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ABSTRACT 

Localized pH changes have been suggested to occur in the brain during normal 

function. However, a lack of methods for non-invasively measuring pH with high spatial 

and temporal resolution limits current knowledge of brain pH dynamics. Here I report 

that a magnetic resonance imaging (MRI) strategy named T1 relaxation in the rotating 

frame (T1ρ) is sufficiently sensitive to detect widespread pH changes in the mouse and 

human brain evoked by systemically manipulating carbon dioxide (CO2) or bicarbonate 

(HCO3). Moreover, T1ρ detected changes suggesting a localized acidosis in the human 

visual cortex induced by a flashing checkerboard. Lactate measurements and pH-

sensitive 31P spectroscopy at the same site also suggest a localized acidosis. Consistent 

with the established role for pH in blood flow recruitment, T1ρ correlated with blood 

oxygenation level dependent contrast (BOLD), although T1ρ was directly sensitive to 

blood oxygen content. These observations provide the strongest evidence thus far for 

localized pH fluctuations in the human brain during normal function. Furthermore, they 

suggest a novel functional imaging strategy based on pH that is independent of traditional 

fMRI contrast mechanisms.  

Possible sources of acidosis include local metabolism, which is likely to correlate 

with the degree of stimulation and the associated changes in local neural activity. 

Therefore, we hypothesized that T1ρ and pH changes would increase with increasing 

stimulation frequency. To test this hypothesis, we used a full-field visual flashing 

checkerboard and varied the frequency between 1, 4, and 7Hz. The response was imaged 

with T1ρ, BOLD, and 31P spectroscopy. Supporting our hypothesis, we found that 

increasing stim ulation frequency increased responses measured by all three imaging 
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modalities. The activation area detected by T1ρ overlapped to a large degree with that 

detected by BOLD, although the T1ρ response area was significantly smaller. 31P 

spectroscopy detected a greater acidosis with the higher stimulation frequencies. These 

observations suggest that, similar to the BOLD response, the magnitude of the T1ρ and pH 

response depends on stimulation frequency and is thus likely to be activity-dependent.  

Brain acidosis is the end product of energy metabolism. Metabolically active cells 

lower local pH, the detection of which could help pinpoint regions activated by sensory 

stimuli, emotion, or cognitive task. fMRI mostly relies on BOLD changes in the venous 

system while arterial spin labeling (ASL) enables changes in tissue perfusion resulting 

from local cerebral blood flow (CBF) changes. BOLD contrast can be significantly 

distant from the actual site of neuronal activity because it relies on changes of the local 

magnetic field within veins. The venous contribution results in a loss of spatial specificity 

and spatial resolution of the BOLD response. In addition, the hemodynamic response to 

brief periods of neural activity is delayed. However, ASL contrast originates 

predominantly from tissue and capillaries. Even though functional signal changes 

detected by ASL have superior spatial and temporal resolution as compared to BOLD 

contrast, ASL contrast still suffers from poor temporal resolution due to delays in the 

hemodynamic response resulting from neurovascular coupling. Therefore, the ability to 

measure pH dynamics may provide a more localized and direct measure of brain activity. 

We hypothesized that pH-sensitive T1ρ response in the visual cortex will temporally 

precede the hemodynamic response measured by functional imaging including BOLD 

and ASL contrast since local acidosis evoked by neural activity may drive the 

hemodynamic response. To test this hypothesis, dynamic imaging was performed using 
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T1ρ, BOLD, and ASL while viewing a phase-encoded expanding ring stimulus which 

induces travelling waves of neural activity in the visual cortex. We calculated the phase 

maps for the eccentricity across their occipital cortices for each of functional signal and 

compared the T1ρ temporal resolution with the hemodynamic response. This study 

suggests that T1ρ signal has a higher temporal resolution as compared to the 

hemodynamic response. This is further evidence that the T1ρ signal is not sensitive to 

blood oxygenation or other blood factors that might alter T1ρ.  

In conclusion, T1ρ imaging has the potential to provide a new functional imaging 

marker that may be more specific to the area of brain activity. Therefore, it is possible 

that by non-invasively detecting pH dynamics in the human brain, T1ρ MRI could offer a 

novel, more direct approach to map brain function. A number of psychiatric and 

neurological disorders could potentially benefit from the ability to study dynamic pH 

changes.  
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CHAPTER 1 
 

INTRODUCTION 

 

1.1.   Importance of pH Measurement 

Over the past decade, researchers in neuroscience have investigated how brain 

cells regulate their intracellular pH and the consequence of this change in their immediate 

extracellular environment. It has become clear that neural activity within the brain 

induces changes in both intracellular and extracellular pH, which in turn have important 

consequence for brain function. In addition to the neural activity, a number of CNS 

diseases are associated with acidosis, such as seizures, stroke, and multiple sclerosis [1-8]. 

Therefore these pH fluctuations likely play critical roles in the understanding of brain 

function and pathophysiology. 

1.1.1.   Functional pH change in neural activity  

The neural activity in brain cells is extremely sensitive to the effect of chemical 

factors and both endogenous and exogenous modulators. One of the most potent 

endogenous neuromodulators within the brain is the positive hydrogen ion (H+), which 

plays a crucial role in biological organizations because of the presence in protein of 

charged groups capable of binding and releasing H+ ions. The change of pH by these 

interactions influence numerous biophysical and biochemical functions; yet the 

mechanism that underlie these interactions are still only partially understood. Neural 

activation in the brain is inevitably associated with metabolic changes such as oxygen 
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and glucose uptake. Changes in individual ions and molecules (H+ and others), by 

mechanisms not entirely understood [9,10], lead to local changes in blood flow, blood 

volume and blood oxygenation via so-called neurovascular coupling [11,12].   

Neural activities by sensory stimuli, emotion, or cognitive tasks lower local pH 

[8,13,14]. The local acidosis in activated regions potently increases CBV and CBF, 

providing a more direct measure of neural activity as well as a better understanding of the 

BOLD response. Neural activities generate lactate, CO2 and other metabolites that lower 

interstitial pH (Figure 1.1). These and the synaptic release of protons from 

neurotransmitter (NT) vesicles lower pH in the synaptic cleft to modulate pH sensitive 

channels and other receptors in the pre- and post-synaptic membrane. In addition, 

increased metabolic activity also produces more CO2, which is rapidly hydrated to HCO3
- 

and H+. Illustrated in Figure 1.1 are voltage-gated Ca2
+-channels (VGCC), NMDA 

receptors, and ASICs. Neuron activation generates acidosis that begins within seconds to 

minutes and lasts for minutes or longer. The degree of acidification and its duration 

depend on the magnitude of activity. CO2 and proton generation from carbohydrate 

metabolism are likely responsible for the pH changes that are seen.   

Brain activation is accompanied by a complex sequence of cellular, metabolic, 

and vascular processes. Various cellular processes of neurons require energy in the form 

of adenosine triphosphate (ATP). ATP is synthesized first by glycolysis, which is 

anaerobic and produces a small amount of ATP, and by oxidative glucose metabolism, 

which requires oxygen and produces a large amount of ATP. In the brain, most glucose is 

metabolized by the latter mechanism aerobically. Therefore cerebral metabolism depends 

on a constant supply of both glucose and oxygen. A continuous supply of these two 
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energy substrates is maintained by the cerebral blood flow (CBF), which delivers glucose 

and oxygen to neural tissue through a complex web of blood vessels. Also increased 

activation removes metabolic waste including CO2 through the cerebral vasculature. The 

ability of neurons and glia to generate signals to increase blood flow to match local 

demand is collectively called neurovascular coupling. As early as 1890, Roy and 

Sherrington suggested that acidosis increases CBF [15,16]. Many subsequent studies 

confirmed that local acidosis is a critical determinant of cerebrovascular tone. Carbon 

dioxide inhalation causes marked cerebral vasodilation, whereas hypocapnia results in 

pronounced vasoconstriction. Indeed, the cerebral blood flow can be reduced by 

voluntary hyperventilation. A change in arterial pCO2 alters pH both inside and outside 

blood vessels. However, if the arterial pCO2 is kept constant, the pH changes in the blood 

do not affect the cerebral blood flow. This evidence points toward pH changes in the 

brain tissue being responsible for CO2 reactivity. Brain tissue acidosis accounts for the 

vasodilation associated with increased neuronal activity because the metabolic end 

product of cerebral metabolism is carbon dioxide. Consequently, activity-evoked pH 

changes may precede the hemodynamic responses measured by functional imaging 

including fMRI BOLD contrast. The ability to non-invasively detect the change of brain 

pH could offer a novel, more direct approach to map and understand brain function. 

1.1.2.   Localized acidosis in CNS diseases 

Brain pH is largely controlled by the CO2/HCO3
- buffering system, which is 

acutely regulated by breathing. Recently, increasing evidence suggests that pH may be 

abnormally regulated in panic disorder [17,18]. Furthermore, CO2 inhalation triggers 
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panic attacks and patients with panic disorder are particularly sensitive [18]. CO2 is 

constantly produced in the brain as an end product of carbohydrate metabolism. It readily 

crosses cell membrane such as blood-brain barrier. In a reaction catalyzed by carbonic 

anhydrase, CO2 is hydrolyzed to carbonic acid (H2CO3), which readily dissociated into 

HCO3
- and H+. The resulting acidosis is thought to be responsible for most of the 

physiological effects of CO2. Therefore, the CO2 inhalation is likely to acidify brain pH.  

Brain pH changes have been shown to be sensitive to assessment of tumor and 

stroke. In addition, disrupting ASIC1a gene or blocking its activity had been shown to 

produce profound effects in mice; including markedly attenuated anxiety and depression-

related behaviors, prevented neuronal loss in a model of multiple sclerosis (MS), reduced 

neuronal injury in ischemia, and altered seizure severity [18-21]. A significant drop in 

brain pH during neuronal excitation or seizure activity suggests that ASIC activation 

might occur and activated ASICs play a role in the generation of epileptic seizures. 

Stroke and multiple sclerosis can produce even more substantial and sustained brain 

acidosis. During neurological conditions such as brain ischemia, increased anaerobic 

glycolysis due to reduced oxygen supply leads to lactic acid accumulation [22]. 

