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Abstract – An overview of quantitative magnetization transfer (qMT) is given, with focus on cross-

relaxation imaging (CRI) as a fast method for quantifying the proportion of protons bound to complex 

macromolecules in tissue. The procedure for generating CRI maps is outlined, showing examples in the 

human brain and knee, and discussing the caveats and challenges in generating precise and accurate CRI 

maps. Finally, several applications of CRI for imaging tissue microstructure are presented. 
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1. WHAT IS MAGNETIZATION TRANSFER? 

In conventional magnetic resonance imaging (MRI), 

most of the signal comes from hydrogen in water 

molecules. This hydrogen is highly mobile, with a 

relatively long T2 relaxation constant (~100 ms). We 

refer to it as the free pool. In addition to hydrogen in 

the free pool, there is also hydrogen bound to 

complex macromolecules, such as proteins, lipids, 

and sugars. This hydrogen is less mobile, and has a 

short T2 (on the order of microseconds.) We refer to 

this as the bound, or the macromolecular pool. Figure 

1 shows a diagram of hydrogen in the free and the 

bound pools. 

 

Fig. 1: (Left) Hydrogen in water, T2 ~ 10-100 ms. (Right) 

Hydrogen bound to sphyngomyelin, a macromolecule found 

in myelin T2 ~ 10  s. 

It is difficult to image the bound pool directly, due to 

its short T2. However, an indirect method called 

magnetization transfer (MT) sensitizes the MR 

sequence to hydrogen bound to macromolecules [1]. 

Magnetization transfer imaging was first proposed by 

Wolff and Balaban in 1989 [2]. The main idea behind 

it is that the free pool has a very narrow spectrum (on 

the order of Hz), and the bound pool spectrum is wide 

(on the order of kHz). Therefore, it is possible to 

excite the bound pool without perturbing the free pool 

by applying an MT radio-frequency (RF) pulse. Once 

the bound pool is excited, the protons bound to 

macromolecules exchange magnetization with the 

protons found in free water and reduce the net MR 

signal. This experiment can be performed with on-

resonance [2–5] or off-resonance [6, 7] MT pulses, 

which can be continuous [2, 3, 6] or pulsed [4, 5, 7]. 

 

Fig. 2: A model for the exchange between the bound (MB) 

and the free pool (MF ). A magnetization transfer RF pulse 

is applied, which saturates the bound pool (RRFB) but has a 

very small effect on the free pool (RRFF). When the MT 

pulse is turned off, both pools recover with their respective 

T1 relaxation rates (T1
B, T1

F), but there is also 

magnetization exchange (k) which effectively reduces the 

net MF magnetization. 

Regardless of the pulse used, the excited bound pool 

interacts with the free pool, effectively reducing its 

net magnetization. This process of exchange of 

magnetization between the bound and the free pool is 

called magnetization transfer, and is schematically 

described in Fig. 2. Because only the free pool can be 

imaged directly, the result is a unique type of 

contrast, which makes regions with high bound pool 

content appear darker than those with low bound pool 

content. 
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1.1. Lineshape and Z-spectrum 

The magnetization transfer contrast depends on the 

frequency at which the MT pulse is applied, and on 

the lineshape of the imaged tissue. The lineshape is 

the Fourier Transform of the free induction decay, 

and it represents the extent to which different RF 

frequencies affect the magnetization.  Its width is 

inversely proportional to the T2 relaxation time. 

Therefore, the free pool tends to have a narrow 

lineshape, and the bound pool has a wide lineshape. 

The lineshape of the free pool can be modeled by a 

Lorentzian, whereas the lineshape of the bound pool 

can be modeled by a Gaussian in phantoms, and a 

Superlorentzian in tissue [8–10]. 

On-resonance MT pulses saturate both the bound and 

the free pool.  Off-resonance pulses saturate the 

bound pool, but only have a small effect on the free 

pool. After the MT pulse is applied, the free pool 

magnetization evolves according to a quantitative MT 

model [11-13]. After a series of MT pulses is applied, 

a steady state is reached and the net magnetization of 

the free pool is a fraction of the initial free pool 

magnetization. This fraction depends on the 

frequency of the MT pulse and the respective 

lineshapes of the two pools.  Plotting the net 

magnetization as a function of the frequency of the 

MT pulse gives the z-spectrum (Fig. 3) of the object 

of interest.  

