imaging, the fat voxels appear bright [175-

180], known as the bright fat phenomenon, which was initially thought to be the result 

of increases in T2 due to decreased J-coupling modulation of echo amplitudes. Other 

possible mechanisms for increased T2 are diffusion and exchange effects, as well as 

stimulated echoes. These mechanisms have been investigated in detail by several groups 

[178, 180-184], and stimulated echoes and chemical exchange were found to contribute 

negligibly [181]. Henkelman et al. [178] found that diffusion may play a role in the 

bright fat signal, but the general consensus has been that the J-couplings play a 

significant role in  refocusing. 

The Hamiltonian for a coupled n-spin system in the rotating frame is given by  
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[7.1]  

where    is the chemical shift of spin i, and     is the scalar coupling constant between 

spins i and j. The z component of the J-coupling term commutes with the chemical shift 

term; the x and y components of the J-coupling term, which permit mutual spin-spin 

flip-flops, do not commute with the difference between the chemical shifts of spins i and 

j. Thus, the x and y components are appropriately truncated (leaving only             as 

the two-spin J-coupling term) for long time evolution in the weak coupling limit (i.e., 

when the chemical shift difference is much larger than the J-coupling constant). Because 

the phase evolution caused by the J-coupling is not reversed by π pulses, the signal is 

cosinusoidally modulated with zero values at echo times (TEs) of (2n+1)/2J, n = 0, 1, 2, … 

[176]. In the spectrum, the peaks will oscillate between anti-phase for these TEs and in 

phase for TEs of (2n+1)/(J), n = 0, 1, 2, …. In principle, appropriate choice of the echo time 

can accurately refocus the J-coupling and produce in-phase magnetization. 

Unfortunately, for more complex spectra, there is no single value for TE that can 

accurately refocus all J-couplings.  

When the spin system does not satisfy the weak coupling limit, or when a series 

of RF pulses is applied rapidly (such that            , where τ is the interpulse 
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interval), the full J-coupling term            must be considered [145, 174, 180]. A fast 

series of π pulses yields the following average Hamiltonian:  

 
                    

 

   

 

   

 [7.2]  

This strong coupling Hamiltonian is also called the isotropic mixing Hamiltonian and is 

responsible for the coherence transfer in total correlation spectroscopy (TOCSY) [185] 

and in homonuclear Hartmann-Hahn (HOHAHA) spectroscopy [186]. Under this 

Hamiltonian, the individual spin operator Ix1 can evolve to create the converse spin 

operator Ix2 (and vice versa); however, these operators do not evolve independently (as 

is the case for weak coupling) but rather evolve as collective spin modes [180, 185]. In 

fact, because this Hamiltonian commutes with the total Ix or Iy, the total magnetization 

does not evolve under the strong coupling Hamiltonian, and the coupling between spins 

is effectively removed. Thus, for sufficiently short τ between π refocusing pulses, the J-

coupling modulation that is characteristic of single-echo acquisitions will be suppressed. 

As a result, both fat and water are refocused for short echo times; experimentally, this 

causes the fat to appear bright in FSE images. However, for longer echo times, fat is 

poorly refocused.  

Although stimulated echoes do not affect the T2 contrast in FSE images, studies 

have found that the stimulated echoes do comprise a significant amount (up to 10%) of 

the overall signal [181, 187]. Whenever a series of π pulses (n > 3) is applied, stimulated 

echoes caused by pulse flip angle errors must be considered [143, 181, 188, 189]. Signal 
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contributions from spurious pathways are highly probable in the CPMG and UDD 

sequences (which undoubtedly improves the CPMG signal for a single spin due to 

constructive interference patterns at the center of the echo). Although stimulated echoes 

can be used to increase the overall signal [190, 191], refocusing away from the expected 

echo position inherently generates image distortion.  Thus, many methods have been 

proposed to suppress stimulated echoes [141-143, 188, 192], and crusher gradients are 

the most effective of these methods. However, the situation becomes increasingly 

complicated for a J-coupled multi-spin system, and regimes may exist where the 

combined effects of stimulated echoes and J-coupling produce a null at the peak of the 

CPMG echo, while increasing the UDD signal. 

In some cases, this enhanced fat signal is undesirable, and several methods have 

been proposed to obtain FSE image contrast that matches that of traditional SE methods 

[175, 176, 193-196]. In contrast, iMQC experiments such as temperature imaging [29, 156] 

and brown fat detection [161, 162] rely on the growth of signals with a fat component 

and are thus improved by better refocusing. In general, multi-pulse echo sequences have 

the potential to significantly improve the signal in multiple quantum sequences. More 

specifically, the pulse spacings can be modified to optimize refocusing of the chemical 

shifts and J-couplings in fat, where the degree of refocusing can be tailored to specific 

types of fats. To determine the optimal time delays, computer simulations of a fat-like 

molecule will be used to explore the UDD and CPMG timings (by changing the echo 
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time or number of π pulses) for a 10-spin system, including effects of stimulated echoes 

due to imperfect π pulses. These results will be compared to localized spectroscopy and 

imaging of excised fatty tissue. 

7.3 Methods 

7.3.1 Simulations 

All simulation work was performed using Matlab software (Mathworks, Inc.). 

The density matrix evolution        [145] in systems involving 10 spins was simulated 

under the effects of various sequences, including the conventional spin echo (SE), double 

spin echo (DSE), CPMG and UDD with 4, 8 and 16 pulses (full code available in 

Appendix A). The input parameters for the simulation program were the number of 

spins (N), the proton chemical shifts and respective J-couplings, the sequence type and 

number of pulses, and the echo time. The magnetic field strength was 7.05 T for all 

simulations unless otherwise noted. The chemical shifts and J-couplings were used to 

create the Hamiltonian operator, which is a 2N x 2N matrix. All calculations were 

performed in the Hamiltonian eigenbasis, which was converted to the Zeeman basis to 

detect the final signal                                     . Only the signal from the final 

echo was acquired for all simulations. For these simulations, T2 relaxation was ignored. 

Moreover, all pulses were assumed to be instantaneous and produce exact 90° and 180° 

rotations. Simulations were also performed for the UDD and CPMG sequences with 170° 

and 175° pulses, which were averaged over a Gaussian resonance offset (FWHM = 1600 
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Hz), to determine the effects of stimulated echoes due to flip angle errors. In these 

simulations, 41 time points from immediately after the final 180 pulse to two times the 

final delay were acquired. The effects of crusher gradients were not considered in the 

simulations of stimulated echoes. 

Simulations were performed on 1-pentene (CH3CH2CH2CH=CH2) (10-spin 

system), which was chosen as a model for the lipid hydrocarbon chains, as previously 

shown by Stables et al. [175]. The chemical shifts and J-couplings were estimated using 

the incremental method in ChemBioDraw Ultra Version 12.0 (CambridgeSoft 

Corporation, Cambridge, MA) and provided good agreement with previous results [175] 

and high resolution spectra of similar molecules [171, 172]. For these simulations, the 

absolute signal at the peak of the echo was determined for each sequence and TE, and 

the signal was normalized to the signal immediately after a 90° pulse.  

For the simulations of a fat-like molecule, each resonance frequency (A through 

J) in the fat spectrum was used once for the chemical shifts inputs (for a total of 10 

spins), while the J-couplings were estimated from comparisons of literature values [163, 

166, 173, 197], experimental 1D and 2D spectra, and spectral simulations using the 

incremental method in ChemBioDraw Ultra Version 12.0 (CambridgeSoft Corporation, 

Cambridge, MA) (Table 3). The final signal had significant splitting due to J-couplings, 

and line broadening was used to produce spectra that matched the experimental results. 

Finally, to obtain the correct intensities, each frequency was multiplied by the number of 
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spins corresponding to that resonance in a typical fat molecule (see Table 3 for 

weighting factors).  

7.3.2 Samples and Scan Parameters 

All animal studies were performed in accordance with National Institutes of 

Health (NIH) Institutional Animal Care and Use Committee protocols as approved by 

Duke University. The obese mice were obtained from Jackson Laboratories (Bar Harbor, 

ME). Human breast tissue was obtained from anonymous healthy female patients 

undergoing breast reduction surgery. Institutional Review Board exemption was 

obtained for the use of human tissue.  

DSE (double spin echo), CPMG, and UDD sequences were used. For in vivo 

mouse imaging, the mouse was placed in a supine position, and axial slices through the 

abdomen or tumor were selected. For the human breast tissue, approximately 100 g of 

tissue was placed in a 50 mL centrifuge tube, which was used for the imaging. All MRI 

data was acquired on a Bruker 7.05 T (1H: 300.5 MHz). Only the final echo was acquired 

for each pulse sequence, allowing fair comparisons between sequences of the same TE. 

Pulse positions for each sequence were calculated according to the aforementioned 

equations and are shown in Figure 42. For the images, a 2 mm axial slice was selected 

with a 40 mm x 40 mm FOV and 128 x 128 matrix size. Images were acquired with a TR 

of 1.5 s and 8 averages unless otherwise indicated. A 1 ms Hermite 90° pulse was used 

for excitation, and 1 ms hyperbolic secant (sech) 180° pulses were used for refocusing. 
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Adiabatic pulses (such as sech) have significantly better RF homogeneity than 

conventional pulses but must be applied in identical pairs to compensate for the induced 

non-linear phase of the transverse magnetization, where the phase reversal depends 

only on the formation of an echo and not on the individual delays [150, 151, 198]. Slice 

selection was achieved with an extra 2 ms Hermite 180 pulse after the sequence (as 

discussed below). To reduce the effects of stimulated echoes, all 180 pulses were flanked 

by crusher gradients in different directions.  

All images were processed using ImageJ (NIH, Bethesda, MD) and Matlab 

software (Mathworks, Inc.).  

7.4 Results 

7.4.1 Simulation Results 

Figure 44a shows the CPMG and UDD magnitude signals (relative to the FID 

signal) for 1-pentene for a range of echo times. CPMG is shown in blue; and UDD is 

shown in red; simulations with 4, 8 and 16 pulses are shown on the left, middle, and 

right, respectively. The insets (below) show the typical experimental regime with echo 

times from 40 to 150 ms. As the number of pulses increases for each echo time, the 

interpulse spacing decreases. While the differences between CPMG and UDD seem 

small, the colorbar at the top of each graph showing the subtraction (UDD – 

CPMG)/CPMG (%) shows significant differences between CPMG and UDD for the range 
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of echo times. The optimal sequence timing (UDD or CPMG) depends strongly on the 

echo time and reflects differences in the chemical shift and J-coupling refocusing.  

 

Figure 44: a: Simulated echo signal for 1-pentene under spin echo (SE) and CPMG and 

UDD sequences with 4, 8 and 16 pulses, normalized to the FID signal. The inset 

regions (bottom) show the typical experimental TE regime, from 40 ms to 150 ms. J-

couplings cause the signal to drop quickly (to ~10% after 45 ms), with subsequent 

signal oscillations. The colorbar shown across the top of each graph shows the 

subtraction (UDD-CPMG)/CPMG. b: Simulated echo signal for 1-pentene under 

CPMG8 and UDD8 sequences using the timing of the experimental imaging 

sequence. The CPMG and UDD timings are calculated using the given TE, but there 

is an extra π pulse after the final 180 to provide slice selection and an extra 10 ms of 

evolution time. The inset region (right) shows the typical experimental TE regime, 

from 40 ms to 150 ms, and the colorbar indicates (UDD-CPMG)/CPMG. 
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Experimentally (where the minimum echo time depends on pulse lengths, 

crusher gradients, and acquisition time), we have proposed a modification to the UDD 

and CPMG sequences that permits significantly shorter echo times: the placement of an 

extra echo pulse after the CPMG or UDD module to permit both slice selection and 

significantly shorter echo times (5 ms of evolution time was added before and after the 

pulse as well).  Using this modified sequence, minimum echo times for the UDD 

sequence were 15 ms for 4 pulses, 35 ms for 8 pulses, and 145 ms for 16 pulses. 

Simulations of 1-pentene under this pulse sequence for UDD8 and CPMG8 (Figure 44b) 

show that the signal drops off quickly, while the optimal sequence timing again depends 

strongly on the total echo time (and thus interpulse spacing).  

Even for a single spin, contributions from spurious pathways are highly probable 

in the CPMG and UDD sequences (which, without special care, manifest experimentally 

as banding artifacts in the UDD images). As a result of the unequal pulse spacings of the 

UDD sequence, its stimulated echoes refocus both before and after the primary echo. 

These extra echoes generally interfere with the primary echo in image space, producing 

bands of constructive and destructive interference in the resulting image. Conversely, in 

the CPMG sequence, they are refocused concurrently with the primary echo and lead to 

images with enhanced intensity. 

While the CPMG signal for a single-spin system will be increased due to 

stimulated echoes, the behavior is less certain when there are multiple spins and J-
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couplings. In these cases, stimulated echoes and J-coupling may combine to decrease the 

signal at the peak of the CPMG echo but to increase the UDD signal (although the 

opposite may also be true). The simulated signal for 1-pentene using CPMG8 and UDD8 

sequences with pulse flip angles of 180° (perfect), 175°, and 170° for a range of echo 

times are shown in Figure 45. The UDD echo appears earlier after the final pulse as a 

result of the shorter last delay compared to the CPMG sequence, and the different 

CPMG and UDD timescales should be noted (in other words, both the CPMG and UDD 

echoes are equally sharp). For perfect 180° pulses, the UDD8 signal is only higher than 

the CPMG8 signal for echo times between 80 and 120. However, for imperfect pulse flip 

angles (175° and 170°), the optimal sequence echo times shift, and the signal vs. time 

behavior for CPMG8 and UDD8 are complicated by both the stimulated echo and J-

coupling modulation effects. 
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Figure 45: Simulated echo signals for 1-pentene with 180° (perfect; black) pulses, 175° 

pulses (blue), and 170° pulses (red). The different x-axis timescales for CPMG and 

UDD should be noted, which results from the shorter final UDD delay. The shorter 

TEs tend to favor the CPMG sequence, while the UDD sequence is favored at the 

longer TEs. This is also reflected in the image, normalized to the CPMG signal 

(bottom right). Even minor (<10%) RF inhomogeneity leads to significant changes in 

the optimal sequence for a given TE. 

Simulations of a typical fat molecule were also performed by simplifying the fat 

molecule (shown in Figure 43a) to a single proton for each individual chemical shift (for 

10 simulated spins) and then post-multiplying the final signal by the number of protons 

(approximately 130 actual spins) corresponding to each chemical shift. The simulated 

spectra of a fat molecule under the CPMG8 (in blue) and UDD8 (in red) sequences for a 

range of echo times are shown in Figure 46. These spectra show that the shortest echo 

times do not always have the highest signal intensity (T2 relaxation has been ignored), 

and that the signal intensities oscillate with echo time. Moreover, the optimal signal for 

each resonance depends on the pulse sequence and total echo time, both of which relate 
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to the interpulse spacings. Additionally, no single sequence type or echo time provides 

the optimal signal for all resonances.  

 

Figure 46: Simulated CPMG8 and UDD8 spectra of a fat-like molecule for a range of 

echo times. UDD8 is shown in red and CPMG8 is shown in blue. The left shows UDD 

plotted on top of CPMG; the right shows CPMG plotted on top of UDD. 