Accumulation of lactic acid, alone with increased H+ release from ATP hydrolysis, 

causes a decrease in pH, resulting in brain acidosis. During brain ischemia, for example, 

extracellular pH falls to 6.5 or lower. In addition, epilepsy is a very common form of 

abnormal brain function that appears to be influenced by pH [22,23]. These pH 

fluctuations likely play critical roles in brain physiology and pathophysiology. Therefore, 

the ability to measure pH could offer a novel, more direct approach to map brain function 

as well as to detect disease and response to treatment. 
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Figure 1.1. Model of proton signaling in the brain [30]. Cellular activity and disease 

generate CO2, lactate, hydrogen ion, and other metabolites that lower interstitial pH. 

Theses and synaptic release of protons from neurotransmitter (NT) vesicles lower pH in 

the synaptic cleft to modulate pH sensitive channels and other receptors in the pre- and 

post-synaptic membrane. Illustrated are voltage-gated Ca2
+-channels (VGCC), NMDA 

receptors, and ASICs.  
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CHAPTER 2 
 

BACKGROUND AND LITERATURE REVIEW 

 

2.1.   Brief Introduction to Magnetic Resonance Imaging 

The foundation of magnetic resonance imaging began with the development of 

nuclear magnetic resonance discovered independently by Felix Bloch and Edward Purcell 

in 1946 [24,25]. The use of magnetic resonance (MR) imaging is growing exponentially, 

in part because of the excellent anatomic and pathologic detail provided by the modality 

and because of recent technologic advances that have led to faster acquisition times. In 

addition, functional imaging of the brain is one of the most exciting recent developments 

in MR imaging. The visualization of activated brain regions during external stimulus or 

performing specific tasks opens a completely new perspective for the use of MRI. 

Recently, developed techniques offer functional information of the brain with high 

temporal and spatial resolution. 

Any nucleus with unpaired protons and/or neutrons has a net spin, which is 

potentially applicable for MRI. Spin is the tendency to behave like a spinning ball of 

charge. Any time a charge moves, it creates a magnetic field. Some biologically 

important nuclei that have angular momentum include 1H, 13C, 17O, 23Na, and 31P. 

However the hydrogen nucleus, 1H, consists of a single proton and is of great abundance 

in human tissues, making it an excellent element to be exploited for clinical imaging.  

Thermal (Brownian) motion molecules have random orientation, thus creating no 

net magnetic field of the spin system. When a particle with a net spin is placed in a 
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magnetic field, it can absorb photons of energy at a very specific energy. This frequency, 

the Larmor frequency, is determined by the gyromagnetic ratio of the particles 

ω =  γ B                                                                      (2.1) 

where γ is the gyromagnetic ratio of the atom, B is the magnetic field that the atom 

experiences, and ω is the resulting frequency at which energy can be absorbed. The 

random orientation of individual spins causes the net magnetization M0 to be zero. 

However, when placed in a magnetic field, each atom may be at one of two slightly 

different energy states, either parallel or anti-parallel to the field as shown in Figure 2.1.  

The energy difference between these energy states ΔE is 

ΔE =  ħω0 =  γħB0 = h
γ

2π
B0                                        (2.2) 

where h is the Planck’s constant (ħ= h/2π). In an equilibrium state, greater numbers of 

protons occupy the lower energy states resulting in M0, which is aligned along the B0, 

referred to as z-axis. The difference between two energy states is proportional to the 

magnetic field B0 in which the atom is placed.  

In order to gain information from the object, the spin system must be disturbed by 

a short temporary radio frequency (RF) pulse applied at the Larmor frequency. After 

applying the RF pulse, changes between the spin states of the nuclei and each individual 

spin can occur independently. The transmitting RF coil creates a magnetic field B1 that is 

perpendicular to the B0. By applying a B1 field at the Larmor frequency ω, the M0 can be 

tilted. The angle of this flip depends on intensity, waveform and duration of the RF pulse. 

This RF pulse causes phase coherence for the spins by exciting the spins. After a 90 

degree pulse, the magnetization will become tilted to the transverse plane (xy). After this 
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excitation, the spins start to return to the equilibrium state. The excited spins lose their 

energy and also their phase coherence, i.e. spin synchronicity. This relaxation of the 

nuclei is the return of the distribution of spins towards the Bolzmann distribution. The 

change from higher energy state to lower causes the nuclei to emit energy at the Larmor 

frequency. This precession of the M0 during the return to the z-axis will induce an 

electrical signal with a frequency ω into the RF coil. Figure 2.2 shows this resulting 

signal, which is called the free induction decay (FID). 

There are two relaxation processes by which nuclear magnetization obeys: the 

longitudinal, or spin-lattice relaxation (T1) and the transverse, or spin-spin relaxation (T2). 

After applying an RF pulse, the spins return to their equilibrium state in which there is no 

transverse magnetization and the longitudinal magnetization is at its maximum value and 

oriented in the direction of main magnetic field (B0). As shown in Figure 2.2, the 

magnetization recovers to 63% of its equilibrium value after one time constant T1. The 

longitudinal relaxation time (T1) determinates the rate at which the equilibrium state is 

achieved. The external magnetic field inhomogeneities and interaction between spins 

cause net magnetization to dephase in transverse plane. The magnetization drops to 37% 

of its original magnitude. The rate of phase coherence loss is the transverse relaxation 

time (T2). T2 decay depends primarily on spin-spin and spin-surroundings interactions 

whereas so called T2
* decay depends additionally on susceptibility gradients and external 

polarizing field inhomogeneities. 
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2.1.1.   T1 and T2 relaxation 

A MR signal intensity depends mainly on the proton density and the relaxation 

time of water protons. There are two parameters that the user can tune to vary the contrast 

in the MR image: repetition time (TR) and echo time (TE). Theses parameters can be 

varied to achieve PD, T1 and T2 weighted images. Different tissues have unique T1 and T2 

relaxation time constants. These relaxation time constants determine the exponential 

decay curve for the MR signal. In conventional spin-echo experiments, TE is the time 

from the 90° RF pulse to the center of the echo. TR is the time between two repeated 90° 

RF pulses. By changing the TR and/or TE, T1 or T2-weighted images are acquired. The 

MR signal intensity for each pixel in an image can be described as 

    S =  S0(1 − e−TR/T1)  e−TE/T2                                      (2.3)  

In T1 relaxation, the energy induced by the RF pulse dissipates into the 

surrounding tissue. The most efficient energy transfer occurs when the natural motional 

frequency (translation, rotation, and vibration) of the protons are at the Larmor frequency. 

However, the natural motional frequency of water protons depends on the physical states 

of the tissue. It is influenced by the atoms to which they are attached or to which they are 

proximal. The time needed for this energy dissipation through dipole-dipole interaction is 

represented by the constant T1. T1 is sensitive to rapid motion of the proton environment 

compared to T2 due to its sensitivity to small disturbances in the magnetic field that occur 

at the Larmor frequency. This makes the T1 relaxation field dependent on its immediate 

environment and its relaxation time longer as the strength increases. In the small water 

molecule, protons have high natural motional frequencies. The natural motional 
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frequency of the proton in water is also much faster than the Larmor frequency for 

hydrogen. In solids, protons have lower natural motional frequencies than do water 

protons. The natural motional frequencies of protons in solids are slower than the Larmor 

frequency for hydrogen. Protons in fat have frequencies that are almost equal to the 

Larmor frequencies for water. This result is caused by the rotational frequency of the 

carbons around the terminal C-C bond. Because this frequency is near the Larmor 

frequency, the efficiency of energy transfer from the protons to the lattice or from the 

lattice to the protons is increased, thus decreasing T1.  

The transverse relaxation is characterized by the T2 constant. It is caused by time 

varying dipole-dipole interactions, where energy is not dissipated, but signal is lost due to 

dephasing of spins. T2 is relatively independent to field strength and it is more related to 

the slow variations, large τc which is the correlation time of the interactions of the spins 

with their environment, in the local magnetic environment. In water molecules, spin-spin 

interaction among the protons is negligible because the distance between protons both 

within each molecule and between adjacent molecules is relatively large. Thus T2 

relaxation time is long due to slower dephasing rate. The molecular structure of solids is 

opposite to that of water, which is dense structure, allowing many interactions between 

protons. This large number of interactions results in more dephasing. Therefore, T2 

relaxation time for solids is short.  

Most of the water in the body is not in the pure state but is bound to a 

macromolecule such as a protein. These bound water molecules lose their own mobility. 

Therefore it makes a more efficient energy transfer because the frequencies of the bound 

water molecules get closer to the Larmor frequency. The net result is a shortening in the 
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T1 relaxation. However, T1 for H2O and solid tissue is long because the energy transfer is 

not efficient. In addition, the T1 of water is longer than the T1 for solid tissue because the 

difference between the Larmor frequency and the natural motional frequencies of protons 

in water is much greater than the difference between the Larmor frequency and the 

motional frequencies of protons in solid tissue. 

2.1.2.   T1ρ and T2ρ relaxation 

The spin lattice relaxation time (T1) at low field strengths provides information 

from the processes at macromolecular level with slow correlation time because T1 is 

dependent on the magnetic field strength. However, the low field strength decreases the 

signal to noise ratio (SNR) that affects the quality of MR images. Therefore, the 

relaxation time constant of low field strengths was combined with the high SNR provided 

by the higher field MRI was introduced [26,27]. The T1ρ is the spin lattice relaxation time 

constant (T1) in the rotating frame, which determines the decay of the transverse 

magnetization in the presence of a very low magnetic field, spin-lock RF field. In 

conventional T1 relaxation, spins exchange energy with the surrounding lattice via 

processes that occur near the Larmor frequency. The spin-lock RF pulse can change the 

environment in which individual spins are able to interact with the lattice. In the presence 

of a spin-lock RF field, spins are able to efficiently couple to the lattice at frequencies 

close to the spin-lock RF pulse frequency which is typically far below the Larmor 

frequency. 