1.2. Magnetization Transfer Ratio 

According to Fig. 3, when an MT pulse is applied 

around 0 Hz, both the bound pool and the free pool 

are completely saturated. As the frequency of the MT 

pulse goes up, the bound pool is still fully saturated 

(due to its wide lineshape), but the free pool only 

feels a small direct effect MDIR. After the MT pulse, 

there is magnetization transfer between the free and 

the bound pool, which results in the free pool losing 

more of its magnetization (MMT). The difference in 

free pool magnetization before and after an MT pulse 

is defined as the Magnetization Transfer Ratio (MTR) 

[7]. So one can think of the MTR as samples of the z-

spectrum at different frequencies. 

If we define M0 as the initial free pool magnetization, 

MDIR as the loss of magnetization due to the direct 

effect of the MT pulse, and MMT as the loss of 

magnetization due to MT, then: 
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Fig. 3: A z-spectrum schematic adapted from [15]. 
The red line is the bound pool lineshape, and the blue 

line is the free pool lineshape. The black line is the z-
spectrum, and it represents the leftover free pool 

magnetization after an MT pulse is applied at a range 

of frequencies. 

The MTR metric includes contributions from several 

MR parameters [14, 15], such as the longitudinal 

relaxation rate (T1), the exchange rate (k), and the 

bound pool fraction (BPF), defined as the fraction of 

exchanging protons that are bound to 

macromolecules. Sometimes these parameters 

combine to mask the magnetization transfer effect. 

This is the case when an area with decreased BPF has 

an increase in T1 [16, 17]. 

1.3. Quantitative Magnetization Transfer (qMT) 

In order to decouple the individual contributions of 

T1, k and BPF from the MTR, a more exact 

mathematical description of the MT process is 

needed. The evolution of the free and the bound pool 

magnetization can be represented by a linear system 

with several tissue dependent and pulse sequence 

dependent parameters: 

 

dMz

dt
# (A ! B)Mz !C     (2) 

 

where A is a matrix accounting for the magnetization 

transfer between the two pools, B represents the 

direct effect of the MT pulse, and C represents the 

longitudinal recovery in the absence of external 

pulses.  Equation 3 is an expansion of Eq. 2 that gives 

a more detailed look at the qMT modeling: 

 

(3)
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MZ
F and MZ

B are the longitudinal magnetization of 

the free and the bound pool, which evolve as a 

function of time. T1
F, T2

F, T1
B and T2

B are the 

relaxation parameters of the free and the bound pool, 

respectively. BPF is the bound pool fraction, defined 

as the proportion of exchagnging protons bound to 

macromolecules, and k is the rate of exchange (in s-1) 

between the free and the bound pool. g($, T2
B) is the 

Superlorentizan lineshape of the bound pool. The 

parameters that depend on the pulse sequence are the 

off-resonance frequency of the MT pulse ($%, and the 

magnitude of the MT pulse (&1rms). 

Based on this model, several quantitative 

magnetization transfer (qMT) methods have been 

proposed [14, 18–22]. While the methodology and 

terminology used in the above methods differ 

significantly, their goal is similar - to determine the 

proportion of protons that are bound to 

macromolecules, and to quantify the rate of exchange 

of magnetization between the bound and free protons. 

There has not been a comprehensive study comparing 

all of the above methods. Studies comparing the 

pulsed off-resonance techniques [14, 18-20] suggest 

that they provide consistent measurements of the 

macromolecular pool size [23] that are comparable to 

ex vivo results [24].   

This paper focuses on the qMT method proposed by 

Yarnykh and Yuan in 2004 [25]. Their method uses 

the term cross-relaxation imaging (CRI) and is a 

modification of the earlier work by Yarnykh [19]. 