7.4.2 Experimental Results 

The simulations show that the refocusing of fat depends strongly on the 

sequence type and total echo time (and thus on the interpulse delays). Spectroscopy can 

be used to determine which resonances are optimally refocused for a given sequence 

and TE. Using a tube of vegetable oil as a simplified fat system, Figure 47 shows the 

spectroscopy results from a voxel-selective modified PRESS sequence (eight selective 
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pulses – three on the read direction, three on the phase direction, and two on the slice 

direction) with the CPMG (blue) and UDD (red) timings. The left side of the figure 

shows the resonances that the CPMG sequence refocuses better than the UDD sequence, 

while the right side shows resonances that the UDD sequence refocuses better than the 

CPMG sequence for a range of echo times from 40 ms to 120 ms. For the A methyl peak, 

the CPMG and UDD sequences provide approximately equal refocusing for TEs 60 and 

80 ms; CPMG is better than UDD for TEs 40, 90, and 100 ms; and UDD is better than 

CPMG for TEs 50, 70, 110, and 120 ms. For the B methylene peak, the CPMG and UDD 

sequences provide approximately equal refocusing for TEs 40 and 60 ms; CPMG is better 

than UDD for TEs 60, 90, and 100 ms; and UDD is better than CPMG for TEs 50, 70, 80, 

110, and 120 ms. For the C methylene, D allylic, and E methylene peaks, the UDD 

sequence provides more refocusing than the CPMG sequence for all TEs shown. For the 

F diallylic peaks, the UDD sequence provides more refocusing than the CPMG sequence 

for the TEs less than 90 ms, while CPMG provides more signal for the longer TEs. The G 

and H peaks correspond to the glycerol backbone protons (along with the I proton, 

which was not observed here) and had too little signal intensity to easily discern the 

optimal sequence. The J olefinic peaks had approximately equal refocusing for the 

CPMG and UDD sequences for TEs 90, 100, 110, and 120 ms; CPMG provides better 

refocusing than UDD for TEs 40, 50, and 60 ms; and UDD is better than CPMG for TEs 
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70 and 80 ms. Improved refocusing of the individual resonances will be advantageous 

for iMQC imaging applications.  

 

Figure 47: CPMG8 and UDD8 localized spectroscopy of a tube of vegetable oil for a 

range of echo times. UDD8 is shown in red and CPMG8 is shown in blue. The left 

shows UDD plotted on top of CPMG; the right shows CPMG plotted on top of UDD. 

The strong signal dependence on the sequence type and total echo time, both in 

the simulations and spectroscopy, illustrates the importance of the wide range of 

chemical shifts and J-couplings [163] (Figure 43b); however, one can consider other 

mechanisms that could affect the signal refocusing, such as highly structured tissue 

morphology of fat leading to diffusion and exchange effects. To separate the chemical 

and tissue structure effects, we compared the CPMG and UDD images for oil and fat to 
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elucidate the predominant mechanism for refocusing. Fat and oil have similar spectral 

characteristics, but oil lacks fat tissue microstructure. More specifically, similar signal 

characteristics for oil and fat would indicate that the chemical shifts and J-couplings are 

the predominant mechanism for signal refocusing, while different signal characteristics 

would indicate that the microstructure is the predominant mechanism. Moreover, this 

would allow us to determine whether vegetable oil is a fair test system for fat. Figure 48a 

compares the UDD and CPMG images for oil and fat and shows that the optimal 

sequence depends little on the microstructure, whereas the chemical shifts and J-

couplings likely play a large role. This can also be seen in Figure 48b for a wider range of 

echo times. The refocusing of fat depends strongly on the echo time and thus on the 

interpulse delays, which results predominantly from chemical structure effects (with 

some contribution from tissue microstructure). Additionally, the similar characteristics 

show that vegetable oil can be used as a test system for fat. Careful timing of the 

interpulse delays should provide a mechanism to refocus more of these chemical shifts 

and J-couplings and thereby increase the signal.  



 

135 

 

Figure 48: a: Normalized subtraction images [(UDD8 – CPMG8)/CPMG8] for excised 

mouse fat and vegetable oil for several echo times. The oil and fat images have 

similar signal characteristics, which are due to chemical structure effects (as opposed 

to microstructure).b: Comparison of CPMG8 and UDD8 signal intensities for excised 

mouse fat and vegetable oil for a range of echo times (35 ms to 115 ms). 

Figure 49 shows the imaging results for CPMG8 and UDD8 in excised human 

breast tissue (top) and a post-mortem obese mouse (bottom) for several echo times. 

These images show that the optimal echo time for fat is different for CPMG8 and UDD8, 

where UDD8 outperforms CPMG8 at the shorter echo time (35 ms) and CPMG8 

outperforms UDD8 at the intermediate echo time (50 ms), with about equal signals for 

UDD8 and CPMG8 at the longer echo time (80 ms). Moreover, the optimal signal 

depends on the pulse sequence and total echo time, indicating the importance of the 

interpulse spacings on the refocusing of the chemical shifts and J-couplings.  
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Figure 49: a: Subtractions images for UDD8 – CPMG8 of excised human breast tissue 

(top) and obese mouse fat (bottom) for three TEs. b: DSE, CPMG8, UDD8, CPMG16, 

and UDD16 images of excised human breast fat at TE = 120 ms. All CPMG and UDD 

sequences are better than the DSE sequence at this TE. However, CPMG8 is better 

than UDD8, while UDD16 is better than CPMG16 for refocusing the fat signal. 

One goal in optimizing the pulse sequence and echo time for fat refocusing is to 

apply these results to iMQC imaging of fat. Using the UDD8 and CPMG8 sequences 

following the iDQC-CRAZED [11, 14, 15, 20, 67] sequence on a tube of oil (which can be 

used as a simple model for fat chemical structure refocusing), we can determine the 
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optimal sequence and echo time. More specifically, Figure 50 shows the oil tube 

subtraction images for (iDQC_UDD8 – iDQC_CPMG8)/iDQC_CPMG8 for a range of TEs 

from 40 ms to 120 ms. Similar to the simulations and conventional imaging results, the 

optimal signal refocusing depends on the echo time and sequence. Here, the CPMG and 

UDD sequences provide approximately equal refocusing for TE = 80 ms; CPMG is better 

than UDD at TEs 40, 90, 100, and 110 ms, and UDD is better than CPMG at TEs 50, 60, 

70, and 120 ms. The combination of simulations, spectroscopy and imaging permits the 

optimization of refocusing for fat under various pulse sequences and echo times; 

moreover, the optimal refocusing of fat will aid in iMQC imaging applications.  
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Figure 50: a: Normalized subtraction images [(DQ_UDD8 – 

DQ_CPMG8)/DQ_CPMG8] for a tube of vegetable oil for a range of echo times. 

Similar to the conventional images, the optimal signal for iDQC followed by UDD8 

or CPMG8 shows a strong dependence on the echo time. b: Comparison of 

DQ_CPMG8 and DQ_UDD8 signal intensities for a tube of vegetable oil for a range 

of echo times (40 ms to 150 ms). 
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7.5 Discussion 

The simulation results show that the signal intensity resulting from the CPMG 

and UDD sequences depends strongly on the echo time and thus interpulse delays, 

which reflects differences in the refocusing of J-couplings.  Using simulations of 1-

pentene, the important parameters for refocusing are the chemical shift difference and J-

coupling constant, as well as the sequence and total echo time (both of which determine 

the interpulse spacings). With the strong J-coupling of 1-pentene (and thus fat), the 

initial signal intensity decreases quickly, with oscillations and periodic signal 

recurrences. As shown previously [174, 175], as the chemical shift difference decreases, 

the J-coupling becomes less effective at dephasing the lipid signal. Thus, at lower 

magnetic fields (corresponding to smaller chemical shift difference frequencies), the 

dephasing ability of the J-coupling is significantly reduced (although the J-coupling 

constants result from the molecular magnetic properties and thus do not depend on the 

external magnetic field). Simulations of the pulse sequence used for the UDD8 and 

CPMG8 imaging experiments show that the signal drops off quickly, while the optimal 

echo time depends strongly on the total echo time (and thus interpulse spacing). 

Moreover, stimulated echoes resulting from imperfect refocusing pulses complicate the 

signal behavior for the different sequences. Even for relatively small pulse flip angle 

errors, the signal changes dramatically (most notably for CPMG8 at TE = 150 ms and 

UDD8 at TE = 60 ms). The optimal sequence timing (UDD or CPMG) depends strongly 
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on the chemical shift differences, echo times, and J-couplings, indicating the lack of a 

global optimum for refocusing. 

Using a tube of vegetable oil as a model system for fat, spectroscopy was used to 

determine which resonances are optimally refocused for a given sequence and TE. The 

refocusing of each peak was found to depend strongly on the TE and sequence; in other 

words, neither sequence can optimally refocus all resonances at all TEs. While the 

simulations show the importance of the wide range of chemical shifts and J-couplings, 

other mechanisms should also be considered, including the highly structured tissue 

morphology of fat leading to diffusion and exchange effects. Comparisons of CPMG and 

UDD images for oil and fat revealed that the refocusing of both samples predominantly 

results from chemical structure effects (with some contribution from tissue 

microstructure). Images were acquired using the CPMG8 and UDD8 sequences for a 

range of echo times in a post-mortem obese mouse and excised human breast tissue. In 

both fat samples, the optimal signal depended on the pulse sequence and total echo 

time, indicating the importance of the interpulse spacings on the refocusing of the 

chemical shifts and J-couplings. Similarly, iMQC images of vegetable oil were acquired 

and show significant differences in refocusing between the CPMG and UDD sequences 

(applied after the iDQC sequence) for different echo times. The addition of these 

multipulse echo sequences after the iDQC sequence provides time for the signals to 

grow in. The combination of simulations, spectroscopy and imaging permits the 
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optimization of refocusing for fat under various pulse sequences and echo times; 

moreover, the optimal refocusing of fat will aid in iMQC imaging applications. 

There are some limitations of this study. Although the simulated and 

experimental results are qualitatively similar, they are quantitatively different and can 

only show which mechanisms and parameters will affect the signal. Most of the 

simulations (with the exception of Figure 44b) lacked an extra π pulse and 10 ms delay 

present in the imaging sequences, and this could be a major source of discordance 

between the simulated and experimental results. While 1-pentene can provide some 

insight into the behavior of fat spins under multipulse echo sequences, it can only model 

the spin topology for the last few protons in the lipid chain and cannot yield any 

information for the other spins. The 10-spin simulation of the fat-like molecule makes 

several assumptions and simplifications, and we lack precise knowledge of the coupling 

constants, which were estimated from known hydrocarbon chains and using 

incremental method software. Moreover, the effects of J-coupling may be altered to 

various degrees by stimulated echoes, which we account for in the simulations, or by 

diffusion, chemical exchange effects, or coherence transfer cross-relaxation phenomena, 

which are not accounted for in the simulations [175, 179]. In addition, the simulations 

ignore all relaxation effects, including the known differential relaxation rates between 

protons in the hydrocarbon chain. Experimentally, vegetable oil is not a perfect model 

for fat. Over 90% of human fat is composed of seven fatty acids (which have different 
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carbon chain lengths and numbers of double bonds); the predominant fatty acids are 

oleic (45-50%), palmitic (19-24%), and linoleic (13-15%), with the remaining mystiric, 

palmitoleic, stearic, and linolenic fatty acids accounting for another 13-18% [163]. While 

vegetable oil can also contain these fatty acids, the composition of oil is different. Strictly 

speaking, the pulse repetition rate may not fall in the strong coupling (fast pulse) limit, 

especially for the longer echo times. However, an intermediate regime may exist 

between the strong and weakly coupled limits [175], and in fact, the UDD sequence 

results may be more difficult to interpret because of the changing interpulse delays 

(which are shorter at the beginning and end and longer in the middle of the sequence, as 

opposed to CPMG that has equidistant spacing between pulses).  Finally, the effect of 

the strong coupling Hamiltonian depends on the offsets and chemical shifts [180, 199], 

further complicating the comparisons between the simulation and experimental results.  

7.6 Conclusions 

We have demonstrated through density matrix simulations and experiments 

using an oil phantom and fatty tissue samples that J-couplings play a significant role in 

refocusing fat under multi-pulse echo sequences. Moreover, comparisons of oil and fat 

images reveal that microstructure, which includes the effects of diffusion and exchange, 

likely plays a negligible role in the refocusing, while the chemical structure and J-

couplings are the predominant mechanism for refocusing. Density matrix simulations 

can be used to optimize the signal refocusing for a particular echo time or resonance. 
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The experimental results on vegetable oil provided good agreement with the 

simulations of 1-pentene, where the signal intensity depends on the sequence and 

number of pulses, as well as total echo time. These results show that the conventional 

equally-spaced CPMG sequence is not the global optimal timing, although the optimal 

timing to refocus J-couplings may not be the UDD sequence either. The simulation, 

spectroscopy, and imaging results will enable the tailoring of specialized pulse 

sequences with optimized interpulse delays aimed at improving the refocusing of the fat 

signal. This increased fat signal will ultimately prove useful for iMQC applications that 

rely on the growth of signals with a fat component. 
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8. Future directions for UDD sequence 

8.1 Synopsis 

The previous three chapters showed the current state of UDD developments in 

magnetic resonance. Multipulse echo sequences are advantageous for suppressing spin 

dephasing (T2 relaxation), especially in tissue where diffusion and susceptibility effects 

lead to relatively slow resonance frequency fluctuations. The most common multipulse 

echo sequence is the CPMG sequence, which has been used in MR for over 50 years and 

features equally spaced pulses. Although the UDD sequence was originally derived to 

reduce decoherence in qubits for quantum computing, we have applied these unequal 

pulse spacings to MRI with astonishing results – equal pulse spacings are not always 

better! Moreover, we showed that chemical structure effects due to J-couplings 

contribute to the dynamics under multipulse echo sequences, which becomes significant 

in highly coupled systems such as fat. The work on multipulse echo sequences is far 

from complete, and here we outline future directions for these sequences and others.  

8.2 Optimize sequence delays for given fat application/echo time 

Although the results presented here have focused on the UDD and CPMG 

sequences, it is not obvious that either of these sequences provide the optimal refocusing 

in tissue for a given application. Different tissues will have varying degrees of J-coupling 

(from highly coupled in fat to no coupling in water) and frequency fluctuations due to 

microstructure (leading to differences in the spectral density, J()). While the UDD 
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sequence was optimized for a model of relaxation unrelated to magnetic resonance, the 

optimal timing for the type of resonance frequency fluctuations found in vivo may be a 

further modification of the timing. The quantum computing literature provides insight 

into many different sequences, and there are a seemingly endless number of possible 

pulse sequence arrangements.  