Measurement of the MR signal following the spin-lock pulse (Figure 2.3A) is 

ideal for spectroscopic measurement of T1ρ. The first RF pulse flips the longitudinal 
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magnetization into the transverse plane (xy plane). The B1+y represents the spin-lock 

pulse and TSL and B1 are its duration and amplitude, respectively. The dotted line 

represents the decay of the magnetization in the absence of spin-lock pulse and is 

governed by T2
*. In contrast, if the magnetization is spin-locked, it decays according to 

T1ρ (solid line) while the spin-lock pulse is applied. However, the decay is T2
* again after 

the spin-lock pulse. For T1ρ imaging applications, the T1ρ-prepared RF pulse cluster with 

self-compensating spin-lock pulse as shown in Figure 2.3B is more useful to prepare the 

magnetization because the self-compensating pulse refocuses dephasing from B1 

inhomogeneity by reversing the direction of the precession of the spins in the rotating 

frame halfway through the duration of the spin-lock pulse. Figure 2.4 shows the 

magnetization decays according to the spin lattice relaxation in the rotating frame during 

TSL. The measured T1ρ relaxation decay follows the equation. 

     𝑆 =  𝑆0𝑒−𝑇𝑆𝐿/𝑇1𝜌                                                 (2.4) 

where S0 is the signal intensity produced when no spin-lock pulse is applied and TSL is 

the duration of spin-lock encoding. By changing the TSL in successive images, 

quantitative absolute T1ρ maps can be calculated. The rate of relaxation is defined by the 

R1ρ parameter, which is simply the reciprocal of T1ρ. 

Using the Block equations, we can mathematically model the evolution of 

magnetization under the pulse sequence illustrated above. Figure 2.5 contains the rotating 

frame magnetization vector diagrams accompanying the equations presented below. 
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Firstly, we assume that a sample has a thermal equilibrium magnetization normalized to a 

value of 1.  

   𝑀𝑥 = 0,   𝑀𝑦 = 0,   𝑀𝑧 = 0         (2.5) 

We apply an RF pulse along the x-axis of width τ and amplitude ω1x, causing a θ = ω1x τ.  

    𝑀𝑥 = 0,   𝑀𝑦 = 𝑠𝑖𝑛𝜃,   𝑀𝑧 = 𝑐𝑜𝑠𝜃           (2.6) 

After applying the RF pulse ( 90−x
o ) to flip the magnetization vector (M) into the 

transverse plane, we apply a spin-lock pulses along the y-axis of amplitude ω1y for a time 

TSL. In order for the spins to stay aligned in the locking field B1, spin-lock pulses must 

be higher than the local fields of water nuclei [26,28,29]. During applying spin-lock 

pulses, the magnetization is spin-locked with amplitude B1 for a time of spin lock (TSL) 

and undergoes the T1ρ relaxation in the presence of a B1 field of the spin-lock pulses in 

the rotating frame. Magnetization perpendicular to the spin-locking field also decay with 

a time constant T2ρ, which can be estimated as the reciprocal average of T1 and T2. 

Furthermore, magnetization perpendicular to the spin-locking vector will precess about it 

with an angular frequency ω1y, resulting in a rotation of α = ω1y TSL. 

           𝑀𝑥 = −𝑐𝑜𝑠𝜃 𝑠𝑖𝑛𝛼 ∙ 𝑒−𝑇𝑆𝐿/𝑇2𝜌                                      (2.7) 

     𝑀𝑦 = 𝑠𝑖𝑛𝜃 ∙ 𝑒−𝑇𝑆𝐿/𝑇1𝜌                                           (2.8) 

      𝑀𝑧 = 𝑐𝑜𝑠𝜃 𝑐𝑜𝑠𝛼 ∙ 𝑒−𝑇𝑆𝐿/𝑇2𝜌                          (2.9) 
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At the end of the spin-lock pulses, the magnetization is nutated back into the longitudinal 

axis using a nonselective RF pulse (90−x
o ) along the x axis, causing a rotation of – θ.  

    𝑀𝑥 = −𝑐𝑜𝑠𝜃 𝑠𝑖𝑛𝛼 𝑒−𝑇𝑆𝐿/𝑇2𝜌                    (2.10) 

     𝑀𝑦 = 𝑠𝑖𝑛𝜃 ∙  𝑒−𝑇𝑆𝐿/𝑇1𝜌 −  𝑠𝑖𝑛𝜃 𝑐𝑜𝑠𝜃 𝑐𝑜𝑠𝛼 ∙  𝑒−𝑇𝑆𝐿/𝑇2𝜌   (2.11) 

     𝑀𝑧 = 𝑠𝑖𝑛2𝜃 ∙ 𝑒−𝑇𝑆𝐿/𝑇1𝜌 +  𝑐𝑜𝑠2𝜃 𝑐𝑜𝑠𝛼 ∙  𝑒−𝑇𝑆𝐿/𝑇2𝜌        (2.12) 

This complex magnetization orientation is simplified somewhat with the application of a 

crusher gradient, which removes transverse magnetization, resulting in  

        𝑀𝑥 = 0        (2.13) 

           𝑀𝑦 = 0        (2.14) 

     𝑀𝑧 = 𝑠𝑖𝑛2𝜃 ∙ 𝑒−𝑇𝑆𝐿/𝑇1𝜌 +  𝑐𝑜𝑠2𝜃 𝑐𝑜𝑠𝛼 ∙ 𝑒−𝑇𝑆𝐿/𝑇2𝜌        (2.15) 

If the flip angle θ is calibrated to be a 90° pulses, the longitudinal magnetization is simply  

       𝑀𝑧 = 𝑒−𝑇𝑆𝐿/𝑇1𝜌        (2.16) 

For regions where the flip angle is accurately calibrated to be a 90° pulses, the 

longitudinal magnetization contains only information regarding T1ρ as shown in Equation 

2.15.  However, Equation 2.4 is often used due to B1 inhomogeneity that exists. Several 

methods exist for reduction of this flip angle dependence. The use of adiabatic 90° pulses 

may be implemented instead of hard pulses [30]. Adiabatic pulses provide a robust means 

of achieving more uniform flip angle in spite of variations in B1. However, the use of the 

adiabatic pulses is limited due to high specific absorption ratio (SAR). Another method is 
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to use a “rotary echo” spin-lock pulse with 90° pulses shift for half of the spin-lock time 

(B1+y)  and a -90° pulses shift for the remainder of the spin-lock time (B1-y)  as shown in 

Figure 2.3B [31].  In this case, the magnetization undergoes a rotation of α/2 during the 

first half of the spin-lock pulse.  

             𝑀𝑥 = −𝑐𝑜𝑠𝜃 𝑠𝑖𝑛
𝛼

2
∙ 𝑒−𝑇𝑆𝐿/2𝑇2𝜌                 (2.17) 

             𝑀𝑦 = 𝑠𝑖𝑛𝜃 ∙ 𝑒−𝑇𝑆𝐿/2𝑇1𝜌                  (2.18) 

                       𝑀𝑧 = 𝑐𝑜𝑠𝜃 𝑐𝑜𝑠
𝛼

2
∙ 𝑒−𝑇𝑆𝐿/2𝑇2𝜌                                        (2.19) 

The second half of the spin-locking pulse is applied with a -90° phase, causing a rotation 

of - α/2, and the magnetization becomes 

                               𝑀𝑥 = 0                     (2.20) 

                       𝑀𝑦 = 𝑠𝑖𝑛𝜃 ∙ 𝑒−𝑇𝑆𝐿/𝑇1𝜌                   (2.21) 

            𝑀𝑧 = 𝑐𝑜𝑠𝜃 ∙ 𝑒−𝑇𝑆𝐿/𝑇2𝜌                    (2.22) 

Lastly, we apply the RF pulse (90−x
o ) along the x axis to nutate back into the longitudinal 

axis.  

    𝑀𝑥 = 0                  (2.23) 

    𝑀𝑦 = 𝑠𝑖𝑛𝜃𝑐𝑜𝑠𝜃 ∙ ( 𝑒−𝑇𝑆𝐿/𝑇1𝜌 −  𝑒−𝑇𝑆𝐿/𝑇2𝜌)               (2.24) 

                         𝑀𝑧 = 𝑠𝑖𝑛2𝜃 ∙ 𝑒−𝑇𝑆𝐿/𝑇1𝜌 +  𝑐𝑜𝑠2𝜃 ∙ 𝑒−𝑇𝑆𝐿/𝑇2𝜌             (2.25) 
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We can remove the transverse magnetization with application of a crusher gradient, 

leaving only Mz. Dependence of Mz on α is removed with use of the self-compensating 

spin-lock pulse. However, a portion of magnetization is still lost to T2ρ relaxation if the 

flip angle (θ) is not 90°, and magnetization undergoing T1ρ relaxation is again degraded 

by a factor sin2 θ. 