The main difference is that the new method accounts 

for the direct effect of the MT pulse on the free pool. 

We focus on this method because, of all the methods 

mentioned above, it is the only one that can provide 

large 3D coverage in a reasonable amount of time, 

using only product MR sequences readily available 

on any MR scanner.  

 

Fig. 4: CRI flowchart in the human knee 

The speed and ease of implementation is achieved at 

the expense of several model simplifications and 

approximations. We tested the model in a variety of 

settings, to make sure that the approximations and the 

modeling are well-suited to the experiment at hand. 

What follows is a case study of cross-relaxation 

imaging which discusses several issues related to the 

CRI methods and modeling, followed by an overview 

of potential CRI applications in studying tissue 

microstructure. 

2. CRI: A CASE STUDY 

The CRI procedure consists of two sets of scans. 

First, T1 mapping is performed using a set of four 

variable flip angle SPGR scans (TR = 20 ms, TE = 

2.4ms,  =4o, 10o, 20o, 30o) [26]. 

The T1 mapping is followed by four variable offset 

frequency MT scans (TR = 32 ms, TE = 2.4ms,   = 

10o, $ = 3, 9, 15, 21 kHz). Fermi off-resonance RF 

pulses are used (8 ms duration, 670o flip angle), and 

the offset frequencies are chosen so they sample the 

z-spectrum of the scanned object. For example, brain 

tissue has a narrower z-spectrum than cartilage, and 

this is due to the longer T2
B, the bound pool 

transverse relaxation rate.  

The T1 map is used to generate a synthetic image, 

called S0, which serves as a reference for the MT 

scans. Namely, all four MT scans have a signal 

reduction compared to a reference image when no 

MT pulse is applied. However, this reference image 

need not be acquired, as it can be synthesized from 

the T1 map, using the same TR, TE and flip angle as 

the MT scans. The S0 image is synthesized from: 
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where ! and T1 are obtained from the variable flip 

angle T1 mapping technique [26], and   and TR are 

the same as for the MT scans. 

Avoiding this additional scan results in a significant 

reduction of scan time, and most of the time this 

simplification is legitimate. However, in specific 

situations it is essential that this S0 image be acquired, 

and not synthesized. Later in the paper we discuss 

this issue. The prediction model makes a priori 
assumptions about all unknown parameters except for 

k and BPF. A non-linear least-squares Levenberg-

Marquardt algorithm is used to find the k and BPF 

values that minimize the prediction error. Figure 4 is 

a flowchart showing the scans required to generate 

CRI maps of the human knee. 

2.1. CRI Maps in the Human Knee 

Figure 5 shows four maps of a single knee slice in 
vivo. While the cartilage is clearly visible on the T1 

and MTR maps, the BPF and k maps provide 

additional information and enable better 

differentiation of cartilage. In particular, cartilage and 

muscle have similar T1 and MTR values, but the BPF 

values in cartilage are significantly higher than those 

in muscle (0.25 vs. 0.13). A possible reason for this 
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difference is that the MTR depends not only on the 

BPF, but also on several other parameters such as T1 

and the exchange rate k. Unlike the T1 and the MTR 

maps, the BPF and k maps also show good contrast in 

the meniscus. 

The CRI maps require accurate sampling of the tissue 

z-spectrum, so it is beneficial to acquire as many 

different MT offset frequencies as possible. However, 

performing this in vivo is difficult because of time 

constraints and motion artifacts that can occur when 

scan duration is increased. In order to test the validity 

of the CRI model, we scanned ex vivo specimens of 

the human tibia and patella, which have thick 

cartilage in the knee joint area. 

 

Figure 5: (Top) A T1 and MTR map. (Bottom) BPF 
and k map. All four maps clearly outline the 

cartilage, but the BPF and k map complement the 

information present in the T1 and MTR map. The red 
arrow points out the meniscus. In the BPF and k map 

there is clear differentiation between the white 

(bright) and red (darker) zone of the meniscus. The 
green arrow points out a region in cartilage where 

the MTR is significantly higher. This feature is visible 

only in the k map, and is not outlined in the BPF or 
T1 map. 