Many methods for suppressing relaxation (i.e., reducing decoherence in the 

quantum computing literature) have been introduced both in magnetic resonance [109, 

110, 144, 145, 200-203] and quantum computing [114-124, 129-140, 204-214]. In addition 

to the UDD, CPMG, and spin echo sequences, several other dynamic decoupling 

schemes have been introduced in quantum computing to preserve qubit lifetimes, 

including the periodic dynamic decoupling (PDD) sequence [125, 128]: 

 
   

 

   
 [8.1]  

and concatenated dynamic decoupling (CDD) sequence [125, 127, 128]: 

                
 

 
            

 

 
     [8.2]  

As a further modification to the sequence timing, an embedding scheme, such as UDD 

embedded in CPMG or vice versa, may provide improved refocusing for the same total 

number of pulses. For example, two 4-pulse UDD (UDD4) sequences can be embedded 

in a DSE sequence for a total of 8 pulses. Effectively, this is equivalent to two back-to-

back UDD4 sequences, each with half the total echo time. However, embedding schemes 

such as four DSE sequences embedded in a UDD4 sequence (which also has 8 total 
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pulses) involve a more complicated sequence of timings with the first and last DSE 

sequences having a shorter echo time than the second and third DSE sequences. The 

timings for the spin echo, CPMG, UDD, PDD, CDD, and embedded UDD sequences are 

shown in Figure 51. Comparisons of the UDD sequence to the other dynamic decoupling 

schemes previously showed that the UDD sequence generally provides improved 

suppression of decoherence [125], but the systematic application of these sequences to 

relaxation in magnetic resonance has not been studied.  

 

Figure 51: Multipulse echo sequences. Top to bottom; DSE (n = 2); CPMG16, UDD16, 2 

UDD8 embedded in DSE (n = 16), 4 UDD4 embedded in CPMG4 (n = 16); CPMG5, 

UDD5, CDD5, PDD5; CPMG10, UDD10, and CDD10. 

The concatenated dynamic decoupling (CDD) sequence [125] in Equation 8.2 was 

tested using the 3rd and 4th orders of concatenation (corresponding to 5 and 10 pulses, 
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respectively). As shown in Figure 52 for a post-mortem obese mouse, there are little to 

no gains obtained by using the CDD10 sequence compared to the CPMG10 and UDD10 

sequences. Moreover, for the CDD sequences, the pulse number grows exponentially, 

where even the 5th order of concatenation requires 21 pulses. The periodic dynamic 

decoupling (PDD) sequence was also compared to the CDD5, CPMG5, and UDD5 

sequences. The PDD sequence requires an odd number of pulses to properly refocus the 

echo. In addition, the toggling-frame Hamiltonian [144] of the PDD sequence is not 

symmetric, and thus, the odd derivatives of the Hamiltonian are not zero (as is the case 

for the symmetric sequences). In addition, adiabatic pulses (which must be given in 

pairs) cannot be used (conventional Hermite pulses were used). As shown in the bottom 

row of Figure 52, the CPMG5 sequence performs better than the dynamic decoupling 

(UDD5, PDD5 and CDD5) sequences.  

 

Figure 52: CPMG, UDD, CDD and PDD sequences on a post-mortem obese mouse. 

Top: CPMG10, UDD10, and CDD10 sequences. The CDD sequence does not improve 

refocusing over the CPMG and UDD sequences. Bottom: CPMG5, UDD5, CDD5 and 

PDD5 sequences. CPMG provides optimal refocusing for an odd number of pulses. 
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Finally, an embedding scheme was developed, where UDD or CPMG sequences 

were embedded in other UDD or CPMG sequences. For the same total echo time and 

number of pulses, these embedding sequences may be used to provide improved 

refocusing. More specifically, for 8 pulses, CPMG8 and UDD8 images were compared to 

those of two UDD4 sequences embedded in a DSE sequence and of four DSE sequences 

embedded in a UDD4 sequence. For 16 pulses, images for CPMG16 and UDD16 were 

compared to two UDD8 sequences embedded in a DSE sequence; to four UDD4 

sequences embedded in a CPMG4 sequence; to four UDD4 sequences embedded in a 

UDD4 sequence; to four CPMG4 sequences embedded in a UDD4 sequence; and to eight 

DSE sequences embedded in a UDD8 sequence. Moreover, a second level of embedding 

(for 16 total pulses) was achieved by embedding eight DSE in two UDD4 sequences 

embedded in a DSE sequence. As shown in Figure 53 for excised human breast fat and a 

post-mortem obese mouse, the greatest gains in signal were obtained for the 8-pulse 

embedding schemes compared to CPMG8 and UDD8. In addition, small signal gains 

were observed using 16-pulse embedded sequences, with the greatest gains coming 

from the second level of embedding.  
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Figure 53: Embedded pulses sequences applied to a post-mortem obese mouse. The 

greatest signal gains were obtained for the 8-pulse embedding schemes compared to 

CPMG8 and UDD8; moreover, the same amount of signal could be obtained with half 

as many pulses. Small signal gains were observed using the 16-pulse embedded 

sequences, with the greatest gains coming from the second level of embedding.  

Although these sequences were tested on a highly J-coupled sample (fat), it may 

be interesting to apply them to other tissues, such as normal tissue, brain, and tumor. In 

particular, tumor tissues have very different microstructural characteristics, and the 

various sequences timings may provide new contrast in those applications. We showed 

in Chapter 7 that the J-couplings lead to extremely complicated echo modulations, and it 

is not surprising that the CDD and PDD sequences did not provide improvements over 

CPMG and UDD. The embedding sequences are an interesting result that should be 

further investigated. In addition, we developed a 10-spin simulation program, as 

discussed in Chapter 7, that can simulate the signal after an arbitrary pulse sequence. At 
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present, the program is setup to simulate CPMG and UDD sequences with different 

numbers of pulses and echo times, but this can be easily extended to other sequences. 

Using this simulation program, the delays in these multipulse echo sequences can be 

thoroughly investigated and optimized. This would increase the sensitivity for iMQC 

applications that involve fat because iMQCs grow in with time.  

8.3 Spectral editing 

In addition to simulations of fat-like molecules and other hydrocarbon chains (1-

pentene), the 10-spin simulation program could be used to simulate any molecule with 

up to 10 spins (more spins are possible, although memory and computational time may 

be problematic). Although water and fat are two of the most prominent sources of 

proton signal, there are also many proton-containing metabolites in vivo that may be of 

interest. These include N-acetylaspartate (NAA), γ-aminobutyric acid (GABA), 

aspartate, choline (Cho), citrate, creatine (Cre), glutamate, glutamine, glutathione, 

lactate, phosphocreatine, phosphorylcholine, and taurine. Most of these have chemicals 

shifts between 1 and 5 ppm; at 1.5 T, this corresponds to about 260 Hz. The normal 

linewidths in vivo for clinical scanners are around a few Hz, and spectral overlap 

remains a significant problem [215]. The ability to resolve specific resonances in vivo is 

highly desirable. Although methods based on multidimensional spectroscopy [216, 217] 

and model fitting [218] have been used to separate the various resonances, the method 

proposed here is based on spectral editing: selectively enhancing certain peaks while 
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reducing the signals for other undesirable peaks. Spectral editing methods often use the 

relaxation times T1 and T2 or chemical structure (chemical shift and J-coupling) [215].  

As discussed in Chapter 7, the signal refocusing under multipulse echo 

sequences depends strongly on the chemical structure; this may lead to a potential 

method to selectively edit for specific resonances. To test the UDD and CPMG sequence 

potential for spectral editing, we first simulated a hypothetical strongly coupled A3B2 

spin system. Figure 54 shows the signal intensities as a function of TE for the 8-pulse 

UDD (red) and CPMG (blue) sequences on the A3B2 spin system, where     is varied 

from 0.083, 0.167, 0.333, and 0.667 ppm (corresponding to 25, 50, 100 and 200 Hz, 

respectively, at 7 T) and     is 4, 8, and 16 Hz from top to bottom, respectively. The 

figures on the left are simulated at a field strength of 7 T, while the figures on the right 

are the same chemical shifts at 1.5 T (corresponding to 5.3, 10.6, 21.3, and 42.6 Hz, 

respectively). As the J-coupling increases, there is a faster decline in the initial signal 

intensity, with significant oscillations (and periodic signal recurrences for stronger J-

coupling). These effects will obviously depend strongly on the magnetic field strength, 

where the same chemical shift differences have much smaller frequency differences. For 

the smallest frequency differences (at 1.5 T), signal coherence is maintained for even the 

longer echo times, while J-coupling is not as effective at reducing the signal intensity. 

Moreover, the refocusing also depends somewhat on the magnetic field strength 
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through the chemical shifts (although the J-coupling constants result from the molecular 

magnetic properties and thus do not depend on the external magnetic field). 

 

Figure 54: Effects of UDD and CPMG sequences for a hypothetical strongly coupled 

A3B2 system at 7 T (left) and 1.5 T (right). The chemical shift differences are 0.083, 

0.167, 0.333, and 0.667 ppm with J-couplings of 4, 8 and 16 Hz. 

The UDD sequence may prove useful to selectively enhance or reduce signal 

from certain molecules. We can simulate these specific molecules to determine the 

optimal sequence and timing for a given application and field strength. The two 
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metabolites considered here are choline and citrate, and lipid is also considered as a 

target for suppression. These molecules were chosen because choline can be used to 

detect breast tumors [219] and citrate is a potential biomarker for prostate cancer [177]. 

In the breast, the detection of choline can be confounded by the overwhelming lipid 

signals. In contrast, detection of the strongly coupled citrate resonance (J = 16 Hz) would 

be aided by removing the creatine and choline resonances (at 3-3.3 ppm) and lipid 

resonance (at 1.3 ppm). Previous methods for citrate spectral editing have used DSE-

type sequences with varied interpulse delays and difference spectra to remove 

unwanted resonances [177]. These three molecules were simulated at different field 

strengths (1.5, 3, and 7 T), as shown in Figure 55.  

 

Figure 55: Simulations of choline (top), lipids (middle), and citrate (bottom) at 1.5 

(left), 3 (center), and 7 T (right) under CPMG, UDD and DSE sequences.  
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From these results, we see vastly different signals for the three molecular species. 

The characteristic echo modulations for lipid signals (simulated here as 1-pentene) lead 

to rapid drop-off of the signal, while the choline and citrate results depend strongly on 

the field strength, sequence, and echo time. These and other simulations can provide 

insight into the optimal pulse timing schemes for spectral editing of various resonances.  

8.5 RARE-type imaging applications  

The CPMG sequence is often used to acquire multiple echoes simultaneously, 

which speeds up the acquisition time and improves T2 contrast. Unfortunately, the 

unequal pulse spacings of the UDD sequence (plus the use of adiabatic pulses here) 

make acquiring multiple echoes substantially more complicated. In addition, each echo 

in the CPMG sequence sees a symmetric sequence because of the equal pulse spacing; 

this is not the case in the UDD sequence. Only the 1st,      
  

, and  th echoes for n-pulses 

see symmetric sequences, and we typically only acquire the nth echo (for both UDD and 

CPMG). As we discussed in Chapter 5, sequence symmetry is important to zero the odd 

derivatives of the Hamiltonian. This is one reason we almost never choose an odd 

number of UDD pulses, which also precludes the use of adiabatic pulses. 

However, the       echo appears at the center of the sequence and can be easily 

acquired in a RARE-style acquisition, leading to a RARE factor of 2. Preliminary results 

were obtained on a tube of vegetable oil using CPMG RARE-2 (normal) and UDD 

RARE-2 sequences, as shown in Figure 56. In each sequence, there were 8 total pulses, 
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with two subunits of 4 pulses each, after which an echo was acquired. All 180° pulses 

were slice selective Hermite pulses. Each echo was separately phase-encoded, and the 

phase encoding was incremented within one echo train to accelerate the acquisition. The 

repetition time was sufficiently long to prevent T1 effects. The echo time (TE) shown is 

the effective TE, after which the       echo was acquired, and was varied between 35 

and 100 ms. This timing was used to determine the CPMG and UDD timings. The final 

echo was acquired at a TE twice the effective TE.  

 

Figure 56: RARE-type CPMG (top) and UDD (center) imaging sequences for various 

effective echo times (TE) on a tube of vegetable oil. The (UDD-CPMG)/CPMG images 

are shown on the bottom (colorscale ranges from +20% to -20 %). 

Similar to the results observed with the normal CPMG and UDD sequences, we 

found that the optimal refocusing sequence depends on the echo time. Even with a 

RARE factor of 2, the acquisition is accelerated, while maintaining the symmetry of the 

UDD sequence. It should be noted that the timing of the UDD RARE-2 sequence is the 

same as the embedded UDD4 in a DSE sequence (as discussed in Section 8.2). Moreover, 

the highly J-coupled oil used here leads to significant echo modulations, and these 

results are consistent with our previous results on fat and oil. These RARE-type 
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sequences may be useful for improving the contrast in other tissues, including normal 

and tumor tissues where relaxation due to spectral density effects is expected to play a 

larger role in the UDD signal refocusing.  

8.5 Spectral density mapping 

The tissue microenvironment leads to significantly altered water diffusion due to 

the periodic presence of semi-permeable membranes (cells) in extracellular medium 

[220]. This diffusion across different tissues leads to fluctuations of the resonance 

frequency on a timescale of a few milliseconds, which can be modeled with a spectral 

density function. More specifically, an autocorrelation function can be defined for 

motion, and this autocorrelation function is related to the microstructure. In free water, 

there are many frequent collisions and little correlation with previous motion (more 

precisely, velocity). This leads to an autocorrelation function that is narrow, and a 

subsequent spectral density that flat over a wide range of frequencies (it only falls off at 

very high frequency) [221]. Conversely, water diffusion in tissue is restricted by various 

structural barriers, which leads to a broadened (and possibly negative) autocorrelation 

function; the corresponding spectral density falls off at low frequencies. The spectral 

density contains information about the number and nature of these barriers and can 

provide a new kind of contrast.  

Previous work probing the spectral density function showed improved contrast 

and spatial heterogeneity, as well as earlier detection of changes after treatment for 
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gliosarcoma in rat brains [221]. In addition, the authors cited the ability to discern 

changes at a subcellular level. Most of these methods utilize gradient waveforms, as 

originally proposed by Stepišnik and others [222-224]. As discussed in Chapter 5, the 

power spectrum dictates the types of frequency fluctuations that can and cannot be 

refocused by the sequence. Using a spin echo or CPMG sequence with specific gradient 

waveforms, the power spectrum (Fourier transform of the time integral of the gradient 

amplitudes) can be carefully varied to probe the spectral density. The typical gradient 

setup used in diffusion MRI has a power spectrum with a wide frequency component 

centered about  = 0, and thus it would not be ideal for spectral density mapping. Spin 

echo sequences with oscillating cosine gradient waveforms can probe specific discrete 

frequencies with no  = 0 component [221], and CPMG sequences with specifically 

placed gradients can provide a similar power spectrum with discrete sampling lobes 

determined by the sequence structure [225].  

These methods probe the spectral density for the velocity autocorrelation 

function; however, there are many other contributions to the resonance fluctuations (and 

thus, the spectral density) in tissue. The CPMG and UDD sequences both refocus static 

contributions of the resonance frequency, but their abilities to refocus fluctuations are 

substantially different. Unlike the CPMG sequences, the power spectrum of the UDD 

sequence is flat around the origin because it was derived by zeroing out as many 

derivatives as possible around the origin ( = 0). As the number of pulses is increased, 
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the UDD power spectrum becomes increasingly flat (thereby refocusing a wider range of 

frequencies) around the origin. By keeping the number of pulses (n) constant and 

varying the total echo time, the range of frequency components that are refocused can be 

adjusted, thereby providing a mechanism to map the spectral density (J()) function. 