Equation (2.14) indicates that the longitudinal magnetization has a complex 

dependence on flip angle, magnetization rotation about the spin-lock vector, and 

relaxation times. In order to visualize the effects of relaxation times and varying B1, the 

longitudinal magnetization was plotted as a function of B1 for varying values of T1ρ and 

T2ρ as shown in Figure 2.6. B1 is considered to vary from 20μT to 30μT. B1ρ is 

considered to vary from 18μT to 27μT. B1 pulse width is calibrated to have 90° flip angle 

when B1 is at its maximum value of 30μT. Note that changes in B1 linearly affect both 

spin-locking power (B1ρ) and flip angles of the RF pulse (B1). T1ρ weighted images are 

very sensitive to flip angle, and thus dependent on the B1 field homogeneity according to 

equations (2.9)–(2.14). Simulations as shown in Figure 2.6 show that spatial variation in 

signal intensity is induced, with an oscillatory dependence on B1, resulting from the small 

variations in B1. Figure 2.6A and 2.6B show that the signal intensity is increased with 

longer T1ρ. However, the signal intensity is decreased with shorter T1ρ, and the 

significance of these oscillations increases, even though the absolute amplitude of the 

oscillations is independent of T1ρ. In results, the amplitude of the oscillations relative to 

the mean signal intensity increases with short T1ρ. However, the artifacts are dramatically 

reduced by using the self-compensating spin-lock pulse as shown in Figure 2.6A-D 

(dashed line). Figure 2.6E shows the longitudinal magnetization with varying B1 (20μT to 
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30μT), B1ρ (18μT to 27μT and 10μT to 15μT) and fixed T1ρ / T2ρ of 1/0.2s. We found that 

the spin-lock pulse amplitude range does not affect the absolute amplitude of the 

oscillations, but the frequency of the oscillation. Figure 2.7 shows the two simulated T1ρ 

curves at spin-lock fields (B1ρ) of 10μT and 18μT with a fixed T1ρ / T2ρ of 0.01/0.002s by 

solving the classical Bloch equations (Equation 2.4-2.24). Figure 2.7B shows the 

simulated curves from Figure 2.7A with overall T1ρ decay multiplied out. Remaining are 

the oscillation (red and blue lines) and the T2ρ decay (black dashed line). The oscillation 

caused by residual dipolar interactions are a measure of how long the spin-lock 

magnetization shows distinct dephasing and rephrasing patterns. However, the oscillation 

amplitude is reduced over time due to T2ρ decay. Figure 2.8A-E shows the magnetization 

vector during the TSL in the presence of dephasing caused by residual dipolar 

interactions. Figure 2.8F shows the corresponding time evolution of the MR signal 

coherence, which looks similar to a conventional spin echo. However, the advantage to 

spin-lock is that a higher spin-lock field translates into shorter refocusing times and more 

efficient refocusing of residual dipolar interaction. The illustrations in Figure 2.8A-E 

show the dephasing spins remaining in a single plane. In reality, even during spin-lock 

the spins migrate from the plane and the oscillation amplitude shown in Figure 2.8F will 

dampen over time (T2ρ decay). 

T1ρ relaxation results from the mechanism of proton exchange and translational 

diffusion and the relaxation rates of each component are additive. In biological tissues, 

amide and hydroxyl groups are the primary contributors to proton exchange [32]. The 

slow molecular tumbling of macromolecules and their rotational interactions with 

surrounding water molecules contribute to the dipolar relaxation mechanism [33]. 
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However, the dipolar relaxation processes does not significantly affect the overall 

dispersion of T1ρ relaxation because the wide frequency distribution appears as a broad 

spectrum that may be 10-100 kHz wide. Also the rate of diffusion of water molecules is 

not significantly affected by the spin-locking fields. Therefore T1ρ dispersion is 

dominated by the mechanism of proton exchange. Consequently, T1ρ dispersion has been 

shown to be sensitive to changes that affect proton exchange such as pH and 17O 

concentration [32,34-37]. 

Figure 2.9 shows the conventional T1ρ-weighted pulse sequence with spin-echo 

(SE) readout. In spin-lock preparation part, the magnetization becomes “T1ρ-prepared” 

and results in a T1ρ-weighted MR signal. Single slice of the T1ρ-prepared magnetization is 

excited using a 90° slice-selective pulse followed by a conventional SE readout. 

T1ρ-weighted pulse sequence can be also be implemented using a turbo spin-echo 

readout (TSE). By using turbo spin-echo readout, several lines of k-space can be acquired 

within each TR period reducing the total scan time to obtain an image substantially. An 

example of T1ρ-weighted pulse sequence with TSE readout is illustrated in Figure 2.10. 

An echo train length of four is shown which would result in four k-space lines being 

acquired per excitation thereby expediting the image acquisition by a proportionate factor. 

Figure 2.11 shows the T1ρ-weighted pulse sequence with EPI readout. A nonselective 90° 

pulse excites spins that are then spin-locked in the transverse plane by the application of 

two phase-alternating spin-lock pulses. The alternately phased spin-lock pulse 

implements the self-compensating method to improve the spin-lock magnetic field 

homogeneity. A second nonselective 90° pulse restores the spin-locked magnetization to 

the longitudinal axis. A large amplitude crushed gradient is subsequently applied to 
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destroy a residual transverse magnetization. After spin-lock preparation, the longitudinal 

magnetization with T1ρ prepared is subsequently imaged using a spin-echo EPI sequence 

with rectilinear k-space sampling. The fast T1ρ imaging combined with the EPI readout 

can facilitate to use functional MRI with T1ρ contrast. 

2.2.   Functional Magnetic Resonance Imaging 

Functional Magnetic Resonance Imaging (fMRI) is an MRI procedure that 

measure neural activity in the brain. fMRI using the blood oxygenation-level dependent 

(BOLD) response is by far the most commonly employed method for noninvasive 

localization of activity in the brain in cognitive psychology investigations even though 

several other functional methods exist. These include arterial spin labeling (ASL) and 

vascular-space-occupancy (VASO). ASL depends on measuring blood perfusion by 

assessing the difference between a measurement where the blood is tagged magnetically 

and a control experiment without tagging. The VASO method measures blood volume 

changes. 

2.2.1.   Blood oxygenation level dependent based fMRI 

  BOLD signal have been widely used the contrast for fMRI although other 

contrast measures that are more directly coupled to neuronal activity exist. Ogawa 

reported that functional brain mapping is possible by using the venous BOLD contrast in 

1990 [38-41]. The BOLD contrast relies on changes in deoxyhemoglobin (dHb), which 

acts as an endogenous paramagnetic contrast agent [42]. The change results from blood 

flow including blood volume, perfusion, and blood velocity and oxygen extraction 
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fraction are the primary links to local metabolism and neuronal function. Therefore, 

changes in the local dHb concentration in the brain lead to alterations in the signal 

intensity of magnetic resonance images (Figure 2.12). 

2.2.1.1.   Blood Oxygenation Level Dependent 

MR signal intensity and spatial localization depend on a uniform magnetic field 

existing throughout the sample of interest. However homogenous magnetic field is 

limited by the fact that different tissues and material possess a property called magnetic 

susceptibility. The magnetic susceptibility influences the magnetic field that protons 

experience inside a tissue or material. Changes in MR susceptibility disrupts the 

uniformity of the magnetic field resulting in signal loss near the boundary between these 

changes. For fMRI, the magnetic susceptibility of oxygenated and deoxygenated blood 

differs, with oxygenated blood having a magnetic susceptibility closer to that of the 

surrounding tissue. The difference in magnetic susceptibility between oxygenated and 

deoxygenated blood is small, on the order of tenths of parts per million. However, the 

protons in the tissue surrounding the blood vessels are affected by this microscopic field 

variation, resulting in an increase in the T2
* relaxation constant and decrease in signal 

intensity. Unlike deoxygenated blood, oxygenated blood has susceptibility close to that of 

the surrounding tissue, it does not disrupt the magnetic field as much as deoxygenated 

blood. MR signal intensity increases with increased oxygenation of the blood. 

It is important to understand a chain of events from task to fMRI because fMRI 

measures the vascular hemodynamic response induced by increased neural activity. 

Figure 2.13 shows a schematic of fMRI signal changes induced by stimulation. 
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Stimulations induce synaptic and electric activities at localized regions trigger an increase 

in CBF, CBV, and CMRO2. In addition, it increases CMRglu (cerebral metabolic rate of 

glucose) which is a good indicator of neural activity. Increase in CBF enhances venous 

oxygenation level, while increase in CMRO2 decreases venous oxygenation level. The 

increased oxygen extraction result in a shortly increase in the deoxyhemoglobin. This 

should give rise to a short decrease in the MR signal. The initial dip is thought to 

correspond to a phase lag between the increased oxygen utilization by the parenchyma 

and the vascular response of increased blood flow. This results in an initial increase in 

deoxygenated blood and a decrease in the BOLD signal. After a short delay, total venous 

oxygenation level increase due to an increase in CBF that exceeds the increase in CMRO2. 

The increased venous oxygenation level makes T2
* relaxation time longer even though an 

increased CBV slightly decrease T2
* relaxation time. Consequently fMRI signal intensity 

increases during the task. 

2.2.1.2.   Current challenges in BOLD contrast 

Although BOLD-based fMRI is widely used, several limitations exist that impede 

absolute determination of functional activity from the fMRI signal. These challenges 

include venous contribution of the signal, bulk magnetic susceptibility signal losses and 

distortion, hemodynamic delay, and indirect coupling to the neuronal response. 

Functional maps based on BOLD contrast can be significantly distant from the actual site 

of neuronal activity [43-45]. It relies on changes of the local magnetic field within large 

vessels (arteries and veins) as well as within in microvessels (arterioles, capillaries, 

venules), and in the surrounding tissue. Changes in blood oxygenation at the site of 
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activation can result in apparent activation in veins that drain blood from the activated 

areas, often resulting in detection of signal in regions distal to the actual area of activation 

[46]. The venous contribution results in a loss of spatial specificity and spatial resolution 

of the BOLD response. BOLD-based fMRI is acquired with contrast that reflects the 

magnetic susceptibility signal from the relative ratio of deoxy/oxy hemoglobin. BOLD 

imaging is weighted to measure the resulting T2
* changes. However, the long TE times 

used to get adequate T2
* decay resulting from the oxygenation changes in the blood also 

result in signal loss in tissues near air cavities [47]. This signal loss often precludes the 

acquisition of fMRI data in regions that are of considerable interest for functional studies, 

such as the orbitofrontal cortex and inferior temporal regions. In addition, this magnetic 

susceptibility artifact becomes more severe at high magnetic fields. Lastly, it is difficult 

to acquire high temporal resolution even if functional images can be obtained rapidly 

because hemodynamic responses are relatively slow [48-51]. Typically, hemodynamic 

signal changes are observed at 1-2 seconds after onset of neural activation and reaches 

maximum at 4-10 seconds. However, it is not easy to measure the exact time of neural 

activity from hemodynamic responses since hemodynamic response varies regionally. 

2.2.2.   Cerebral blood flow based fMRI 

Perfusion is a fundamental physiological parameter, which is the delivery of 

oxygen and nutrients to tissues by means of blood flow. Tissue perfusion is measured 

using a diffusible tracer that can exchange between the vascular compartment and tissue. 

This yields a perfusion measurement in units of milliliters of blood flow per gram of 

tissue per unit time (ml/g/min). Cerebral blood flow measurements using 15O-labeled 
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water as an exogenous positron emission flow tracer have been used extensively for 

functional study. Similarly, perfusion-based fMRI can be used to noninvasively measure 

perfusion using arterial blood water as an endogenous contrast agent. 