 

Figure 6: Reprinted from [30]. A single slice from a 

tibia specimen, imaged using the CRI protocol. The 
in-plane resolution is 0.8 x 0.8mm, and the slice 

thickness is 3mm. Shown are a T1 map (top left), 

MTR map (top right), k map (bottom left) and BPF 
map (bottom right). 

The MTR, BPF, k and T1 map for a single slice of a 

tibia ex vivo specimen are shown in Fig. 6. 

Perpendicular to the cartilage surface, the T1 and the k 

map vary smoothly in opposite directions. The MTR 

is relatively flat in comparison, and the BPF map 

shows a heterogeneous structure that cannot be seen 

in any of the other CRI maps.  The opposing trend 

between T1 and the cross-relaxation maps (k and 

BPF) results in a small dynamic range for MTR, 

which could be the reason for the flatness of the MTR 

maps, compared to the maps of the individual CRI 

parameters. 

2.2. CRI Quality of Fit 

To test the CRI fit quality, we acquired 27 scans with 

different MT offsets, along with the reference S0 

image. The total scan time was 75 minutes. As Fig. 7 

shows, the MT points sample the entire z-spectrum 

up to 40.5kHz. At high offset frequencies the bound 

pool is no longer saturated, and there is no MT effect 

anymore, so we can assume that the mean MR signal 

is the same as that of the S0 image acquired without 

MT. Figure 7 shows that our fit models closely the z-

spectrum of cartilage. 

 

Figure 7: Quality of fit to z-spectrum at a single ROI 
from the tibia. 27 off-resonance MT scans were 

acquired, and the absolute numbers from the MR 

images are represented by colored circles. The line 
passing through the circles is the fit provided by the 

two-pool model. For this particular voxel, BPF = 

0.18, k = 1.33 s-1. 

2.2.1. CRI Sensitivity to S0 and Scanner Drift 

Despite acquiring 27 off-resonance points, 

inaccuracies in the S0 image can corrupt the BPF 

map. Figure 8 shows how a voxel can have an 

artificially high BPF value due to an incorrect value 

for S0. The points at high offset frequencies should be 

approaching one, but in the right column, even at 

high offsets the ratio Si/S0 is significantly lower. 

When this is the case, the z-spectrum MT model 

cannot pass through all the points, because the model 

assumes that at high frequencies the ratio is 1. As a 

result, the BPF and k values end up artificially high.  

One way to mitigate this is to acquire the S0 image, 

instead of synthesizing it.  If possible, the S0 should 

be acquired right after the last MT scan to ensure that 

Si/S0 is close to one.  This results in a longer scan 

time, but ensures a more robust fit. 
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Fig. 8: The quality of fit for a voxel where S0 is 

incorrect. The red circles indicate the points used for 
the fitting procedure. The top image uses 4 points, 

whereas the bottom fit uses all 27 points.  The high 

offset MT scans do not match S0, so the fit is very 
sensitive to the subset of points used. 

Drifts of the absolute signal value can explain the 

high CRI variability over time. To check this, we 

acquired the same set of MT scans several times in a 

row, and found that the mean signal from the first set 

of scans was consistently higher than the second set 

of scans. This can be seen in Fig. 9, where four sets 

of MT scans were acquired on the same sample twice 

in a row, without changing any MT parameters and 

without any breaks between the scans. 

One reason for this behavior is that the MT scans are 

RF intensive, with an RF duty cycle of about 30%. As 

the RF amplifiers are designed for a 10% duty cycle, 

during the MT scans they are operating outside of 

their specifications. The longer the amplifiers are 

operating in this regime, the harder it is to supply the 

necessary current. As a result, the current output 

drops, the B1 amplitude is lower than what the 

sequence prescribes, and the mean signal decreases. 

While this effect is present whenever an MT pulse 

sequence is played out, one way to mitigate it is to 

provide breaks between RF intensive scans. For the 

purposes of our experiment, we recommend 

interleaving the MT and the T1 mapping scans. As the 

SPGR scans used for T1 mapping are not RF 

intensive, they will provide the necessary rest for the 

RF amplifier. 