More specifically, the width of the zeroed area in the power spectrum shrinks as the 

echo time is increased, and the lower frequency components of the fluctuations in tissue 

are not refocused by the sequence.  

For the CPMG and UDD spectral density mapping, a series of DSE, CPMG8 and 

UDD8 images were acquired with echo times ranging from 33.5 to 150 ms. All scan 

parameters were the same for these images (specifically, TR = 1.5 s and NA = 4). The 

natural log of the signal from each image vs. echo time was fit to a line (using 

exponential least squares fitting [81]), and the resulting slope was used to produce the 

relaxation maps (1/slope in ms). The corresponding R2 maps were created from the 

minimized function in Ref. [81]. Preliminary spectral density (relaxation) maps are 

shown in for a tube of excised human breast fat, along with the corresponding R2 maps.  
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Figure 57: Preliminary spectral density maps (top) on a tube of excised human breast 

tissue and the corresponding R2 maps. 

As discussed above, the dominant mechanism for signal reduction in fat under 

multipulse echo sequences is echo modulations due to J-coupling. Thus, spectral density 

mapping on fatty tissues would not appear to be promising. However, other tissues may 

prove more interesting, such as tumor tissue or the brain. In addition, these results relied 

only on differences in the total sequence length, and no specific gradient waveforms 

were applied (other than crusher gradients). The power spectrum under a combination 

of the UDD sequence with specific gradient waveforms may provide a new type of 

spectral density contrast. 
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8.6 Conclusions 

We have outlined several future directions of the UDD sequence and other 

multipulse echo sequences. These sequences may lead to new kinds of contrast – from 

spectral densities and microstructure to chemical structure. Sequence optimization for a 

given tissue and application can be determined both experimentally and using density 

matrix simulations. These results may lead to insights about the relaxation mechanisms 

in tissue, as well as new sequences for suppressing spin dephasing. While the 

conventional RARE sequences provide increased sensitivity to T2 relaxation, the UDD 

RARE imaging sequence as applied to tumor tissue may lead to different contrast that 

goes beyond T2. Finally, the potential to image spectral densities is an exciting frontier of 

the UDD sequence and may be lead to new information about tissue microstructure. 
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9. Temperature Imaging with iMQCs 

9.1 Synopsis 

Methods to determine functional temperature information in vivo have 

important applications for hyperthermic cancer therapy, and MRI thermometry is 

optimal for noninvasively monitoring temperature. Of the MRI thermometry methods, 

none work well in fatty tissues, such as the breast. In addition, few provide absolute 

temperature measurements and instead rely on a relative temperature scale. 

Intermolecular multiple quantum coherences have the potential to monitor temperature 

in vivo in fatty tissues on an absolute scale. Moreover, this method is insensitive to 

motion and susceptibility effects. Here, we outline the motivations for thermometry and 

discuss the advantages and disadvantages of various MRI thermometry techniques. We 

present a detailed theoretical investigation of the iMQC temperature imaging sequence 

(termed the HOT sequence), including demonstration of the desired spin pathways 

using the product operator formalism.  

9.2 Introduction 

The detection of absolute temperature is one of the most clinically relevant 

measurements, with additional applications in chemistry and materials science. Previous 

studies have shown that in vivo temperature distributions relate to metabolism, immune 

function, and longevity [226]. Localized therapeutic hyperthermia (HT) involves heating 

tissue via laser, microwave, RF, or focused ultrasound and has generated significant 



 

162 

interest for interventional medicine [227-231]. To ensure efficacy and safety of the 

treatments, HT must be monitored in real-time with good spatial and temporal 

resolution and temperature accuracy of less than 1°C [43, 227, 232-235]. 

Therapeutic hyperthermia has applications for cancer treatment and local drug 

delivery using temperature-sensitive liposomes, as well as for treating heart arrhythmias 

and controlling gene therapies [227]. Cancer treatments utilize hyperthermia for both 

tumor ablation via a direct cell killing effect and improvement of radiation and 

chemotherapy via sensitization [236]. Hyperthermia affects the tumor 

microenvironment and blood flow at the tissue level and affects the signaling pathways 

at a cellular level, inducing apoptosis and the ‘heat shock response’, as well as 

disrupting cell cycle regulation and influencing immune response [236]; at a molecular 

level, hyperthermia affects the hydrogen bonding networks and changes the kinetics of 

the hydrogen bonds. Treatment outcome has been shown to correlate significantly with 

the achieved thermal dose [237-243]. Accurate temperature measurements are required 

to deliver clinically relevant heat doses (> 42°C) while limiting heat exposure in normal 

tissues.  

In general, monitoring temperature quickly and accurately in vivo has proven to 

be challenging [232, 239, 244]. Temperature can be monitored with high accuracy using 

thermocouples implanted in the tissue, but this method is invasive and can only monitor 

limited volumes [235]. Moreover, in the case of focused ultrasound to provide HT, 



 

163 

thermocouples can interfere with the deposition of heat [227]. Infrared and microwave-

based temperature measurements have been proposed, although these would be useful 

only for monitoring surface temperatures and lack depth information [245]. Other 

imaging methods including ultrasound and x-rays do not have sufficient accuracy and 

resolution to permit temperature measurements in vivo. On the other hand, several MRI 

methods have been proposed to overcome these limitations and provide non-invasive, 

accurate temperature information in vivo.  

9.3 MRI Thermometry 

MRI is particularly well suited for temperature measurements because many MR 

parameters depend on temperature. MR temperature measurements may be based on 

relaxation rates, diffusion coefficients, or frequency shifts, which are altered under 

heating due to changes in the hydrogen bonding networks. Several MR thermometry 

methods have been proposed. Initial attempts at MR thermometry began in the early 

1980s and focused on the longitudinal relaxation rate (T1) [246] and diffusion coefficients 

[235]. Subsequently, proton resonance frequency (PRF) methods were developed in the 

mid-1990s and are currently favored for many thermometry applications [247]. While 

the PRF method provides good sensitivity combined with high spatial and temporal 

resolution, it fails in both fatty tissues and in areas of high susceptibility [227]. Moreover, 

these methods can only provide relative temperature information, and absolute 

temperature is only available with the use of exogenous contrast agents [248, 249] or 
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spectroscopic imaging [250-252]. In 2008, a method based on intermolecular multiple 

quantum coherences (iMQCs) was developed for quickly and accurately acquiring 

temperature information in fatty tissues and areas of high inhomogeneous broadening 

[29, 156]. This method, called the HOT sequence, relies on the presence of both fat and 

water spins to provide absolute temperature maps in vivo. 

The T1 relaxation rate depends linearly on temperature over a small temperature 

range and arises from molecular exchange processes between bulk water and 

immobilized water associated with protein and membrane surfaces. The relative 

temperature can be calculated as a function of the signal intensity S for a gradient-echo 

sequence as 

          

  
      

    

 

            
                   

  
 

    

 
[9.1]  

where                           and m is the tissue-specific temperature dependence of 

T1. The ‘ref’ subscript indicates the reference temperature, and  is the flip angle. 

However, the temperature dependence is nonlinear over a wider range of temperatures, 

which may be due to coagulation effects. T1-based methods have increased contrast at 

lower field strengths and tend to be fairly insensitive to motion, although imperfect 

image registration can lead to significant temperature errors [227]. Unsuppressed lipid 

signals can confound the temperature information, and the relaxation rates also change 
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with edema, perfusion, necrosis, and other structural changes. Overall, this technique 

has good spatial and temporal resolution but a suboptimal temperature sensitivity of 

approximately 1%/°C.  

Diffusion-based thermometry methods have also been proposed and arise from 

changes in the water mobility in tissues due to cellular barriers. The relative temperature 

can be calculated as 

 
          

     
 

     
 
      

    
  [9.2]  

where k is the Boltzmann constant, T is the absolute temperature,    is the activation 

energy for water molecular diffusion, and   and      are the diffusion constants at 

temperatures   and     , respectively. Since this technique depends on the microscopic 

displacement of water molecules, it is extremely sensitive to motion. This technique also 

suffers from nonlinearity due to changes in the permeability of cellular barriers with 

temperature. The diffusion coefficients also change with edema, perfusion, necrosis, and 

other structural changes. Additionally, diffusion-based methods may be complicated by 

the directionality of water diffusion, which may be highly anisotropic. Lipid diffusion is 

much lower than water diffusion, and thus, unsuppressed lipid signal can lead to errors 

in the temperature measurements. Overall, this technique has good spatial and temporal 

resolution and decent temperature sensitivity of approximately 2%/°C. 
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The proton resonance frequency (PRF) shifts with temperature due to altered 

intermolecular forces in the hydrogen bonding networks of water [227, 247, 253-255].  

The relative temperature can be calculated as 

 
          

            

        
 [9.3]  

where   is the image phase,   is the temperature-dependent chemical shift,   is the 

gyromagnetic ratio,    is the echo time, and    is the field strength. Unlike the 

relaxation and diffusion methods, this technique is insensitive to the tissue type [256]. 

The phase detected in PRF methods changes linearly with temperature. However, in 

vivo heterogeneity due to motion, heating, and drift cause inhomogeneous broadened 

lines. Moreover, even with correction factors and other approximations, errors due to 

temperature-dependent susceptibility gradients are significant and lead to inaccurate 

temperature measurements [254, 257-259]. The PRFs of lipid signals are independent of 

temperature and thus must be suppressed for accurate thermometry. Overall, this 

technique has good spatial resolution, excellent temporal resolution, and good 

temperature sensitivity of approximately 0.01 ppm/°C (3 Hz/°C at 7 T). 

The previously mentioned MR thermometry methods yield temperature 

information via subtractions of a reference image, leading to only relative temperatures. 

In contrast, chemical shift imaging (CSI) can be used to provide absolute temperature 

information. CSI thermometry is similar to PRF methods, but the acquisition of spectral 

information allows for corrections of drift and other inhomogeneities via reference peaks 



 

167 

(such as lipids [260] or metabolites [261]). However, intravoxel inhomogeneity cannot be 

removed, and proper analysis of the spectra can be complicated. Overall, this technique 

has very poor spatial and temporal resolution with average temperature sensitivity, 

although it is capable of providing absolute temperature information.  

Absolute temperature information can also be obtained using exogenous contrast 

agents (CAs). There are two main classes of temperature-sensitive CAs: conventional 

CAs encapsulated in temperature-sensitive vesicles and bistable molecular complexes. 

In the former, temperature information is obtained via exchange processes once the 

temperature exceeds the vesicle phase transition temperature and the encapsulated CA 

is released [249]. The latter CA provides temperature information from a direct, 

temperature-dependent transition from a diamagnetic state to a paramagnetic state 

[248]. These CAs have limited applicability over a wide range of temperatures and are 

most applicable when a threshold temperature must be achieved. 

More recently, the HOT sequence was developed to acquire temperature 

information in fatty tissues and areas of high inhomogeneous broadening or 

susceptibility. The HOT sequence is based on iMQCs and relies on correlated spin flips 

from spatially separated fat and water spins to provide absolute temperature maps [29, 

156]. Although this technique has poor temporal resolution, it is capable of providing 

absolute temperature information with good temperature sensitivity in fatty tissues and 

with little sensitivity to inhomogeneous broadening, drift, susceptibility, and motion. 
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MR thermometry is well developed to provide good spatial and temporal 

resolutions with high relative temperature sensitivity in regions without lipid signal or 

susceptibility gradients. Table 4 compares the various MR thermometry techniques. 

Most notably, PRF thermometry methods are the most common and can provide spatial 

resolution less than 2 mm, temporal resolution better than 1 second, and high 

temperature sensitivity. However, few methods provide absolute temperature 

information, and those that do (excluding the HOT method) require either large voxels 

or exogenous CAs. Moreover, there is significant interest in monitoring temperature in 

fatty tissues such as the breast, where the abovementioned methods fail. For example, 

PRF methods fail in fatty tissues due to both temperature-dependent susceptibility 

gradients and the near-constant chemical shift of lipids over physiological temperatures. 

Magnetic field drift may also be problematic for PRF methods when the hyperthermia 

treatment occurs over long time periods. The HOT method can overcome these 

shortcomings, acquiring absolute temperatures in fatty tissues by relying on correlated 

spin flips from spatially separated fat and water spins [29, 156]. The HOT sequence is 

insensitive to inhomogeneous broadening, susceptibility, drift, and motion. The 

remainder of this chapter will discuss the theory behind the HOT sequence, along with 

demonstration of the temperature imaging capabilities. 
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Table 4: Comparison of MR thermometry techniques. 

 Absolute / 

Relative 

Sensitivity Spatial 

Resolution 

Temporal 

Resolution 

Lipid 

signal 

Linearity Motion 

artifacts 

T1 Relative Poor Good Good Very 

poor 

Poor Average 

Diffusion Relative Average Good Good Very 

poor 

Poor Very 

poor 

PRF Relative Good Good Excellent Very 

poor 

Excellent Average 

CSI Absolute Average Very poor Poor Good Excellent Poor 

CA Absolute Excellent Average Average Average Very 

poor 

Average 

HOT Absolute Good Average Poor Excellent Good Good 

 Adapted from Ref. [227]. 
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9.4 iMQC Thermometry 

A detailed introduction to intermolecular multiple quantum coherences (iMQCs) 

is presented in Chapter 2. This section will focus on the application of iMQCs to 

thermometry.  

From PRF methods, it is known that the water peak moves approximately 0.01 

ppm/°C, while the fat peak is not temperature dependent over a physiologically relevant 

range. Some CSI-based methods use the fat signal as a reference to correct for field drift 

and produce absolute temperatures, but they are marred by intravoxel inhomogeneity 

and low spatial and temporal resolution. Somewhat similarly, temperature is detected in 

the HOT sequence using the iZQC fat-water difference frequency. Unlike CSI-based 

thermometry methods, the HOT sequence is not sensitive to inhomogeneity and has 

improved spatial resolution.  

Intermolecular multiple quantum coherences result from spatially correlating 

two spin flips, one water spin and one fat spin. These coupled spins are typically 

separated by a 40 μm to a few mm, which is substantially smaller than a typical voxel. 

Because this separation is relatively small, both spins experience the same macroscopic 

environment. This means that frequency shifts due to field drift, inhomogeneity, motion, 

and susceptibility are experienced by both spins. Thus, if the spins evolve at the 

difference frequency between water and fat, the resulting iZQC will have a narrowed 

lineshape – even in areas of significant inhomogeneity [262, 263]. Moreover, any 
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temperature changes will affect only the water signal because the fat chemical shift does 

not depend on temperature. Therefore, fat can serve as an endogenous correction factor 

to provide signal that depends only on temperature.  

In the normal iZQC sequence (termed HOMOGENIZED), same spin 

(homomolecular) iZQCs between two fat spins or two water spins dominate the signal, 

while the interesting temperature information is contained in the water-fat difference 

frequency. To remove the uninteresting same spin iZQCs, the HOT (HOMOGENIZED 

with Off-Resonance Transfer) sequence was developed to detect only the different spin 

(heteromolecular) iZQCs. This sequence acquires signal in four acquisition windows: the 

first two contain temperature-sensitive information, while the two final contain chemical 

information. This sequence is shown in Figure 58.  