2.2.2.1.   Cerebral Blood Flow 

ASL is a subtraction technique where two successively acquired images are 

subtracted, one with and one without proximally labeling arterial water spins (Figure 

2.14). The perfusion contrast is induced by the exchange of these labeled spins with spins 

within the microvasculature and tissue of interest [52-56]. To accomplish this, the 

longitudinal magnetization of arterial blood water must be manipulated so that it differs 

from the tissue magnetization. The difference of the two images (control and tag) is 

directly related to CBF, and relative CBF changes due to physiological perturbations can 

be measured. Most of the labeled water molecules (~90%) are extracted into tissue while 

the remaining labeled water will have lost most of its label by the time it reaches the 

venous system. Unlike BOLD contrast, the perfusion-based signal originates 

predominantly from tissue/capillary. 

Currently, ASL methods can be classified into two categories: continuous arterial 

spin labeling (CASL) techniques and pulsed arterial spin labeling (PASL) techniques as 

shown in Figure 2.15 [57-60]. CASL uses long RF pulses in combination with a slice 

selection gradient to adiabatically invert the arterial magnetization because it flows 

through a plane in arteries in the neck. However, the application of long off-resonance RF 

pulses can generate magnetization transfer effects [54,56]. CASL is usually limited to 

single-slice perfusion imaging in spite of efforts to solve these magnetization transfer 
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effects. In PASL, a short RF inversion pulse is used to produce a bolus of labeled 

magnetization at a tagging location proximal to the slice of interest. The RF pulses must 

be short in duration compared to the T1 of blood. After a period of time TI (Inversion 

time) after the initiation of RF tagging pulse, the tag image is acquired of the region of 

interest, which represents a mixture of the pre-existing magnetization in the ROI and the 

magnetization of the tagged blood that has flowed into the ROI.  

Compared to relatively venous-weighted BOLD methods, ASL has higher 

inherent spatial resolution. This results in greater anatomical specificity of brain 

activation as compared to BOLD imaging [61-65]. 

2.2.2.2.   Current challenges in CBF contrast 

One of the biggest disadvantages of ASL method is its intrinsicly low SNR [66-

69]. The small blood volume fraction of a voxel limits the signal to noise ratio. A typical 

functional change in the acquired ASL signal is often on the order of 1% or less. In 

addition, the ASL method requires image subtraction to obtain blood flow information 

leading to increased noise levels in the perfusion images. ASL temporal resolution should 

be superior to that of BOLD contrast and its signal reflects primarily the vascular 

response of the capillaries as mentioned earlier. However, the sample rate for perfusion 

images is lower than BOLD because of the pair-wise subtraction of tagging and control 

pulses and the need to wait for recovery of transverse magnetization. In addition, ASL 

techniques usually have less imaging coverage because T1 limits the time available for 

multi slice acquisition before the label decay. There are a number of systematic 
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confounding factors such as transit delay, magnetization transfer and relaxation artifacts 

that impact the ASL studies. 

2.3.   pH-sensitive Magnetic Resonance Methods 

The ability to non-invasively measure pH dynamics in vivo provides unique 

insight into better understanding brain function as well as neurological and psychiatric 

disorders. Various magnetic resonance (MR) approaches have been developed to measure 

brain pH with pH-dependent chemical shift changes using MR spectroscopy, pH-

sensitive contrast agents, proton exchange properties, and by combining paramagnetic 

contrast agents with proton exchange. 

2.3.1.   Magnetic Resonance Spectroscopy 

Magnetic resonance spectroscopy (MRS) complements magnetic resonance 

imaging (MRI) as a non-invasive means for the characterization of chemical 

compositions in tissue. The presence of electrons surrounding the nucleus has a shielding 

effect against the external main magnetic field and causes the additional local field 

changes the effective field sensed by the nucleus. The local magnetic field that is actually 

experienced by the nucleus relies on the chemical structure of molecules. Different 

chemical environments enable the nucleus to resonate at slightly different Larmor 

frequencies. For example, the terminal phosphorus nuclei of all ATP molecules in the 

same tissue compartment resonate at nearly the same frequency, because they all 

experience similar shielding from the main magnetic field by intra-molecular distortions 

of electron clouds due to the molecule’s other two phosphorus nuclei and its protons. In 
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contrast, the α and β phosphorus nuclei have different resonant frequencies from the 

terminal phosphorus and from each other due to their different chemical environments. 

The shielding effect on nuclear resonant frequency is called the chemical shift. Therefore 

there are some frequency peaks in the MR spectrum from multiple spin systems with 

different resonant frequencies due to their different chemical structures. MRS uses these 

peaks to quantify the concentration of brain metabolites such as N-acetyl aspartate 

(NAA), choline (Cho), creatine (Cr) and lactate in the tissue examined. MRS is based on 

the fact that resonant frequencies of nuclear precession can be detected from 1H, 31P, 13C, 

15N, 23Na, 17O, and several other magnetic nuclei. 

2.3.1.1.   Proton/Phosporous Spectroscopy 

Magnetic nuclei other than 31P can assess pH changes from biological tissues. The 

1H MRS includes signals from several compounds with strong signals sensitive to pH 

[70-72]. Lactate is one of the good candidates as an indicator of pH in brain [36,73-78].  

For example, cerebral intracellular acidosis following brain injury may be caused by 

accumulation of acidic metabolic intermediates such as lactate [79,80].  Figure 2.16 

shows the dynamic changes in brain lactate levels and pH in vivo following fluid-

percussion brain injury of graded severity in the rat. Figure 2.16A shows the changes of 

intracellular pH after the trauma by using 31P MRS. The early acidosis (40min.) was 

followed by alkalosis 2-4hrs after injury. Figure 2.16B shows the change of intracellular 

brain lactate concentrations by using 1H MRS. A significant correlation is observed 

between brain lactate level and pH for all injury levels as shown in Figure 2.16C. 
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In addition to the lactate, the 1H signal from carnosine and homocarnosine which 

are concentrated in brain tissues has been used to measure pH in the human brain and 

gave values quite similar to Pi in the 31P MRS. While pH is usually determined by the 

frequency difference between Pi and PCr in the 31P MRS, the aromatic signals of 

histidine in the carnosine molecules observed in 1H MRS can be used to determine the 

pH by 1H MRS. These signals are the aromatic imidazole ring for which the two protons 

on C-2 and C-4 (Im_C2 and Im_C4). Two resonances of histidine were clearly identified 

in the proton spectra, and by using their pH-dependent chemical shifts the pH was 

estimated [81]. Figure 2.17 shows three baseline subtracted spectrum that are obtained 

before, during, and after hyperventilation. The histidine Im_C2 resonance shift to higher 

field during hyperventilation and returned to the normal chemical shift position after 

hyperventilation. The pH increases during hyperventilation and decrease slowly after 

hyperventilation. However, homocarnosine and carnosine of 1H MRS has a narrow 

chemical shift range, and is therefore limited in its precision. The homocarnosine titration 

curve is shown in Figure 2.18 for comparison with the 31P MRS indicators mentioned 

above. MgATP and PME are less precise because their pKs are farther from the 

physiological pH range. Unlike the signals mentioned above, Pi is the best of the 31P 

indicator for assessing pH changes because its signal is large and narrow, and its pK is 

near intracellular pH of brain [14].  

It is possible to measure pH of brain tissue by 31P MRS because the resonant 

frequencies of particular nuclei in some compounds are impacted by changes in the pH of 

the tissue compartment containing them [14,82-84]. Measurement of pH depends on 

detection of the chemical shift of the conjugate acid and base forms of some compounds 
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used as a pH indicator. If protons exchanged between the base and acid forms rapidly 

relative to the duration of the NMR measurements, just one signal is detected. However, 

if the two forms exchange protons at a rate that is slow relative to the duration of the 

NMR measurement, separate signals from each are observed. The ratio of their intensities 

can be substituted for the base/acid concentration ratio in the Henderson-Hasselbalch 

equation [85]. 

pH = pK + log  (
[base]

[acid]
)                                               (2.26) 

For an observed chemical shift (δ) comprised of a weighted average between the shift of 

a pure base (δ base) and that of its conjugated acid (δ acid), the Henderson-Hasselbalch 

equation is rewritten as  

pH = pK + log ( 
(δ−δ acid)

(δ base− δ)
 )                                      (2.27) 

In brain tissue, although several other metabolites detectable by MRS have resonant 

frequencies sensitive to pH, such as γ-ATP, phosphorylethanolamine, fructose phosphates, 

and glucose phosphate, Pi is the best NMR indicator of pH, for two reasons: (1) NMR-

detectable concentrations of Pi are usually present. Its component conjugate acid (H2PO4
−) 

and base (HPO4
−) are sufficiently concentrated for both to influence the weighted average 

of the Pi signal. (2) The pK of this dissociation is 6.77, which places the most sensitive 

part of its titration curve in a range of principal biological interest. Thus, for NRM 

measurements of pH based on dissociation of phosphoric acid, the Henderson-

Hasselbalch equation is written as  
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pH = pK + log ( 
(δPi−δ H2PO4

−)

(δ HPO4
2−− δPi)

 )                                  (2.28) 

H3PO4 ⇌  H+ +  H2PO4
−                                          (2.29) 

H2PO4
− ⇌ H+ +  HPO4

2−                                           (2.30) 

HPO4
2− ⇌  H+ + PO4

3−                                             (2.31) 

where δPi is the observed chemical shift of the concentration-weighted average signal 

from H2PO4
1− and HPO4

2−, and δH2PO4
1−and δHPO4

2− are the chemical shifts of the pure 

compounds known from separate measurements. Figure 2.19 shows stimulated normal 

31P MRS of brain and changes that occur in hypocapnia alkalosis, hypercapnia acidosis, 

and acidosis with energy failure in ischemia. Since most Pi is in cytosol, the signal 

principally reflects the pH of intracellular compartments. 