 

Figure 9: The repetition of two sets of MT scans in 

the same sample at four offset frequencies. The first 
four scans correspond to points on the top, the points 

on the bottom are from the second set. If the same S0 

image is used, the second set of scans will produce 
higher CRI values, because the additional signal 

decrease will be interpreted as the MT effect of a 

larger bound pool. 

2.2.2. CRI Sensitivity to T1 

T1 mapping is an essential part of the CRI procedure, 

so the CRI values are very sensitive to the T1 

parameter. At 1.5T, the T1 parameter can vary by as 

much as 10% depending on the precision of the RF 

transmit (B1) field. Due to the non-linearity of the 

CRI model, the T1 uncertainty can result in BPF 

variations of 20%. Figure 10 points out this 

variability. 

While the two BPF maps look very similar visually, 

the absolute BPF values are about 20% apart, as can 

be seen from the grayscale colorbars next to the 

maps. In the absence of precise T1 values, it is 

difficult to compare BPF values across subjects. 

However, the relative differences within a BPF map 

are preserved, so comparisons of values within a 

subject are valid. 

2.2.3. CRI Sensitivity to the a priori Parameters 

The previous sections discussed the dependence of 

the CRI maps on the MR sequence and the estimated 

MR parameters. The maps also depend on parameters 

that are never measured, but are part of the CRI 

model. In the model proposed by Yarnykh, three a 

priori parameters are fixed and independent of the 

pulse sequence - the longitudinal and transverse 

relaxation times of the bound pool (T1
B and T2

B), and 

the ratio of the transverse to longitudinal relaxation 

time of the free pool (T2
F /T1

F ). 

In order to determine the sensitivity of the CRI maps 

to the a priori parameters, we varied the parameters 

over their biologically plausible range (T2
B = 7 " 

13#s, T1
B = 0.3"2 s, and T2

F /T1
F = .03".07) [12, 14, 
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25]. For each combination of parameters we obtained 

unique k and BPF maps, and looked at their variation. 

Figure 11 shows that the BPF map is less sensitive to 

changes in the a priori parameters, as the k map tends 

to absorb most of the variation. 

 

Figure 10: BPF sensitivity to the T1 parameter. (Top) 

T1 maps without (left) and with (right) B1 correction, 

resulting in a drift of the mean T1 value. Both maps 
are windowed to have the same contrast, but the 

colorbars show that the absolute values are different. 

(Bottom) The corresponding BPF maps show similar 
contrast, but the BPF maps with higher T1 values 

(right) have lower BPF values. 

 

We tested the validity of the a priori parameters by 

calculating the mean RMS difference between the 

model fit and the data. While the quality of fit did not 

change dramatically with respect to the T1
F and the 

T2
F/T1

F parameters, it was sensitive to the T2
B 

parameter. Figure 12 shows that for three different 

subjects the residual is minimized at different T2
B 

values. This tends to indicate that T2
B could be 

another free parameter in the CRI fits, but this would 

increase the complexity of the fitting, and (due to the 

non-linearity of the fit) it might degrade the quality of 

the CRI maps. 

3. CRI INSIGHTS IN TISSUE 

MICROSTRUCTURE 

In the previous section we outlined the challenges 

associated with obtaining precise and accurate CRI 

maps. Understanding these challenges is essential 

when considering potential applications of CRI in 

imaging tissue microstructure.  Below we focus on 

two novel applications of CRI in imaging white 

matter in the brain, and cartilage in the knee, 

demonstrating the potential of combining CRI with 

more conventional imaging techniques. 

 

Figure 11: Plot of the proportion change of BPF 

(left) and k values (right) when the a priori 
parameters are varied from one extreme to the other. 

The colormap shows that the k maps are more 

sensitive to the a priori parameters (hence the more 
intensive colors), and they also show more variability 

across tissues (hence the color non-uniformity). 

 

Figure 12: Quality of fit plotted as a function of T2
B. 