 

Figure 58: 4-Window HOT sequence timing diagram. 
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Compared to other thermometry methods, the HOT sequence has several 

advantages. One such advantage is that iZQCs are intrinsically insensitive to 

inhomogeneities and magnetic field drift [262, 263], whereas PRF methods are 

particularly affected by inhomogeneity. Although spin echoes are well-known to 

remove inhomogeneous broadening, they also refocus the temperature-induced phase 

contribution, which would lead to a loss of the temperature-sensitive signal in PRF 

methods. Of the absolute temperature methods, the HOT sequence provides improved 

spatial resolution compared to CSI-based thermometry and does not require the use of 

exogenous contrast agents. 

The HOT sequence is shown in Figure 58 and is covered in more detail in Section 

9.5. The sequence involves a series of broadband and selective pulses with carefully 

selected timings and gradients to follow certain coherence pathways. The first and 

second acquisition windows provide temperature-sensitive information, while the third 

and fourth acquisition windows provide chemically-selective information. More 

specifically, the first and second acquisition windows acquire echoes that evolve at the 

fat-water difference frequency ±(  -  ) for (t1+). The third window acquires I spin 

(water) images, while the fourth window acquires S spin (fat) images. For the first and 

second acquisition windows, the phase of the signal as a function of the delays evolves 

at the fat-water difference frequency. By incrementing and acquiring many t1 or  

points, the temperature-dependent phase can be extracted. Previous results in phantoms 
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and in vivo have shown that highly accurate temperature maps can be produced with 

the HOT sequence [29, 156]. A similar sequence with several iMQC pathways was also 

recently used to differentiate between white and brown adipose tissue [161, 162]. 

Although there are many advantages of the HOT sequence, several limitations 

also exist. In general, iMQCs have approximately 10% the SNR of conventional 

sequences. To increase the SNR, the voxels must be larger or more averages must be 

acquires – the former reducing spatial resolution and the latter reducing temporal 

resolution. RF inhomogeneity becomes a significant issue in the HOT sequence, which 

has four pulses before the first acquisition window plus two more pulses by the final 

acquisition window. Another potential limitation comes at lower field strengths, where 

the implementation of selective pulses for only fat or only water is very difficult due to 

the reduced separation between the fat and water peaks.  At 7 T, the separation between 

water and the methylene peak (the largest fat peak) is approximately 1000 Hz, while at 

1.5 T, this separation is only approximately 200 Hz. As discussed in Chapter 7 for the 

UDD sequence optimizations, there are also multiple fat frequencies, which can 

constructively and destructively interfere for different echo times. While this doesn’t 

degrade the temperature accuracy, it can affect the sensitivity by increasing or 

decreasing the signal. Finally, the HOT method requires that the fat and water be in the 

same environment, and thus it will not work if the fat is compartmentalized.  
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9.5 General description of HOT sequence – 4 window 

The HOT sequence is shown in Figure 58. The sequence starts with a 90° 

broadband pulse, followed by an evolution time t1 and a gradient mGT. Subsequently, 

there is a 180° pulse only on the I spins (typically water), followed by an evolution time t 

and gradient nGT, and then a 90° pulse only on the S spins (typically fat). The spins then 

evolve for 2t1 and undergo a gradient 2mGT, which is followed by a spin echo module 

(TE/2 – 180° – TE/2). At this point, the first acquisition window is opened and acquires 

an echo that evolved at the fat-water difference frequency ±(  -  ) for (t1+). The second 

coherence pathway continues to evolve for 2(t1+) and experiences a gradient 2(m+n)GT. 

The second acquisition window is opened and acquires an echo that also evolved at the 

fat-water difference frequency ±(  -  ) for (t1+). Both the first and second windows 

contain temperature information because they evolve at the fat-water difference 

frequency. Two more windows can be subsequently acquired that provide chemically-

selective information; the third window yields I spin (water) images, while the fourth 

window yields S spin (fat) images. 

The first and second acquisition windows acquire echoes that evolve as ZQCs 

and DQCs for t1 and t, while the final two windows detect conventional SQ 

magnetization. The seemingly complicated combination of pulses, timings, and 

gradients remove any SQ contamination and same-spin iMQC signal, leaving only the 

desired temperature-sensitive signal. The first and second windows acquire signals that 
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evolved as both ZQ and DQ coherences, which act synergistically to provide 

temperature-sensitive information. ZQCs provide phase information with narrow 

lineshapes but typically have SQ contamination; DQCs can also remove inhomogeneous 

broadening (because the coupled spins experience the same local environment) with 

little SQ contamination [156]. 

9.6 Product operator description of the HOT sequence 

The various spin pathways of the HOT sequence can most easily be seen with the 

product operator formalism. Richard Ernst wrote that the product operator formalism is 

“… the most elegant, most simple, and also most intuitive description developed so far” 

[10]. The product operator formalism condenses the density matrix formalism using 

angular momentum operators, thereby permitting the effects of multiple pulses and 

delays on multi-spin systems to be easily determined. More specifically, the equilibrium 

density matrix is described in terms of   , while pulses and evolution can be described in 

terms of   ,   , and   . Moreover, product operators can determine the effects of 

complicated pulses sequences and pathways for coupled spins, including iMQCs.  

As discussed above, the first and second windows of the HOT sequence contain 

the temperature sensitive information (window 1 follows DQ to ZQ to SQ pathway, 

while window 2 follows ZQ to DQ to SQ pathway); the third and fourth windows 

contain chemically selective information (window 3 selects I spins, while window 4 



 

176 

selects S spins). For all four windows, product operators can easily demonstrate the 

coherences pathways followed for each acquisition window.  

Before the pulse sequence begins, the equilibrium magnetization is proportional 

to the z-components of the density operators (   and    for single spins;       ,       , 

and        for two coupled spins; etc.).    and    are the water and fat SQC terms, 

respectively;        and        are the water-water and fat-fat iMQC terms, respectively; 

and        is the water-fat iMQC term. The HOT sequence begins with a /2 pulse on all 

spins, which rotates the magnetization from z to the transverse plane (i.e., converts the 

z-components of the density operators into x-components of the density operators). At 

this point, the density operators have the form    and    for single spins and       , 

      , and        for two coupled spins. These Cartesian operators can be easily 

expressed in terms of raising and lowering operators, which will aid in calculating the 

coherence pathways: 
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From here, we can track the ZQ and DQ coherences based on the sum of the raising and 

lowering operator superscripts. The order of spins will be maintained from here on, and 

the subscripts indicating spins 1 and 2 will be dropped. Finally, the constant 

proportionality factors are unaffected by the rotation operators and will be ignored. 

9.6.1 Window 1: Double Quantum to Zero Quantum to Single 
Quantum 

The coherence pathway for the first window is shown in Figure 59. This 

temperature-sensitive pathway follows double quantum coherences to zero quantum 

coherences to single quantum coherences that are refocused at window 1.  

 

Figure 59: Window 1 of the 4-window HOT sequence. 

For the first window, we will start with the DQ spin operators      and      

immediately after the /2 pulse and follow them through the first acquisition window. 

The system evolves for    and undergoes a gradient    .  

           
        
                                

                              

[9.6]  
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A selective  pulse on the I spins converts the DQ spin operators into ZQ spin operators.  

         
                                                            [9.7]  

The system evolves for   and undergoes a gradient    , which has no effect on the ZQ 

spin operators.  

        
                                           

                                        

[9.8]  

A selective  “mixing” pulse on the S spins converts the ZQ spin operators into SQ 

spin operators. Here, the I spins are in the transverse plane. 

           
             

                                

       
                                  

[9.9]  

The system evolves for an additional     and experiences a gradient     , refocusing 

the signal. 

           
                

                       
                 [9.10]  

Finally, a spin echo module (TE/2 –  – TE/2) is executed, which has no net effect on the 

evolution and flips the I spin coherence: 

  
  

 
   

  

 
 

               
                       

                 
[9.11]  

The overall signal pathway was DQ  ZQ  SQ, and the detected signal has a phase 

shift               .  
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9.6.2 Window 2: Zero Quantum to Double Quantum to Single 
Quantum 

The coherence pathway for the second window is shown in Figure 60. This 

temperature-sensitive pathway follows zero quantum coherences to double quantum 

coherences to single quantum coherences that are refocused at window 2.  

 

Figure 60: Window 2 of the 4-window HOT sequence. 

For the second window, we will start with the ZQ spin operators      and      

immediately after the /2 pulse and follow them through the second acquisition 

window. The system evolves for    and undergoes a gradient    , which has no effect 

on the ZQ spin operators. 

           
        
                                         [9.12]  

A selective  pulse on the I spins converts the ZQ spin operators into DQ spin operators.  

         
                                       [9.13]  

The system evolves for   and undergoes a gradient    . 

        
                                            

                                       

[9.14]  
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A selective  “mixing” pulse on the S spins converts the DQ spin operators into SQ 

spin operators, where the I spins are in the transverse plane. 

           
            

                                 

        
                                 

[9.15]  

The system evolves for an additional     and experiences a gradient     . 

           
               

                                      

        
                                      

[9.16]  

A spin echo module (TE/2 –  – TE/2) is executed, which has no net effect on the 

evolution and flips the I spin coherence: 

  
  

 
   

  

 
 

              
                                     

         
                                   

[9.17]  

Finally, the system evolves for an additional          and experiences a gradient 

         . 

                     
                        

              

         
                

[9.18]  

The overall signal pathway was ZQ  DQ  SQ, and the detected signal has a phase 

shift               .  
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9.6.3 Window 3: Single Quantum I Spin  

The coherence pathway for the third window is shown in Figure 61. This 

chemical-selective pathway follows single quantum coherences for spin I (usually water) 

that are refocused at window 3.  

 

Figure 61: Window 3 of the 4-window HOT sequence. 

For the third window, we will start with the SQ spin operators    and    

immediately after the /2 pulse and follow them through the third acquisition window. 

The system evolves for    and undergoes a gradient    . 

       
        
                                         [9.19]  

A selective  pulse on the I spins reverses the coherences:  

         
                                       [9.20]  

The system evolves for   and undergoes a gradient    . A selective  “mixing” pulse 

on the S spins has no effect on the I spins. The system then evolves for an additional     

and experiences a gradient     . 

                 
                                         

                            

[9.21]  
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A spin echo module (TE/2 –  – TE/2) is executed, which has no net effect on the 

evolution and flips the I spin coherence: 

  
  

 
   

  

 
 

                                  

                            

[9.22]  

The system evolves for an additional          and experiences a gradient     

     . 

                     
                                          

                            

[9.23]  

Another spin echo module (TE/2 –  – TE/2) is executed: 

  
  

 
   

  

 
 

                                                              
[9.24]  

Finally, the system evolves for an additional      and experiences a gradient    

    . 

                 
                         [9.25]  

The signal in the third window represents the magnetization from spin I.  

9.6.4 Window 4: Single Quantum S Spin  

The coherence pathway for the fourth window is shown in Figure 62. This 

chemical-selective pathway follows single quantum coherences for spin S (usually fat) 

that are refocused at window 4.  
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Figure 62: Window 4 of the 4-window HOT sequence. 

For the fourth window, we will start with the SQ spin operators    and    

immediately after the /2 pulse and follow them through the third acquisition window. 

The system evolves for    and undergoes a gradient    . A selective  pulse on the I 

spins has no effect on the S coherences. The system then evolves for   and undergoes a 

gradient    . 

       
                
                                     

                           

[9.26]  

A selective  “mixing” pulse on the S spins affects only the y component of the 

magnetization, converting it to z magnetization and leaving the x component unaffected. 

Here, we are only concerned with the transverse component (in contrast to previous 

windows, where we needed a longitudinal z-component), and therefore, we will ignore 

the z-component and focus on the unaffected x component. Again, the x-component will 

be expressed in terms of raising and lowering operators (again, ignoring constant 

proportionality factors).  
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[9.27]  

The system evolves for an additional     and experiences a gradient     . 

           
                                   

                          

                           

                            

[9.28]  

A spin echo module (TE/2 –  – TE/2) is executed: 

  
  

 
   

  

 
 

                                  

                          

                           

                             

[9.29]  

The system evolves for an additional          and experiences a gradient     

     . 

                     
                                          

                          

                           

                          

[9.30]  

Another spin echo module (TE/2 –  – TE/2) is executed, which has no net effect on the 

evolution and flips the S spin coherence: 
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[9.31]  

The system evolves for an additional      and experiences a gradient         . 

                  
                                                    

                                        

[9.32]  

Another spin echo module (TE/2 –  – TE/2) is executed: 

  
  

 
   

  

 
 

                                            

                                          

[9.33]  

Finally, the system evolves for     to refocus the S magnetization. 

      
                                 

                                 

                                

                               

[9.34]  

The signal in the fourth window represents the magnetization from spin S.  

9.7 Conclusions 

The ability to quickly and sensitively measure temperature in vivo has important 

biomedical applications. MRI thermometry methods are well developed, but none work 

well in fatty tissues, such as the breast. In addition, few provide absolute temperature 
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measurements and instead rely on a relative temperature scale. Intermolecular multiple 

quantum coherences have the potential to monitor temperature in vivo in fatty tissues 

on an absolute scale. Moreover, this method is insensitive to motion and susceptibility 

effects. A detailed theoretical investigation of the iMQC temperature imaging sequence 

(termed the HOT sequence) has demonstrated the desired spin pathways using the 

product operator formalism. Future work on the HOT sequence includes 

implementation on a clinical scanner. 
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10. Actively decoupled coil pairs for D2O perfusion 
measurements 

10.1 Synopsis 

Perfusion (blood flow) measurements in vivo can improve our understanding of 

cancer hemodynamics and pathogenesis. In particular, MRI perfusion methods can 

provide quantitative measures of blood flow, blood volume, and vessel diameter with 

exogenous (intravascular or freely diffusing) contrast agents. Unfortunately, 

quantitation generally requires complicated signal models. To validate one such model, 

we will use an established perfusion method that relies on a freely diffusing contrast 

agent (deuterium). To sensitively detect deuterium with homogenous RF excitation, we 

built an actively decoupled deuterium coil pair. Finally, our thoughts on detecting 

deuterium and initial attempts to validate the perfusion model will be presented. This 

work was performed at Washington University in St. Louis during July 2010 under the 

supervision of Drs. Joseph Ackerman, Joel Garbow, and Kathleen Chaffee. 

10.2 Perfusion measurements 

Perfusion (the delivery of blood to a capillary bed) delivers vital oxygen and 

nutrients to tissue1 and is therefore indicative of tissue function, viability, and vascular 

integrity. The growth of new blood vessels (angiogenesis) is one of the hallmarks of 

cancer [264] and is essential for tumor growth and metabolism. Angiogenesis is an 

                                                      

1 Blood flow is so vital to tissue function and metabolism that nearly all cells in a tissue reside within 100 μm 

of a capillary blood vessel (from Hanahan et al. “The Hallmarks of Cancer” 2000 Cell). 