The normal 31P MRS is represented at top left, with the region containing the 

(boldface) signal from phosphate (Pi) expanded on the right. The other signals are from 

phosphocreatine (PCr), α, β and γ phosphates of ATP, and compounds with 

phosphomonoester (PME) and phosphodiester (PDE) groups. In hypocapnia alkalosis, the 

Pi signal shifts to the left. In hypercapnia acidosis, the Pi signal shifts in the opposite 

direction. In addition, Pi signal intensity rises and PCR intensity falls, due to 

concentration changes caused by the effect of acidosis on the creatine kinase equilibrium. 

In ischemia severe enough to cause loss of tissue energy stores and disruption of cell 

membranes, Pi may be the only signal remaining, shifted far in the acid direction, as 

shown in Figure 2.19. 
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2.3.1.2.   Potentials and Challenges for Spectroscopy 

Although many MRS works on brain pH have continuously achieved new 

understanding of how pH is related to brain function and disease in the nervous system, 

MRS methods have many limitations. The first reason is the heterogeneity of Pi 

distribution among brain cells. Distribution of the Pi signals from 31P MRS across tissue 

compartments is exceptionally important for interpretation of pH values which are 

inferred from a single sample averaged over volumes of complex tissue that are large 

compared to cell size. Therefore, pH measurement by MRS would be difficult to achieve 

the anatomical selectivity or spatial resolution of pH micro electrodes. In 1H MRS, a 

longer TE should be used to eliminate of fast decaying components because histidine 

signal at ~7.8ppm contains at least three contributions. However, SNR is reduced due to 

the use of long TE and hence a less accurate pH estimation. Furthermore, 1H MRS for in 

vivo pH measurement should be conducted by using oral loading of histidine because 

histidine concentrations are low for credible measurement. Other limitations include slow 

temporal resolution (~tens of minutes), low spatial resolution, and accurate shimming. 

2.3.2.   Magnetization Transfer  

Magnetization transfer imaging (MT) is based on the magnetization interaction, 

through chemical exchange between unbound water protons (free water protons) and 

macromolecular protons (Figure 2.20.). Examples of protons bound to macromolecules 

are those in hydroxyl (-OH) groups in white matter lipids and proteins, and examples of 

unbound protons include those in free water molecules in cytosol. This distinction defines 
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two pools of protons in the body. The first pool is called the restricted pool and the 

second pool is called free pool. 

Conventional MRI is based on the contrast of T1, T2 and the proton density in 

tissue; it depends on free bulk water protons. These free water protons have faster 

rotational frequency, resulting in fewer interactions with the environment and less 

restricted water molecules that may cause local field inhomogeneity. Therefore, most free 

water protons have resonance frequencies lying narrowly around the normal proton 

resonance frequency, making their transverse magnetization dephasing slower and their 

T2 longer (Figure 2.21). The T2 relaxation time of the free water protons is long enough 

to be detectable (>10ms). In contrast, water protons bound to macromolecules have a 

slower rotational frequency due to extensive interactions with the protons in the local 

macromolecules. This creates an inhomogeneous magnetic field that leads to wider 

resonance frequency spectrum because the full width at half maximum of a spectrum is 

inversely related to the transverse relaxation time. This results in faster dephasing of 

magnetization and a much shorter T2 (<200µs). Therefore, water protons bound to 

macromolecules with short T2 are not typically detected in MR images obtained with 

conventional TE times. 

However, using an off-resonance pulse excitation to saturate water protons in the 

restricted pool can have a detectable effect on MR signal from the free pool. After 

applying off-resonance pulse, the transverse magnetization created in rapidly dephased 

and the longitudinal magnetization requires some time to return to equilibrium. The 

saturation of longitudinal magnetization of protons in the restricted pool is in turn 

transferred to the longitudinal magnetization of protons in the free pool by a process 
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called magnetization exchange. The result is an increase in the T1 of protons and reduced 

signal from the protons in the free pool. With MT, the presence or absence of 

macromolecules can be seen.  

Figure 2.22 shows the exchange of longitudinal magnetization between restricted 

protons bound to macromolecules and free water protons. Figure 2.22A diagram shows 

macromolecular protons (H), including hydration layer protons and free water protons. 

Off-resonance RF pulse (black arrows) saturates the restricted macromolecular protons 

(unsaturated protons are designated H, while saturated are designated H) in Figure 2.22B. 

In Figure 2.22C, saturation is transferred to hydration layer protons (…H). Saturated 

protons diffuse into the free water proton pool and decrease the signal from this pool as 

shown in Figure 2.22D. 

Protons in some tissues such as blood, cerebral spinal fluid, and fat undergo 

almost no magnetization exchange with the restricted pool. However, protons in other 

tissues such as white matter, cartilage, muscle, and liver display stronger magnetization 

exchange, thus their signal can be reduced by 20-50% or more by adding an MT pulse to 

the sequence. The MT effect is described by the magnetic transfer ratio (MTR) that can 

be written as  

MTR = 1 −  
Msat

M0
                                               (2.32) 

where Msat is the saturated magnetization and M0 is the steady state magnetization. 

Plotting the MTR amplitude as a function of the frequency offset of the saturating RF 

pulse produces the Z-spectrum. The Z-spectrum associated with macromolecules in tissue 

is slightly asymmetric around the free water resonance peak. This MT asymmetry is 
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considered to be due to chemical shift center mismatch between the free water and 

macromolecules in tissue. 

2.3.2.1.   Chemical Exchange Saturation Transfer  

               and Amide Proton Transfer 

 

Chemical exchange saturation transfer (CEST) imaging is a particular type of MT 

imaging, which is focused on measuring chemical exchange between solutes and free 

water; the chemical exchange effect depends on proton concentration (pH) and thus it can 

provide a method of measuring pH in vivo. CEST occurs when saturation is applied at the 

frequency of the solute protons and therefore is usually detected by examining 

asymmetries in the Z-spectrum to balance the effects of direct saturation of the water 

peak on the Z-spectrum. 

Amid proton transfer (APT) imaging employs the CEST mechanism to detect 

mobile endogenous proteins and peptides [86-94]. The amide protons resonance peak 

resonates at 3.5 ppm downfield from water resonance peak. APT contrast reflects the 

relative changes in pH, the amount of exchangeable amide protons of protein and water 

content [95,96]. The amide proton transfer ratio (APTR) can be measured as MTR 

asymmetry of the Z-spectrum at ± 3.5ppm from the water peak [102]. 

APTR = MTR(−3.5ppm) −  MTR(+3.5ppm) =
Ssat(−3.5ppm)

S0
−

Ssat(+3.5ppm)

S0
(2.33) 

where Ssat and S0 are the saturated and unsaturated signal intensities respectively. As the 

proton exchange rate is proportional to the change in pH [97,98]. APTR has been 
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proposed as a means to image intracellular pH changes in the brain [99]. In protein 

solutions, the signal intensities and line widths of the amide proton resonances depends 

on the hydrogen exchange rates. This exchange rate is base-catalyzed for pH value above 

~5, thus is proportional to the hydroxyl ion concentration and exponentially proportional 

to pH.  

Asymmetry in Z-spectrum in the amide group region has been shown to change 

during acute ischemia [99]. This change can be seen as the difference in APTR 

(=MTRasym) between the ischemic (ipsilateral) and the normal (contralateral) sides of 

the brain as shown in Figure 2.23. Comparison of the MTRasym spectrum between 

ischemic and contralateral regions shows a reduction in intensity for the 2-5ppm offset 

range. The area of ischemia (arrow) visible on the right side of the images is located in 

the caudate nucleus. In the T2 weighted image (Figure 2.23(a)), no effect of ischemia is 

visible. However, the MTRasym image (Figure 2.23(c)) shows the ischemic region, as 

confirmed by the diffusion weighted image (Figure 2.23(b)). Imaging of MTR shows a 

strong negative effect in the caudate nucleus. To calibrate the exchange-rate changes in 

terms of pH change, 31P MRS was used to determine intracellular pH values (Figure 

2.23(d)). This is valid assuming that the inorganic phosphate species used in 31P MRS 

experiences that same intracellular environment as amide protons. Using the fact that 

amide proton exchange is predominantly base-catalyzed, it can be derived that: 

𝑘 = 𝑘𝑏𝑎𝑠𝑒 [𝑂𝐻]  =  𝑘𝑏𝑎𝑠𝑒 × 10𝑝𝐻−𝑝𝐾𝑤 = 5.57 × 10𝑝𝐻−6.4             (2.34) 
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The base-catalyzed exchange rate (Kbase) can be obtained by fitting the exchange rate 

versus pH, using pKw =15.4 at 35°C [100]. Zhou et al. derives the equation APTR=5.73 

X 10PH-9.4 [99]. 

2.4.2.2.   Potentials and Challenges for Chemical Exchange  

               Saturation Transfer/Amide Proton Transfer 

 

CEST/APT imaging has shown pH-sensitive MRI contrast by using the chemical 

exchange between free water molecules and endogenous proteins and peptides. However, 

APT imaging is dependent on experimental parameters such as the shape, duration and 

power of the off-resonance RF pulse, thus it is important to optimize the experimental 

conditions for credible CEST/APT imaging because of their small contrast [89,90,101-

104]. In addition, there are other factors affecting pH, such as temperature and the 

sensitivity to B1 and B0 inhomogeneities that would degrade an accuracy of pH 

measurement [89]. Furthermore, these techniques have been limited to acquiring single 

slices of image data. This limitation is largely a factor of the very long continuous wave 

RF irradiation required to reach the steady state for quantitative APT imaging. As a result, 

repeating RF excitation for each slice is a very time-consuming procedure, and thus not 

feasible for in vivo applications. Although CEST/APT techniques capable of acquiring 

multi-slices of image data are recently developed [101], the B1 and B0 inhomogeneities 

cause measurement errors and artifacts because the spatial coverage of the multi-slice 

CEST/APT imaging can be significantly larger than that of single-slice imaging. 
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2.3.3.   T1ρ Magnetic Resonance Imaging 

2.3.3.1.   T1ρ Contrast 

Several studies show pH-dependency of tissue T1ρ relaxation in the rat brain 

[105,106]. The study by Kettunen et al showed that acidification of the brain tissue by on 

pH unit is estimated to prolong tissue T1ρ relaxation [111]. In order to manipulate brain 

pH, rats were exposed to hypercapnia or hypoxia.  Hypercapnia reduced pH which was 

associated with a T1ρ increase relative to the control level. Figure 2.24 shows the brain 

tissue T1ρ relaxation as a function of intracellular pH. The data fitted into a linear fit 

showing that an acidification of pH from 7.2 to 6.2 would increase tissue T1ρ by 7.4ms 

and 3.5ms in the absence and presence of AMI-227, respectively. 