All three subjects have a U-shaped quality of fit 

curve, but the minimum varies across subjects. The 

optimal values tend to be around 8-9  s. Also, white 
matter is better fitted compared to gray matter and 

has a slightly lower optimal T2
B value. This could be 

due to the fact that white matter is better 

approximated by the Superlorentzian model 

3.1. CRI in the Human Brain 

Diffusion tensor imaging (DTI) is  currently the only 

method available to identify and measure white 

matter fascicles of the brain in vivo. The BPF was 

computed along brain fiber tracts obtained with DTI, 

and the fiber BPF score was used to identify clusters 

of fibers with high myelin content. 

Figure 13 shows excellent reproducibility of the high 

BPF fibers across five healthy subjects.  The anterior 

frontal callosal and superior longitudinal fasciculus 

groups are prominent in all subjects. Also, we see the 

optic radiation in all five subjects. While many fiber 
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The g-ratio is usually measured using myelin stains 

ex vivo, and there is great interest in being able to 

map the g-ratio in vivo.  Figure 14 shows a simulated 

cross-section of the human corpus callosum, obtained 

by combining CRI and diffusion imaging. Estimates 

of the fiber volume fraction (FVF), myelin volume 

fraction (MVF) and the g-ratio were combined with 

published fiber caliber distributions to produce these 

cross-sections. While these results remain to be 

validated with histology, the obtained g-ratio values 

are within the range of values reported in literature 

[29]. 

groups are similar across subjects, there are 

interesting individual differences. For example, the 

cingulum is among the high-BPF fibers in only three 

of the five subjects. 

 

3.2. CRI in the Human Knee 

Cartilage damage in osteoarthritis is associated with 

loss of proteoglycan (PG) and degeneration of the 

collagen matrix. Biomarkers specific to 

macromolecular content (collagen or proteoglycan) 

may serve as an early indicator of osteoarthritis. 

Biochemistry measurements in articular cartilage 

show that the CRI parameters relate to collagen and 

proteoglycan concentrations in ex vivo cartilage 

specimens [30]. 

Figure 13: Reprinted from [29].  Fiber groups with 

high BPF in five healthy volunteers. 

In myelinated axons, the ratio between the axon 

caliber (diameter) and the total caliber of the axon 

plus its myelin sheath (i.e., the fiber caliber) is 

relatively constant and is observed to be near the 

theoretically optimal value of 0.6 [27]. Recently, 

variations in this axon-to-fiber ratio (the "g-ratio") 

have been proposed to be associated with differences 

in brain development [28].  

Table 1 shows that unlike the more commonly used 

magnetization transfer ratio (MTR), the CRI 

parameters correlate with the biochemistry 

measurements of sulfated glycosaminoglycan (a 

measure of proteoglycan content) and hydroxyproline 

(a measure of collagen content) in cartilage plugs 

pulled from four ex vivo cartilage specimens. The 

biochemistry amounts were normalized by water 

content.   

 

Figure 14: Reprinted from [29]. Simulated tissue 

cross-sections for five segments of the corpus 
callosum in a healthy volunteer. 

The method remains to be explored in vivo, but it is a 

promising new way of imaging cartilage that could be 

useful in early diagnosis of osteoarthritis.  

Table 1: Correlation of the CRI parameters with sGAG/WC and hydroxyproline/WC (reported in mg/ml) in 

articular cartilage for four ex vivo cartilage specimens, reported as Pearson’s correlation coefficients. The 
statistical significance of each correlation is shown in parenthesis, and all correlations with p < .05 are shown 

in bold. 

 

 

4. CONCLUSION 

CRI provides useful biomarkers for studying areas 

with high macromolecular content, such as white 

matter in the brain and cartilage in the knee.  The CRI 

maps are sensitive to different aspects of the MR 

pulse sequence, such as the T1 mapping technique and 

the scanner drift. They also depend on several a 

priori parameters, especially the transverse relaxation 

rate of the bound pool T2
B. Proper understanding of 

the benefits and limitations of CRI imaging will open 

the way for novel imaging methods that provide 

insight in tissue microstructure. 
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