 

188 

interesting target for cancer therapy [265], and perfusion measurements can improve the 

efficacy of these therapies. Perfusion can be measured with PET [266, 267] and SPECT 

[268, 269], as well as CT [270, 271]. In contrast, perfusion measurements using MRI 

would permit longitudinal studies without the significant risk of radiation dose. These 

perfusion measurements have been shown to correlate with the development and 

angiogenesis of brain tumors [272-275]  and may be indicative of the tumor therapeutic 

response. There are five common MR methods to measure organ perfusion:  

1. Time-of-flight methods [276-279], which measure the movement of spins 

(e.g., tagged with a saturating or  pulse) into or out of an area of interest;  

2. Phase-shift methods [280], which measure the change in phase from spins 

that move through magnetic field gradients at different rates;  

3. Diffusion-type spin-echo methods [281, 282], which use motion-sensitive 

magnetic field gradients;  

4. Methods that use intravascular contrast agents [283-285], which rely on 

relaxation effects (T1 and T2*) caused by the flow of these tracers; and  

5. Methods that use NMR-detectable, freely diffusing tracers [286-297]. 

The first three methods use endogenous contrast, while the last two methods use 

exogenous contrast agents that are either impermeable (i.e., intravascular) or freely 

diffusing (to the extravascular space). Intravascular contrast agents are widely used to 

provide perfusion and other hemodynamic information based on relaxation effects but 

typically require complex data fitting and modeling of physiological parameters for 

quantitation [289]. On the other hand, the freely diffusing tracer method can provide 

quantitative values for perfusion [298, 299] using fluorine, deuterium, or carbon. 
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Upon administration of an exogenous contrast agent, perfusion parameters can 

be extracted using the principles proposed by Kety [300, 301].  These principles have 

been further extended for bolus [290, 302] and non-bolus [298] tracer administration, as 

well as to account for recirculation [293] and compartmentalization [303]. For non-bolus 

administration, derivation of the perfusion parameters requires knowledge of the tracer 

arterial concentration as a function of time (the so-called arterial input function (AIF)). 

However, accurate measurement of the AIF is extremely challenging in rats (and nearly 

impossible in mice) due to both partial volume effects and motion [304, 305]. Significant 

research has been devoted to methods to accurately and non-invasively derive the AIF 

[304, 306-309].  

10.2.1 Administration of intravascular contrast agents 

The most commonly used intravascular contrast agent is gadolinium, which 

affects the relaxation times of tissue water. Serial images are acquired before, during, 

and after the contrast agent injection, and the signal intensity profile can be monitored 

for relaxation effects over time in tumor regions of interest (ROIs). This data can then be 

fit to an appropriate pharmacokinetic model, and physiological parameters related to 

tissue perfusion can be extracted. Dynamic susceptibility contrast (DSC) MRI [285] 

monitors changes in T2* to measure cerebral blood flow and volume (CBF and CBV, 

respectively), mean vessel diameter (mVD), and mean transit time (MTT) [310]. 
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These physiological parameters are derived from fitting the data to an 

appropriate pharmacokinetic model [311]. The Biomedical Magnetic Resonance 

Laboratory (BMRL) at Washington University in St. Louis has proposed a tissue 

perfusion model that allows both the AIF and residue curve to be determined for each 

voxel in a mouse glioma model [304, 305]. Figure 63 shows a representative T1-weighted 

(a) and T2*-weighted (b) images of a mouse brain with a glioblastoma tumor, along with 

the signal-intensity time-course for the T2*-weighted images (c). The tumor region is 

clearly visible in both images. The DSC signal-intensity time course is shown for both a 

normal and a tumor ROI, where the gadolinium injection is indicated by the arrows. 

 

Figure 63: T1-weighted (a) and T2*-weighted (b) images of a mouse brain with 

glioblastoma. Signal time-course data are shown for a tumor and normal ROI (c). 

Gadolinium was injected after 20 s (indicated by arrows in (c)). Figure courtesy of 

Kathleen Chaffee and BMRL [305]. 

The DSC signal time-course is then modeled to derive the relevant perfusion 

parameters. Although most models used to fit perfusion data require prior knowledge 

of the AIF, this method uses the signal intensity to model the localized AIF. The 

parameters used to model the signal time-course were estimated by Bayesian probability 

theory (BPT) and Markov-chain Monte Carlo methods [304, 312, 313]. Figure 64 shows 
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the signal intensity time-course data (red) and model fit (blue) for the tumor ROI 

(residual in green). From this fit, they measured the relative CBF, CBV, and MTT, which 

were in good agreement with literature values [272]. More specifically, the tumor CBV 

and MTT were increased compared to normal tissue, while the CBF was decreased [305].  

 

Figure 64: Signal intensity (red) vs. time for a tumor ROI before, during, and after 

injection of Gd bolus (at 20 s). The model fit is shown in blue and the residual is 

shown in green. Figure courtesy of Kathleen Chaffee and BMRL [305]. 

From these results, they concluded that DSC perfusion imaging can be 

performed in a mouse glioma model, and the results showed the expected increase in 

CBV compared to normal brain tissue. Moreover, the model used to determine the 

perfusion parameters did not require an independent measurement of the AIF. 

Although these results agree well with PET data and qualitatively correlate with 

histological results, they have yet to be rigorously validated against established 

methods. The remaining sections of this chapter are devoted to my work at the BMRL in 

July 2010, where my goal was to validate their tissue perfusion method using D2O as a 

freely diffusion tracer for organ perfusion. 
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10.2.2 Freely diffusing tracers 

Perfusion MRI using freely diffusing tracers can provide quantitative values for 

perfusion and have been extensively validated [298, 299, 314, 315]. Fluorine [286-288] is 

one such freely diffusing tracer with administration via inhalation; although minimally 

invasive, quantitation requires measurement of the arterial input function [298]. 

Hyperpolarized carbon-13 tracers were developed recently for quantitative perfusion 

measurements [289], although it is still in the early stages of development and requires 

hyperpolarization. Deuterium, on the other hand, is well-suited for validation studies 

and can be easily administered as a saline 2H2O (=D2O) solution. 

Deuterium is a stable isotope of hydrogen and is commercially available as 

enriched ~100% D2O (i.e., 110 M deuterium). Moreover, D2O saline can be administered 

with little toxicity [290] intravenously or intramuscularly, and because of the rapid 

proton-deuteron exchange, HOD is detected. The deuterium nucleus also has a 

relatively short relaxation time, which can be advantageous for signal averaging. The 

combination of high concentration and short relaxation time provides reasonable 

sensitivity for MR measurements [290]. Using D2O, perfusion measurements have been 

obtained in normal tissue [316], brain [292], and tumor [294, 295, 317]. Moreover, this 

method has been rigorously validated and provides good agreement with the accepted 

literature values [298, 314, 315]. 
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Methods for calculating perfusion are based on the central volume principle. The 

perfusion rate ( , in mg/mL) is the volume of tracer distribution (  , in mL) in the 

whole tissue of interest divided by the tracer mean transit time (  , in min): 

 
  

  

  
 [10.1]  

The flow ( ) is the perfusion rate divided by the tissue weight ( , in g), which is the 

tissue-to-blood partition coefficient ( , in mL blood/g tissue) divided by the tracer 

mean transit time.  

 
  

 

 
 

 

  
 [10.2]  

The flow is generally multiplied by 100 to give units of mL/(100 g tissue · minutes). The 

tissue-to-blood partition coefficient   can be measured independent of the washout 

curve and is usually assumed to be a constant less than 1. Because D2O distributes like 

water,   is fairly easy to calculate and is usually obtained from the wet and dry weights 

of tissue and blood as the ratio of the water volume of a unit mass of tissue to the water 

volume of a unit volume of blood. The tracer mean transit time is measured from 

analysis of the washout curve.  

Analysis of the washout curve depends on the tracer administration method. 

Bolus administration has a δ input function that significantly simplifies the washout 

analysis, while non-bolus administration requires measurement of the AIF. In the 

simplest model for bolus administration, the washout decay is monoexponential: 
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    [10.3]  

where S is the signal and k is the washout rate constant (=     ). For non-bolus 

administration, the monoexponential washout decay is convolved with the AIF. There 

are several assumptions made in these models [299]. The first assumption is that the 

blood flow is homogeneous and thus the tracer is freely diffusing. The second 

assumption is that the tracer is sufficiently distributed at time t = 0, and the third 

assumption is that there is no recirculation. If these assumptions are satisfied, the flow 

can be easily obtained from the first-order rate constant k and the tissue-to-blood 

partition coefficient λ (F = 100λk). If these assumptions are not satisfied, the decays can 

be extended for multiple compartments and recirculation [299]. 

Previous measurements for flow have given numbers ranging from 2 to 80 mL/ 

(100 g · min), depending on the tissue. It was measured around 70 mL/ (100 g · min) for 

muscle [315] and close to 20 mL/ (100 g · min) for tumor [294]. 

10.3 Imaging D2O 

The vast majority of MR imaging utilizes proton spins, typically from water and 

fat in vivo, because protons provide a large bulk magnetization. Non-proton nuclei have 

low in vivo concentrations and inherently low gyromagnetic ratios, which lead to low 

MR signals. The natural abundance of deuterium is 0.015% and the gyromagnetic ratio 

(   is 6.54 MHz/T (for comparison, the natural abundance for hydrogen is ~100% and the 

gyromagnetic ratio is ~42.58 MHz/T). The low natural abundance leads to a low 
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equilibrium magnetization, while the gyromagnetic ratio affects fractional population of 

each spin state and thus the polarization of the system (and magnetization is 

proportional to polarization). More specifically, the energy levels of the system depend 

on the gyromagnetic ratio: 

                  [10.4]  

where    is the magnetic quantum number for the nuclear spin (for deuterium spin I = 1, 

            ). The fractional population (    of each energy level satisfies the 

Boltzmann distribution: 

 

   
 

   
    

  
   

    
 

 [10.5]  

For room-temperature protons at 12T,    = 0.5000209285 and    = 0.4999790723; for 

deuterium at 12T,    = 0.3333376202,    = 1/3, and    = 0.3333290465. Deuterium has 

significantly lower population differences than protons, as well as lower thermal 

polarization [318]: 

 
  

 

  
           

    

    
      

     

    
 [10.6]  

For protons at 12T,   = 4.18 x 10-5; for deuterium at 12T,   = 0.856 x 10-5. The 

magnetization depends on the polarization P: 

 
   

 

 
      [10.7]  
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where    is the number of spins. MRI of nuclei with spin I > ½, termed quadrupolar 

nuclei and including deuterium, is generally more complicated (due to both 

quadrupolar coupling and relaxation). Fortunately, the first-order quadrupolar coupling 

vanishes in isotropic liquids, and there is no quadrupolar splitting (although the electric 

quadrupolar moment of deuterium is fairly small). Quadrupolar nuclei generally have 

very short T1 relaxation times, and this could be advantageous for imaging purposes.  

Deuterium has both low natural abundance and a low gyromagnetic ratio, as 

well as a very short T1 relaxation time (at 4.7T, T1 = 250 ms [319]). However, deuterium 

can be enriched to nearly 100% (effectively 110 M), and D2O saline can be injected 

intravenously with little toxicity [290] or background signal. The short T1 relaxation time 

can be exploited for shorter imaging times to increase the sensitivity. Moreover, 

deuterium can be used as a freely diffusing tracer for accurate perfusion measurements, 

and this would permit the development and validation of other perfusion techniques. 

Deuterium detection requires coils built specifically to transmit and receive at the 

deuterium frequency (76.8 MHz), which will be discussed in the following section.  

10.4 Radiofrequency Coils  

At its simplest, a radiofrequency coil is an LC circuit that consists of an inductor 

(L) and a capacitor (C). The coil has an associated resonance frequency and can store 

electromagnetic energy resonating at the same frequency. The coil frequency is 
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  [10.8]  

Deuterium resonates at approximately 76.8 MHz at 12 T, and thus, the coils were built to 

resonate at the same frequency. In addition to tuning the circuit to resonate at the 

appropriate frequency, the circuit must also be impedance matched to the 50 Ω cable of 

the spectrometer. Fine-tuning the resonance frequency and impedance matching are 

performed by variable “tuning” and “matching” capacitors. Significant power losses 

result from improperly tuned and matched coils.  

10.4.1 Actively decoupled coil pairs 

Radiofrequency coils in MRI can either combined transmit and receive or receive 

only or transmit only. Volume coils have excellent RF excitation uniformity but very low 

sensitivity for receiving signal. Conversely, surface coils have poor RF excitation but 

excellent sensitivity for receiving signal. For deuterium imaging, separate transmit and 

receive coils were built, where each coil was optimized for either transmit or receive. A 

volume coil was used for excitation, while a surface coil was used for detection (as 

previously demonstrated [320-324]).   

One drawback of separate coils is that the coils can couple their LC resonances. 

Coupled coils have non-uniform flip angles and significant image artifacts [322, 323]. 

There are several methods to decouple the coils from each other. Geometric decoupling 

is the easiest and most inexpensive, but coil alignment must be precise, and even small 

offsets can produce large image artifacts. Other techniques include passive detuning 
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with crossed diodes [325-327] and optical detuning with photodiodes [328, 329]. Active 

detuning using PIN diodes may be the optimal method to effectively disable the inactive 

coil, although it can be difficult to implement [320-323]. The volume and surface coil 

must have active decoupling capabilities, and an active decoupling driver is also 

required. The coils will be covered in more detail in the subsequent sections. The active 

decoupling driver [323] is placed between the T/R gate and the coils. The input from the 

T/R gate is either +5 V or 0 V, while the output to the coil DC cables is +5 V or -20 V.  

10.4.1.1 Volume Coil for Excitation 

Volume coils have uniform excitation but suffer from poor detection sensitivity. 

For the actively decoupled coil pair, a volume coil was built for transmit to provide 

uniform RF excitation. Figure 65 shows the schematic (top left) and an image (right) of 

the actively decoupled volume coil tuned to the deuterium resonance frequency (at 12 

T). The simplified circuit is shown in the bottom left, where the active decoupling is 

provided by the RF choke (RFC) and PIN diode. During transmit, the PIN diode acts as a 

resistor (e.g., the PIN diode is “on”), and the coil is conducting. During receive, the PIN 

diode is off, and the volume coil is open-circuited and inactive.  
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Figure 65: Schematic (top left) and full circuit (bottom left) for actively decoupled 

volume coil and image of the deuterium volume coil (right). Schematic courtesy of the 

BMRL; circuit diagram from [323]. 

10.4.1.2 Surface Coil for Detection 

Surface coils have non-uniform excitation but excellent detection sensitivity. 

Figure 66 shows the schematic (left) and an image (right) of the actively decoupled 

surface coil tuned to the deuterium resonance frequency (~77 MHz at 12 T). The 

simplified circuit is shown in the bottom, where the active decoupling is provided by the 

RF choke (RFC) and PIN diode. During transmit, the PIN diode (L2) and C2 capacitor 

combination acts as a parallel trap (high impedance parallel resonance) that blocks 

current on the L1 surface coil, effectively detuning the surface coil. During receive, the 

PIN diode acts as a capacitor (e.g., the PIN diode is “off”), and the coil is active. 



 

200 

 

Figure 66: Schematic (left) and full circuit (bottom) for actively decoupled surface coil 

and image of the deuterium surface coil (right). Schematic courtesy of the BMRL; 

circuit diagram from [323]. 