The extent of T1ρ positively correlates with the lactate concentration, suggesting 

that pH modulates T1ρ in the ischemic tissue [105]. During the evolution of ischemia, the 

pH drop and reduced translational motion of molecules further increased T1ρ relaxation. 

In fact, T1ρ immediately increase upon induction of cerebral ischemia. It may be caused 

by changes in tissue acidosis rather than shift of extracellular water into the cell interior. 

However net water accumulation might affect the change of T1ρ after tens of minutes. T1ρ 

relaxation in vivo could be influenced by proton exchange, cross-relaxation as well as 

direct contributions of protein protons, which may change in ischemic brain. Proton 

exchange is an acid-base catalyzed process and thus influenced by pH. Another phantom 

study showed that T1ρ relaxation in protein phantom is strongly affected by pH due to 

chemical exchange [34].  
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2.3.3.2.   Potentials and Challenges for T1ρ  

T1ρ imaging is less sensitive to diffusion losses caused by static susceptibility 

artifacts compared to BOLD because T1ρ imaging is generated by applying a spin-lock 

pulse without the application of gradients, which reduce spin dephasing compared to T2-

weighted imaging [107]. In functional MR studies, the lengthy echo times used in the 

traditional echo planar imaging (EPI) sequence are required to maximize T2
* BOLD 

contrast. This results in significant signal loss due to intra voxel dephasing in areas with 

large static susceptibility. Recent reports using functional MR experiments with T1ρ 

contrast suggest that T1ρ -weighted contrast in addition to T2
* contrast is useful to study 

brain function. However, the main limitation in T1ρ imaging is the specific absorption rate 

(SAR) limits, which is the amount of RF energy per unit mass per unit time deposited 

into the body. 

SAR ∝  
B0∗B1∗TSL

TR
                                             (2.35) 

The addition of the spin-lock pulse having low amplitude to saturate the free water 

protons increases SAR. Although new techniques to reduce SAR by applying the full 

power spin-lock pulse to only central phase-encode lines of the k-space was introduced, 

the application of different power of the spin-lock results in image artifacts [108]. 

Another concern is the uniformity of the spin-locked field, which is hard to accomplish 

for a head-sized target. Adiabatic excitation, combined with spin-locking pulses, is one 

potential way to overcome this limitation [109]. 
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Figure 2.1. The energy of two spin-levels as a function of magnetic field strength. 
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Figure 2.2. Free induction decay, T1 and T2 relaxation time. 
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 (A) 

   (B) 

Figure 2.3. T1ρ-weighted spin–lock RF pulse cluster. Figure 2.3A shows the T1ρ-

prepared RF pulse cluster with single phase spin-lock pulse. Figure 2.3B shows the T1ρ-

prepared RF pulse cluster with self-compensating spin-lock pulse. Non-selective RF 

pulses (90°+x and 90°-x) are used for the longitudinal magnetization to flip into the 

transverse plane. B1+y and B1-y are the spin-lock pulse. TSL is the duration of the spin-

lock pulse. 
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Figure 2.4. Vector diagram of the evolution of the magnetization during TSL 
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Figure 2.5. Simulated longitudinal magnetization as a function of TSL  

 

 

 

 

 

 

 

 

 

 



43 

 

 

 

(A)  (B) 

 

(C)  (D) 

 

 

 

 

 

 

Figure 2.6. Simulated longitudinal magnetization after T1ρ preparation cluster as a 

function of B1. B1 is considered to vary from 20μT to 30μT (A-E). B1ρ is considered to 

vary from 18μT to 27μT (A-D). Plots (A) and (B) are for varying T1ρ and a fixed T2ρ of 

0.05s. Plots (C) and (D) are for varying T2ρ and a fixed T1ρ of 1s. Figure 2.6E shows the 

longitudinal magnetization with different B1ρ range of 18μT to 30μT and 10μT to 15μT. 
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(A)

(B) 

Figure 2.7. Simulated MR signal changes as a function of TSL. Shown are the 

oscillations, characteristic of residual dipolar interaction, T1ρ, and T2ρ decay. 
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Figure 2.8. Vector diagram of the evolution of the magnetization during TSL in the 

presence of dephasing caused by residual dipolar interactions 
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Figure 2.9. T1ρ-weighted pulse sequence with SE readout. Two non-selective 90 

pulses are separated by a pair of spin locking pulses (SL) with opposite phase. Crusher 

gradients (shaded) are used to destroy any residual magnetization after the spin-locking 

preparation period. A conventional spin-echo sequence acquires the image data. 
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Figure 2.10. T1ρ-weighted pulse sequence with TSE readout. An echo train length of 

four is display as an example. Two non-selective 90 pulses are separated by a pair of spin 

locking pulses (SL) with opposite phase. Crusher gradients (shaded) are used to destroy 

any residual magnetization after the spin-locking preparation period. A conventional 

turbo spin-echo sequence acquires the image data. The amplitude of the phase-encoded 

gradient pulses (Y) increase for each echo acquired as an illustration of centric phase-

encode ordering. 
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Figure 2.11. T1ρ-weighted pulse sequence with EPI readout. Two non-selective 90 

pulses are separated by a pair of spin locking pulses (SL) with opposite phase. Crusher 

gradients (shaded) are used to destroy any residual magnetization after the spin-locking 

preparation period. A conventional spin-echo EPI sequence acquires the image data. The 

events within the brackets are repeated N times within a given TR for the acquisition of N 

slices. M multiple spin-lock pulse durations can be selected.   
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Figure 2.12. Schematic diagram illustrating BOLD. Upon activation, oxygen is 

extracted by the cells, thereby increasing the level of deoxyhemoglobin in the blood. This 

is compensated for by an increase in blood flow in the vicinity of the active cells, leading 

to a net increase in oxyhemoglobin 
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Figure 2.13. A schematic of fMRI signal changes induced by stimulation. 
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Figure 2.14. A schematic diagram illustrating arterial spin labeling. 1. Tag inflowing 

arterial blood by magnetic inversion RF pulse. 2. Acquire the tag image. 3. Repeat 

experiment without tag. 4. Acquire the control image. 5. Subtract the control image and 

tag image. This subtracted image reflects the amount of arterial blood delivered to each 

voxel within the slice within the transit time. 
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Figure 2.15. Schematic diagrams illustrating CASL and PASL. CASL (left) 

continuously label arterial spins using the application of a continuous RF pulse as they 

flow through a labeling plane. During the acquisition of the control image, as RF pulse is 

applied above the image slice to account for magnetic distortions caused by the pulse 

itself, but itself will not label any blood. PASL (right) labels arterial spins using a 

spatially selective labeling pulse. The RF pulse is applied in a spatially selective manner. 

Several versions exist, including EPISTAR (echo planar imaging and signal targeting 

with alternating radiofrequency) and FAIR (flow-sensitive alternating recovery). 
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Figure 2.16. The change of lactate signal in 1H MRS spectrum from the traumatic 

brain injury in the rat [110]. Figure 2.16A shows the changes of intracellular pH over 

an 8-hr period following graded traumatic fluid-percussion head injury: low-level injury 

(▫), moderated injury (●), and high-level injury (▲). Figure 2.16B shows the changes of 

intracellular brain lactate concentrations. Figure 2.16C indicates a relationship between 

lactate concentration and intracellular pH following graded fluid-percussion head injury 

in the rat.  
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Figure 2.17. The change of the histidine Im_C2 signal in 1H MRS spectrum obtained 

before, during, and after hyperventilation (left) [14]. pH values calculated from the 

chemical shift positions of Im_C2 plotted vs. time (right). 
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Figure 2.18. Titration curve of three signals (MgATP, PME and Pi) in the 31P MRS 

and homocarnosine (HC) in the 1H MRS [14]. 
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Figure 2.19. Stimulated normal 31P MRS of brain and changes that occur in 

hypocapnia alkalosis, hypercapnia acidosis, and acidosis with energy failure in 

ischemia [14]. 
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Figure 2.20. Water interactions with macromolecules 
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Figure 2.21. Magnetization transfer spectrum. 
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(A) (B) 

(C)      (D) 

Figure 2.22. Exchange of longitudinal magnetization. Off-resonance RF pulse (black 

arrows) saturates the restricted macromolecular protons (unsaturated protons are 

designated H, while saturated are designated H) 
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Figure 2.23. APT effects during focal ischemia in the rat brain [99] 
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 Figure 2.24. Parenchymal T1ρ as a function of pH [106]. The data are from the 

hypercapnia experiments in the presence (open symbols) and absence (closed symbols) of 

contrast agent (AMI-227).  
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CHAPTER 3 
 

PRELIMINARY STUDIES 

3.1.   Validation of pH Sensitivity in Buffered Phantoms 

3.1.1.   Methods 

This portion of the study was performed to evaluate the sensitivity of T1ρ for 

assessment of pH changes. We also wanted to investigate the relationship between the 

estimated T1ρ times and pH. The goal was to develop an imaging technique that has a 

relatively linear relationship between T1ρ times and pH within the physiological range 

that would be studied in vivo. Agar phantoms were prepared by dissolving 3.5% agar and 

8% BSA powder in 0.1-M phosphate buffer. pH was adjusted with HCL and NaOH to 

create phantoms that varied from pH 6.0 to 8.0, a range extending beyond values likely to 

occur in vivo. A total of six phantoms (pH 6.0, 6.5, 6.7, 7.0, 7.5, and 8.0) were created in 

15ml Falcon tubes. pH levels in the agar phantoms were assessed using pH paper (Micro 

Essential laboratory, Brooklyn, N.Y. USA, detection range pH 5.5-8, 0.2 pH unit), before 

and after solidification and after MR scanning. 