10.4.2 Active decoupling using PIN Diodes 

The output from the T/R gate is +5 V during transmit and 0 V during receive. 

This enters the active decoupling driver, which utilizes bias-Tees to output either +5 V 

during transmit (unchanged) or -20 V during receive. Under positive voltage, the PIN 

diodes are “on” (resistors), while they are “off” (small capacitors) under negative 

voltage. During transmit, the active decoupling driver outputs +5 V, and the PIN diode 

is on. This tunes the volume coil and detunes the surface coil. During receive, the active 

decoupling driver outputs -20 V, and the PIN diode is off. The volume coil is detuned, 

while the surface coil is tuned. This active decoupling scheme is shown in Figure 67.  
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Figure 67: Active decoupling sequence. 

10.5 Results 

For the D2O validation studies, the actively decoupled coils were initially tested 

on a D2O phantom, and subsequent studies were performed on the brains of mice 

implanted with glioblastoma cells (surgery performed by J. Engelbach). Prior to 

imaging, the mice were anesthetized with isoflurane, and a catheter was surgically 

inserted into the jugular vein for intravenous contrast (Gadolinium or D2O) 

administration. All experiments were performed on a 12 T Varian system using the 

actively decoupled coil pair (volume transmit / surface receive). Non-selective and 

voxel-selective spectra and gradient echo images were acquired.  

Data was first acquired in a deuterium phantom with the actively decoupled coil 

pair. Figure 68 shows the FID (real: blue; imaginary: red) and magnitude spectrum for 

the D2O phantom (top), along with sagittal and axial images of the phantom. The 

spectroscopy was acquired using a voxel-selective stimulated echo sequence, while the 
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images were acquired with a gradient echo sequence. The spectrum SNR (calculated as 

the maximum peak height divided by the noise at the spectrum edge) was 150.  

 

Figure 68: Spectroscopy (top) and imaging (bottom) results for a deuterium phantom. 

Control mice (without tumors) were tested to determine the optimal sequence 

and scan parameters, as well as to obtain baseline perfusion data. Initially, non-selective 

spectra were acquired every second for 50 seconds in control mice injected with D2O 

(injection after 8 s). Figure 69 shows these results in the first control mouse. There were 

three discernible peaks at 4.84, -2.16, and -5.6 ppm. The peak at -2.16 ppm showed the 

expected washout behavior and was thus fit to the exponential washout model. From 

this fit, we determined that k (= 1/  ) was 0.106 s-1, and the flow (F) was 540 mL/(100 g · 

min) (assuming λ = 0.85 [292]). Unfortunately, this measurement falls outside the 

expected range for the flow. 
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Figure 69: Perfusion measurements in control mouse 1. 

A second control mouse was similarly tested, as shown in Figure 70. In this case, 

there were only two peaks at 0.76 and -3.31 ppm, where the former showed the expected 

washout decay. Fitting the signal vs. time at 0.76 ppm to the washout decay model, we 

determined that k was 0.531 s-1, and F was 27 mL/(100 g · min). Unfortunately, this 

measurement also fell outside the expected range flow. 

 

Figure 70: Perfusion measurements in control mouse 2. 
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Unfortunately, this technique was non-selective and inconsistent, and selective 

spectroscopy or imaging sequences were required for more consistent perfusion results 

and to select the tumor regions. Similar to the DSC method, we can acquire a series of 

images to obtain the signal time-courses for any ROI. We expect a decrease in 1H signal 

due to the deuterium injection, which may be detectable on the 1H images. Figure 71 

shows the 1H signal time-courses for a brain ROI in a control mouse following injections 

of gadolinium (top) and D2O (bottom). The signal has the expected decrease following 

the gadolinium bolus, although the D2O bolus was not observable in the 1H images.  

 

Figure 71: 1H Signal time-course data for a normal brain ROI following injections of 

gadolinium (top) and D2O (bottom). 

Similar experiments were also performed on mice with glioblastoma tumors 

(although the experiments were unsuccessful in control mice, we proceeded due to the 

short time constraints for this project). For the first tumor mouse, we attempted to 

directly image deuterium using the actively decoupled coil pair. Localization was 

performed by detecting 1H on the 2H coil (which resulted in a significant loss in 

sensitivity and severely degraded images but was sufficient for this purpose). This is 
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shown in the left of Figure 72, and the middle image is the 2H pre-contrast image. 

Between natural abundance and the low polarization of deuterium, there was no signal 

for this image. The post-contrast image is shown on the right, and there was no signal 

for this image either. As a result, the signal time-course shown on the bottom simply 

follows the noise level.  

 

Figure 72: Pre- and post-contrast deuterium images (localization by 1H detection on 

the 2H coil, left). There was no appreciable signal after injection of D2O, as shown in 

the signal time-course (bottom). 

For the second tumor mouse, we attempted to indirectly image the deuterium 

injection by monitoring the proton signal. We acquired a series of 1H images before, 

during, and after the D2O injection. Once again, the signal did not decrease due to the 

injection, as shown in Figure 73.  
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Figure 73: 1H Signal time-course following D2O injection in a tumor mouse. 

10.6 Conclusions 

Although deuterium was detected in a phantom using the actively decoupled 

coil pair, the in vivo detection was largely unsuccessful. Moreover, we were unable to 

monitor a decrease in the proton signal following deuterium injection. Due to the 

limited timeframe for this project, we were unable to validate the Bayesian estimation 

model for perfusion signal developed at the BMRL. In future work, more thoughtful 

consideration should be given to finding the best method to detect deuterium in vivo. 

More specifically, both imaging and spectroscopy have distinct advantages and 

disadvantages that should be properly weighed. If using an imaging sequence, careful 

pulse sequence optimizations should be performed to obtain the sensitivity to image 

deuterium. For spectroscopy sequences, localization is necessary, and the best method 

should be determined. In addition, the deuterium signal may shift in vivo, which should 

be considered when fitting the data. We attempted to detect decreases in proton signal 
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and increases in deuterium signal, and the best method should be determined. Finally, 

significantly more care should be taken to optimize the pulse sequences, including 

determining the appropriate TE, TR, and number of averages necessary to observe 

deuterium signal. More control experiments should be performed on normal mice to 

confirm the perfusion measurements match with those previously measured. Finally, 

the deuterium injections should be detected in mice with brain tumors to validate the 

DSC-based perfusion MRI method. 
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Appendix A 

The following simulation code was written in Matlab (Mathworks, Inc.; version 

7.8.0 R2009a). The density matrix evolution        [145] in systems involving N spins can 

be simulated for various pulse sequences. The input parameters for the simulation 

program are the number of spins (N), the proton chemical shifts and respective J-

couplings, the sequence type and number of pulses, and the echo time. The magnetic 

field strength is 7.05 T. The chemical shifts and J-couplings are used to create the 

Hamiltonian operator, which is a 2N x 2N matrix. All calculations are performed in the 

Hamiltonian eigenbasis, which is converted to the Zeeman basis to detect the final signal 

                                    . Only the signal from the final echo is acquired for all 

simulations. T2 relaxation is ignored, and all pulses are assumed to be instantaneous and 

perfect. The simulation program can be modified to provide a Gaussian resonance offset 

of variable FWHM, as well as for 170° and 175° pulses, to determine the effects of 

stimulated echoes due to flip angle errors. The effects of crusher gradients are not 

considered in the simulation program. 

NMR Simulator Guide: 

Main program: NMRsim_10spin_multipulse.m 

Functions:  create_allHamiltonians.m 

getblocksize.m 

product_operator.m 
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Description of program and functions: 

NMRsim_10spin_multipulse.m: This is the main program for the 10-spin NMR 

simulator. It was developed based on a singlet state calculator written by 

Elizabeth Jenista and Michael Jenista and subsequently modified significantly. It 

calls various functions (for example, to create the Hamiltonian operators and the 

necessary product operators). The functions called in this program are 

create_allHamiltonians.m; product_operator.m; and getblocksize.m. The 

chemical shifts and J-couplings used in this program are user-inputs for the 

particular 10-spin system. The program is set up as follows: 

1. Initialize all variables and all density matrices (of zeroes).  

2. Create all necessary Hamiltonians. 

a) Create the equilibrium Hamiltonian that ignores the J-couplings and is 

used for the equilibrium density matrix 

b) Create the rotating-frame Hamiltonian that includes the J-couplings 

and is used for rotations and time evolution 

3. Find all eigenvalues and eigenstates for the Hamiltonian (defined in step 2). 

4. Define all appropriate product operators for the spin system (using the 

product_operator.m function).  



 

210 

5. Assemble the rotation operators for the pulses; convert to the Hamiltonian 

eigenbasis. 

6. Define the equilibrium density matrix (rho_eq) for the system using the 

eigenvalues of the equilibrium Hamiltonian.  

7. Convert the density matrix at this point from the Zeeman (product operator) 

basis to the Hamiltonian eigenbasis (which is necessary for step 9). 

8. Perform rotations and delays on the density matrix. 

9. In the ‘for’ loop, the time evolution of the density matrix under the influence of 

the rotating-frame Hamiltonian is calculated. This looks complicated simply 

because some shortcuts are used to speed up the calculation (HOWEVER, the 

density matrix must be in the Hamiltonian eigenbasis – step 8 – for this 

shortcut to work!). In essence, the program is calculating rho_acq_h=e(-

iHt)rho(t)e(iHt) for each time step. 

10. Convert the final density matrix back to the Zeeman eigenbasis to acquire the 

FID. 

11. Output the FID and the Fourier transform of the FID (the spectrum) on both 

Hz scale and ppm scale. 

create_allHamiltonians.m: This m-file was created to generate large Hamiltonian 

operators in multi-spin simulations (more than 4).  It includes free evolution 

terms, heterogeneous coupling terms, and homogeneous coupling terms.  It 
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makes frequent use of product_operator.m to build basic operators. It also uses 

create_homo_string.m and create_Iz_string.m to create the necessary strings for 

building operators.  

product_operator.m: This m-file was written by Michael Jenista based on "Density 

Matrices and NMR" by Farrar, Concepts in MR, 1989. Given an n-spin system, 

the operators on that system can be decomposed into direct products (or 

Kronecker tensor products) of the one-spin operators (two-by-two matrices). This 

function takes in the number of spins 'n' and a string 's'.  's' is an ordered list of n 

letters from the set [x,y,z,e] for the four operators on a one-spin system.  The 

function then forms the ordered direct product of that string, assuming there are 

no errors in the string.  The string must be entered in the correct order because 

the direct product is not commutative. 

getblocksize.m: This function finds the size of the blocks in any matrix, where the 

input is the blocksize. 

create_homo_string.m: This subfunction creates an input string for an      operator, 

where   can be x, y, or z. 

create_Iz_string.m: This subfunction creates the input string for an    operator in 

only one spin component and leaves all others fixed. 

 

%%% Initialize all variables 
gamma=42.576e6; %%%gamma_bar for hydrogen 
a=10; %%%number of nuclei of type a 
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n = a; T = 298; T2 = 0.5;%%Set variables and constants 
k_B = 1.3806503e-23; hbar = 6.626068e-34/(2*pi); 
seqfile = 1; %%1 for CPMG; 0 for UDD  
n_180=0;  %Number of 180 pulses 

  
sigma1=0.90e-6; sigma2=1.29e-6; sigma3=1.64e-6;  %%Chemical shift 1-3 

sigma4=2.18e-6; sigma5=2.32e-6; sigma6=2.63e-6; %%Chemical shift 4-6  

sigma7=4.37e-6; sigma8=5.45e-6; sigma9=2.63e-6; %%Chemical shift 7-9 
sigma10=4.37e-6; %%Chemical shift nucleus 10  
sigma=[sigma1 sigma2 sigma3 sigma4 sigma5 sigma6 sigma7 sigma8 sigma9 

sigma10]; 
B0=7.05;       %%Magnetic field in tesla 

  
%%%%J coupling values%%%% 
J12=8; J13=0; J14=0; J15=0; J16=0; J17=0; J18=0; J19=0; J110=0; 
J23=7.1; J24=7.1; J25=0; J26=0; J27=0; J28=3; J29=0; J210=0; 
J34=0; J35=7.1; J36=0; J37=0; J38=0; J39=0; J310=0; 
J45=0; J46=0; J47=0; J48=6.2; J49=0; J410=0; 
J56=0; J57=0; J58=0; J59=0; J510=0; 
J67=0; J68=6.2; J69=0; J610=6.2; 
J78=6.2; J79=0; J710=6.2; 
J89=6.2; J810=0;   
J910=6.2; 
J=[0 J12 J13 J14 J15 J16 J17 J18 J19 J110; 
   0  0  J23 J24 J25 J26 J27 J28 J29 J210; 
   0  0  0   J34 J35 J36 J37 J38 J39 J310; 
   0  0  0   0   J45 J46 J47 J48 J49 J410; 
   0  0  0   0   0   J56 J57 J58 J59 J510; 
   0  0  0   0   0   0   J67 J68 J69 J610; 
   0  0  0   0   0   0   0   J78 J79 J710; 
   0  0  0   0   0   0   0   0   J89 J810; 
   0  0  0   0   0   0   0   0   0   J910; 
   0  0  0   0   0   0   0   0   0   0;]; 
TE = 0.120; 

  
%%% Initialize all density matrices of zeros 
rho_eq = zeros(2^n,2^n); %%% Initialize equilibrium density matrix 
rho_2_h = zeros(2^n,2^n); %%% Initialize 2nd density matrix 
rho_acq=zeros(2^n,2^n); %%%Initialize final acquisition density matrix 
rho_acq_h=zeros(2^n,2^n); %%%Initialize final acquisition density 

matrix 

 
%%% Create the Hamiltonians -- H is for the equilibrium density matrix 

and Hrot is the rotating-frame Hamiltonian 

[H, Hrot] = create_allHamiltonians(a,J,gamma,B0,sigma); %%%This creates 

the full and rotation hamiltonians 

  
%%% Find the eigenvalues of the Hamiltonian, used for rho_eq and time 

evolution 
Eigenvalues = -ordeig(H); %%[V,D] = eig(A) produces matrices of 

eigenvalues (D) and eigenvectors (V) of matrix A, so that A*V = V*D. 
H_h = Eigenvalues; %%Omega - multiply by hbar to get energy 
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[Eigenstatesrot,Eigenvaluesrot] = eig(Hrot); %%[V,D] = eig(A) produces 

matrices of eigenvalues (D) and eigenvectors (V) of matrix A, so that 

A*V = V*D. 
H_hrot = Eigenvaluesrot; 
V_rot =(inv(Eigenstatesrot)); 

  

  
%%% Assemble all necessary product operators 
Ix1=product_operator(10,'xeeeeeeeee'); 
Ix2=product_operator(10,'exeeeeeeee'); 
Ix3=product_operator(10,'eexeeeeeee'); 
Ix4=product_operator(10,'eeexeeeeee'); 
Ix5=product_operator(10,'eeeexeeeee'); 
Ix6=product_operator(10,'eeeeexeeee'); 
Ix7=product_operator(10,'eeeeeexeee'); 
Ix8=product_operator(10,'eeeeeeexee'); 
Ix9=product_operator(10,'eeeeeeeexe'); 
Ix10=product_operator(10,'eeeeeeeeex'); 
Iy1=product_operator(10,'yeeeeeeeee'); 
Iy2=product_operator(10,'eyeeeeeeee'); 
Iy3=product_operator(10,'eeyeeeeeee'); 
Iy4=product_operator(10,'eeeyeeeeee'); 
Iy5=product_operator(10,'eeeeyeeeee'); 
Iy6=product_operator(10,'eeeeeyeeee'); 
Iy7=product_operator(10,'eeeeeeyeee'); 
Iy8=product_operator(10,'eeeeeeeyee'); 
Iy9=product_operator(10,'eeeeeeeeye'); 
Iy10=product_operator(10,'eeeeeeeeey'); 

  
Identity10=product_operator(10,'eeeeeeeeee'); 

  
Ix1a = Ix1-i*Iy1; 
Ix2a = Ix2-i*Iy2; 
Ix3a = Ix3-i*Iy3; 
Ix4a = Ix4-i*Iy4; 
Ix5a = Ix5-i*Iy5; 
Ix6a = Ix6-i*Iy6; 
Ix7a = Ix7-i*Iy7; 
Ix8a = Ix8-i*Iy8; 
Ix9a = Ix9-i*Iy9; 
Ix10a = Ix10-i*Iy10; 
Ixa = Ix1a+Ix2a+Ix3a+Ix4a+Ix5a+Ix6a+Ix7a+Ix8a+Ix9a+Ix10a; 
end 

  
%%% Assemble rotation operators (broad-band only) 
theta = -pi/2; %define rotation angle (should be negative to give 

correct matrices) 
thetai = -theta; 
theta2 = -pi; 
theta2i = -theta2; 
%%Rx and Rx^-1 rotation matrix pairs -- 90 degree pulse 
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R_x = (Identity10*cos(0.5*theta) - 

2*1i*Ix1*sin(0.5*theta))*(Identity10*cos(0.5*theta) - 

2*1i*Ix2*sin(0.5*theta))*(Identity10*cos(0.5*theta) - 

2*1i*Ix3*sin(0.5*theta))*(Identity10*cos(0.5*theta) - 

2*1i*Ix4*sin(0.5*theta))*(Identity10*cos(0.5*theta) - 

2*1i*Ix5*sin(0.5*theta))*(Identity10*cos(0.5*theta) - 

2*1i*Ix6*sin(0.5*theta))*(Identity10*cos(0.5*theta) - 

2*1i*Ix7*sin(0.5*theta))*(Identity10*cos(0.5*theta) - 

2*1i*Ix8*sin(0.5*theta))*(Identity10*cos(0.5*theta) - 

2*1i*Ix9*sin(0.5*theta))*(Identity10*cos(0.5*theta) - 

2*1i*Ix10*sin(0.5*theta)); 
R_xin = (Identity10*cos(0.5*thetai) - 

2*1i*Ix1*sin(0.5*thetai))*(Identity10*cos(0.5*thetai) - 

2*1i*Ix2*sin(0.5*thetai))*(Identity10*cos(0.5*thetai) - 

2*1i*Ix3*sin(0.5*thetai))*(Identity10*cos(0.5*thetai) - 

2*1i*Ix4*sin(0.5*thetai))*(Identity10*cos(0.5*thetai) - 

2*1i*Ix5*sin(0.5*thetai))*(Identity10*cos(0.5*thetai) - 

2*1i*Ix6*sin(0.5*thetai))*(Identity10*cos(0.5*thetai) - 

2*1i*Ix7*sin(0.5*thetai))*(Identity10*cos(0.5*thetai) - 

2*1i*Ix8*sin(0.5*thetai))*(Identity10*cos(0.5*thetai) - 

2*1i*Ix9*sin(0.5*thetai))*(Identity10*cos(0.5*thetai) - 

2*1i*Ix10*sin(0.5*thetai)); 
R_x_h=(V_rot*R_x*Eigenstatesrot);      %%convert to the Hamiltonian 

eigenbasis: inverse(eigenstates)*matrix*eigenstates 
R_xin_h=(V_rot*R_xin*Eigenstatesrot);      %%convert to the Hamiltonian 

eigenbasis: inverse(eigenstates)*matrix*eigenstates 

  
%%Ry and Ry^-1 rotation matrix pairs -- 180 degree pulse 
R_y = (Identity10*cos(0.5*theta2) - 

2*1i*Iy1*sin(0.5*theta2))*(Identity10*cos(0.5*theta2) - 

2*1i*Iy2*sin(0.5*theta2))*(Identity10*cos(0.5*theta2) - 

2*1i*Iy3*sin(0.5*theta2))*(Identity10*cos(0.5*theta2) - 

2*1i*Iy4*sin(0.5*theta2))*(Identity10*cos(0.5*theta2) - 

2*1i*Iy5*sin(0.5*theta2))*(Identity10*cos(0.5*theta2) - 

2*1i*Iy6*sin(0.5*theta2))*(Identity10*cos(0.5*theta2) - 

2*1i*Iy7*sin(0.5*theta2))*(Identity10*cos(0.5*theta2) - 

2*1i*Iy8*sin(0.5*theta2))*(Identity10*cos(0.5*theta2) - 

2*1i*Iy9*sin(0.5*theta2))*(Identity10*cos(0.5*theta2) - 

2*1i*Iy10*sin(0.5*theta2)); 
% % R_yin = conj(R_y); 
R_yin = (Identity10*cos(0.5*theta2i) - 

2*1i*Iy1*sin(0.5*theta2i))*(Identity10*cos(0.5*theta2i) - 

2*1i*Iy2*sin(0.5*theta2i))*(Identity10*cos(0.5*theta2i) - 

2*1i*Iy3*sin(0.5*theta2i))*(Identity10*cos(0.5*theta2i) - 

2*1i*Iy4*sin(0.5*theta2i))*(Identity10*cos(0.5*theta2i) - 

2*1i*Iy5*sin(0.5*theta2i))*(Identity10*cos(0.5*theta2i) - 

2*1i*Iy6*sin(0.5*theta2i))*(Identity10*cos(0.5*theta2i) - 

2*1i*Iy7*sin(0.5*theta2i))*(Identity10*cos(0.5*theta2i) - 

2*1i*Iy8*sin(0.5*theta2i))*(Identity10*cos(0.5*theta2i) - 

2*1i*Iy9*sin(0.5*theta2i))*(Identity10*cos(0.5*theta2i) - 

2*1i*Iy10*sin(0.5*theta2i)); 
R_y_h=(V_rot*R_y*Eigenstatesrot);      %%convert to the Hamiltonian 

eigenbasis: inverse(eigenstates)*matrix*eigenstates 
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R_yin_h=(V_rot*R_yin*Eigenstatesrot);      %%convert to the Hamiltonian 

eigenbasis: inverse(eigenstates)*matrix*eigenstates 

 
 %%%Equilibrium density matrix 
for j = 1:2^n 
    for k = 1:2^n 
        if j == k     %%Diagonal elements of equilibrium density matrix 
            rho_eq(j,k) = (1-(hbar*Eigenvalues(j,1)/(k_B*T)))/2^n;  

%%High-temperature approximation 
        else             %%Off-diagonal elements are zero 
            rho_eq(j,k) = 0; 
        end 
    end 
end 

  
rho_eq_h=(V_rot*rho_eq*Eigenstatesrot);      %%convert to the 

Hamiltonian eigenbasis: inverse(eigenstates)*matrix*eigenstates 

  
%%%Pulses and time delays 
n_pulses = n_180 + 1;  
d = zeros(n_pulses,1); 

  
%%%%90-acquire loop 
if n_180 == 0 
    fprintf('90-acquire loop\nTotal number of 180s = %0.0f', n_180); 
    seqfile = 'm'; 
    rho_final = R_xin_h*rho_eq_h*R_x_h;  %%Perform 90 degree rotation 

of equilibrium density matrix 
end 
end 

  
%%%CPMG loop 
if seqfile == 1 
    fprintf('CPMG loop\nTotal number of 180s = %0.0f\nTE = %6f', n_180, 

TE); 
    %90 degree pulse 
    rho_1_h = R_xin_h*rho_eq_h*R_x_h;  %%Perform 90 degree rotation of 

equilibrium density matrix 

  
    %First time delay 
    d(1) = TE/n_180/2; 
    blocksizes=getblocksize(rho_1_h); 
    counter=0; blocks=length(blocksizes); 
    for i=1:blocks; 
        if blocksizes(i)==1 %%diagonal element blocksizes=1 
            rho_2_h(i,i)=rho_1_h(i,i); 
            counter=counter+1; 
        else 
            for j=1:blocksizes(i); 
                for k=1:blocksizes(i); 
                    %%Check: rho_1_h must be in the Hamiltonian 

eigenbasis for this shortcut to work!!!! 
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rho_2_h(j+counter,k+counter)=rho_1_h(j+counter,k+counter)*exp((-

H_hrot(j+counter,j+counter)+H_hrot(k+counter,k+counter))*1i*d(1));%*exp

(-d(1)/T2); 
                end; 
            end; 
          counter=counter+blocksizes(i); 
        end; 
    end; 

  

  
    %180 degree pulses 
    ii=3;  % index that determines what delay to go through 
    jj=2; 
    %rho_h_a = rho_1_h; 
    rho_h_b = rho_2_h; 
    while ii < 2*n_pulses 

  
        %Pulse 
        rho_h_a = R_yin_h*rho_h_b*R_y_h;  %%Perform 180 degree rotation 

of equilibrium density matrix   

  
        %Time delay 
        if ii<2*(n_pulses-1)   
            d(jj) = TE/n_180; 
        else 
            d(jj) = TE/n_180/2; 
        end         
        blocksizes=getblocksize(rho_h_a);%3 
        %rho_h_a(ii) = rho_use; %use is 3 
        counter=0; blocks=length(blocksizes); 
        for i=1:blocks; 
            if blocksizes(i)==1 %%diagonal element blocksizes=1 
                rho_h_b(i,i)=rho_h_a(i,i); 
                counter=counter+1; 
            else 
                for j=1:blocksizes(i); 
                    for k=1:blocksizes(i); 
                        %%Check: rho_1_h must be in the Hamiltonian 

eigenbasis for this shortcut to work!!!! 
                        

rho_h_b(j+counter,k+counter)=rho_h_a(j+counter,k+counter)*exp((-

H_hrot(j+counter,j+counter)+H_hrot(k+counter,k+counter))*1i*d(jj));%*ex

p(-d(jj)/T2); 
                    end;  
                end; 
                counter=counter+blocksizes(i); 
            end; 
        end 

  
        ii = ii+2;                             
        jj = jj+1; 
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    end 
    d %#ok<*NOPTS> 
    rho_final = rho_h_b; 
end 
end 

  
%%%%UDD loop 
if seqfile == 0 
    fprintf('UDD loop\nTotal number of 180s = %0.0f\nTE = %6f', n_180, 

TE); 
    jj=1; 
    for jj=1:n_pulses 
        %pulses 
        if jj==1 
            %90 degree pulse 
            rho_h_a = R_xin_h*rho_eq_h*R_x_h;  %%Perform 90 degree 

rotation of equilibrium density matrix 
        else 
            %180 degree pulses 
            rho_h_a = R_yin_h*rho_h_b*R_y_h;  %%Perform 180 degree 

rotation of equilibrium density matrix   
        end 
        %time delays 
        if jj==n_pulses 
            d(jj) = TE-sum(d); 
        else 
            d(jj) = -1*(sum(d))+TE*sin((pi*jj)/(2*n_180+2))^2;    
        end 
        blocksizes=getblocksize(rho_h_a); 
        counter=0; blocks=length(blocksizes); 
        for i=1:blocks; 
            if blocksizes(i)==1 %%diagonal element blocksizes=1 
                rho_h_b(i,i)=rho_h_a(i,i); 
                counter=counter+1; 
            else 
                for j=1:blocksizes(i); 
                    for k=1:blocksizes(i); 
                        %%Check: rho_1_h must be in the Hamiltonian 

eigenbasis for this shortcut to work!!!! 
                        

rho_h_b(j+counter,k+counter)=rho_h_a(j+counter,k+counter)*exp((-

H_hrot(j+counter,j+counter)+H_hrot(k+counter,k+counter))*1i*d(jj)); 
                    end;  
                end; 
                counter=counter+blocksizes(i); 
            end; 
        end 
    end 
    d 
    rho_final = rho_h_b; 
end     
end 
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%%Initialize variables for time evolution loop 
endtime=2.56; steps=2.5e-1; counter=0; 
blocksizes=getblocksize(rho_final); 
blocks=length(blocksizes); 
M_t2 = zeros(1, endtime/steps+1); 
sample=0; samplerate=1; l=1; 
toc 
for t=0:steps:endtime; 
    counter=0; 
    for i=1:blocks; 
    if blocksizes(i)==1 %%diagonal element blocksizes=1 
        rho_acq_h(i,i)=rho_final(i,i); 
        counter=counter+1; 
    else 
        for j=1:blocksizes(i); 
            for k=1:blocksizes(i); 
                %%Check: rho_1_h must be in the Hamiltonian eigenbasis 

for this shortcut to work!!!! 
                

rho_acq_h(j+counter,k+counter)=rho_final(j+counter,k+counter)*exp((-

H_hrot(j+counter,j+counter)+H_hrot(k+counter,k+counter))*1i*t)*exp(-

t/T2); 
            end; 

             
        end; 
        counter=counter+blocksizes(i); 
    end;    
    end; 

     
    rho_acq=Eigenstatesrot*rho_acq_h*V_rot;    %%convert rho_acq_h to 

Zeeman eigenbasis -- to acquire FID 

     
    M_t2(l) = trace(Ixa*rho_acq); 
    l = l+1; %index for magnetization vector 

  
end; 

 
time=0:steps:endtime; 
Npoint=endtime/steps+1; dir_sw2=1/(steps); 
dir_fres=dir_sw2/(Npoint-1);                
dir_swaxis=(-.5*dir_sw2):dir_fres:(.5*dir_sw2); 
dir_sw2_ppm=dir_sw2*1e6/(gamma*B0); dir_fres_ppm=dir_sw2_ppm/(Npoint-

1); 
dir_axis_ppm=(-.5*dir_sw2_ppm):dir_fres_ppm:(.5*dir_sw2_ppm); 
 

figure; plot(time,real(M_t2)); hold on; plot(time, imag(M_t2), 

'r');title('FID vs. time (real - blue; imag - red)'); 
figure; plot(time,real(M_t2)); hold on; plot(time, imag(M_t2), 

'r');xlim([-0.01 0.25]);title('FID vs. time (real - blue; imag - 

red)'); 
spectrum = fftshift(fft(M_t2)); 
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figure; plot(dir_swaxis,abs(spectrum)); xlim([-0.5*dir_sw2 

0.5*dir_sw2]);title('Magnitude: FT of FID in Hz'); 
set(gca,'XDir','reverse'); 
 

figure; plot(dir_axis_ppm,abs(spectrum)); xlim([-0.5*dir_sw2_ppm 

0.5*dir_sw2_ppm]);title('Magnitude: FT of FID in ppm'); 
set(gca,'XDir','reverse');
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