All phantom imaging studies were acquired on a 4.7T Varian horizontal small-

bore MRI scanner (Varian, Palo Alto, CA), using a volume transmit and receive Lits-cage 

RF coil (Doty, USA). T1ρ weighted images were acquired using a fast spin-echo sequence 

with a spin-locking preparation pulse, which created a B1ρ field of 1000Hz. A fast spin-

echo T1ρ sequence was acquired through the center of the phantoms using the following 

parameters: TE=12ms, TR=2000ms, field of view=60x30mm, matrix size=512x128, 
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turbo factor=7. Four spin-lock times of 10, 20, 40, and 60ms were used. Each phantom 

was imaged separately, and a least squares regression analysis was used to generated T1ρ 

maps for each phantom by fitting MR signal intensity as a log-linear function of spin-lock 

times. A 5x5 square region of interest was placed at the center of the phantom. The mean 

and standard deviation of the estimated T1ρ signal was estimated within the regions of 

interest. 

3.1.2.   Results 

Figure 3.1A shows T1ρ maps for the agar phantoms with different pH values. The 

T1ρ within the 5X5 voxel ROI of the 3.5% agar phantoms was 55.2ms, 50.9ms, 49.5ms, 

48.3ms, 47ms, and 44.8ms for pH values of 6.0, 6.5, 6.7, 7.0, 7.5, and 8.0, respectively. 

T1ρ times were inversely proportional to the pH in the physiologic range as shown in the 

Figure 3.1B (R2=0.95, relaxivity=2.07pH-1sec-1). The phantom study shows that T1ρ 

imaging is sensitive to pH changes and can be modeled linearly across the physiological 

range of pH.   

3.2.   T1ρ Insensitivity to Oxyhemoglobin Content 

3.2.1.   Methods 

Blood phantom study was conducted to determine the specificity of the T1ρ signal 

to pH changes as compared to blood oxygenation changes. Fresh sheep blood was 

acidified with HCL, oxygenated with 100% oxygen, or remained unaltered to vary the 

blood pH or oxygenation respectively. pH, pO2, and pCO2 were measured before and 
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after imaging with a Radiometer ABL 5 blood gas analyzer. Each phantom was imaged 

individually. A single axial slice was acquired to estimate T2
* relaxation times using a 

gradient-echo sequence with the following parameters: TR=2s, field of view=60x30mm, 

matrix size=512x128, slice thickness =1.0mm. Eight echo-times (1.7, 2, 3, 6, 9, 12, 14, 

and 16ms) were acquired for mapping T2
* relaxation times. For estimation of the T1ρ 

relaxation time, a fast spin-echo sequence with T1ρ encoding pulse was used to acquire 

the same axial slice collected for T2
* mapping. The scan parameters include TE=12ms, 

TR=2s, field of view=60x30mm, matrix size=512x128, slice thickness=1.0mm, TSL=10, 

20, 40, and 60ms, B1ρ =400Hz, and turbo factor=7. A least square log-linear regression 

analysis was used to generate T2
* and T1ρ maps. Similar to the agar phantom study, a 5x5 

region of interest was placed at the center of the phantoms for estimating the T2
* times for 

each condition. 

3.2.2.   Results 

In the sheep blood phantom (Figure 3.2), the BOLD data showed sensitivity to 

blood oxygenation content, but was not sensitive to changes in pH of the blood. The data 

shows an increase in T2
* times by 20.6ms when the blood oxygenation was changed by 

624%. The T2
* times did not change when the pH was changed between 7.12 and 6.49. 

Table 3.1 shows physiological variables, T1ρ, and T2
* measurements of blood phantoms 

across a pH and oxygenated spectrum. The T1ρ times showed sensitivity to changes in pH 

within the blood and were not sensitive to blood oxygenation. T1ρ times varied from 

136±4.3ms to 173.2±2.7ms for pH values of 7.12 and 6.49 respectively. However, the T1ρ 

times did not change when the blood oxygenation was changed. This blood data shows 
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that there is a double disassociation between the T1ρ and T2
* imaging in their sensitivity 

to pH and blood oxygenation. 

3.3.   pH Detection in Mouse Brain 

3.3.1.   Methods 

Mouse imaging was conducted to correlate the T1ρ signal changes with pH 

changes in vivo. Simultaneous measurements were obtained from T1ρ imaging and a 

gold-standard probe implanted into mice. Four mice were anesthetized using a 

combination of ketamine/xylazine and placed in a stereotaxic frame. A longitudinal scalp 

incision was made and an acrylic head holder was secured to the cranium between the 

coronal and lamboid sutures. pH sensitive fiber optic electrode (pHOptica, WPI; 

detection range pH 5-9) implanted in the amygdala based on stereotaxic positioning of 

the probe. Implantation of the probe was performed twenty-four hours prior to the 

imaging session. Immediately prior to imaging, the mice were anesthetized using a 

combination of ketamin/xylazine and placed in the RF coil and then into the Varian 4.7T 

scanner. To evaluate the capability of T1ρ to detect changes in mouse brain pH, T1ρ 

images were obtained in the mice under three conditions: 1) while breathing room air, 2) 

while breathing 20% CO2, and 3) following HCO3
- injection (5mmol/kg, ip). The fiber 

optic sensor implanted into the amygdala was used to continuously measure brain pH 

during the entire experiment. The beginning and end of the imaging sessions were 

marked to allow the mean pH measure to be calculated during each of the imaging 

sessions. Imaging sessions consisted of a localizer, T2 weighted scans to assess for blood 
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around the tip of the fiber optic sensor, and T1ρ imaging. T1ρ images were collected on the 

using a spin-echo sequence with the following parameters: TE=12ms, TR=2s, field of 

view =30x30mm, imaging matrix size=256x128, slice thickness=1mm, and spin-lock 

durations of 10, 20, 40, and 60ms. T1ρ maps were generated for each condition. A 5x5 

region of interest was placed at the tip fiber optic probe. The mean T1ρ time and standard 

deviation was computed within this region of interest. The relationship between this T1ρ 

and the mean pH value during the imaging session was estimated from this data.   

In addition, an awake mouse was imaged to correlate the T1ρ signal changes with 

pH changes in vivo to eliminate effects of anesthesia on blood flow, metabolism and 

neuro-vascular coupling. Furthermore we used 10% and 100% O2 as well as 20% CO2 to 

see if T1ρ relaxation is sensitive to the change of the brain pH, but not sensitive to the 

brain oxygenation level. The fiber optic pH sensor was not used in the awake mouse 

study. To accomplish a maximum of immobilization during scanning, we permanently 

affixed MR-compatible head holders to the skull of the mouse. T2 images were acquired 

using the same parameters used in the anesthetized mouse study. T1ρ images were 

collected on the using a spin-echo sequence with the following parameters: TE=15ms, 

TR=2.5s, field of view =30x30mm, imaging matrix size=256x256, slice thickness=1mm, 

and spin-lock durations of 10, 20, 40, and 60ms.  The mean T1ρ time and standard error 

was computed within this region of interest (174 pixels) as shown the T2-weighted image 

in the Figure 3.3A. 
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3.3.2.   Results 

The T2-weighted scans collected were visually reviewed for evidence of a 

hematoma before T1ρ imaging was performed. No evidence of a hematoma was visible in 

any of the mice imaged in this study. T1ρ maps of the mouse brain are shown in Figure 

3.3A across various states including compressed air and 20% CO2 inhalation and HCO3
- 

injection. A MR compatible fiber optic pH sensor appears as a signal void on the MR 

images and marked with a white arrow in Figure 3.3A. The mean signal measured from 

the sensor during image acquisition was used to determine the relationship between pH 

and the estimated T1ρ times in the mouse. The 5x5 voxel ROI where the T1ρ 

measurements were obtained is shown with a white square in Figure 3.3A. In Figure 3.3B, 

the measurements obtained for each mouse are depicted using a different color and 

symbol. The baseline pH measurements varied from animal to animal due to variations in 

the respiratory rate across animals. In all cases we found that the brain had elevated pH 

following HCO3
- injection as compared to the air inhalation. During the administration of 

20% CO2, T1ρ times were longer in the area surrounding the pH sensor indicating the 

region was more acidic and consistent with the lower pH detected from the sensor. This 

effect appeared to be linear across the range of pH values obtained in this study (pH 6.57 

to pH 7.23). Figure 3.3B shows the relationship between T1ρ and pH measured from the 

fiber optic pH sensor across all four of the mice (R2=0.77). We found that T1ρ is 

sufficiently sensitive to detect pH changes on the order of 0.1pH units or less. The data 

fitted into a linear fit showed that an acidification of 0.1pH units would increase T1ρ by 

3.2ms.  
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T1ρ maps of the awake mouse brain are shown in Figure 3.4A across various 

states including compressed air, 20% CO2, 10% O2, and 100% O2 inhalation. T1ρ times 

during breathing 20% CO2, are significantly increased are consistent with the expected 

acidosis as compared to the baseline room air condition. However, the T1ρ times did not 

change when the mouse was under the hyperoxia (100% O2) and hypoxia (10% O2) as 

compared to breathing room air (Figure 3.4B). The T1ρ time was 63.8±0.33ms during the 

room air, 66.1±0.4ms during 20% CO2, 62.4±0.4ms during 10% O2, and 60.8±0.6ms 

during 100% O2. T1ρ times were calculated in the ROI as shown the T2-weighted image in 

the Figure 3.4A. The present study shows that T1ρ relaxation is sensitive to the change of 

the brain pH, but not sensitive to the brain oxygenation level. 

3.4.   Systemic pH Changes in Human Brain Induced  

         by CO2 and Hyperventilation 

In our initial human studies, our goal was to show that brain pH changes 

associated with interventions known to manipulate pH would be reflected in T1ρ changes. 

In addition, we hypothesized that pH could be used as a marker for neuronal activity and 

that the measurement of functional pH changes can be seen using T1ρ imaging. 

3.4.1.   Methods 

A single subject was recruited into an imaging study involving respiratory 

challenges to manipulate brain pH. MR images of the brain were obtained on a 3.0T 

Siemens TIM Trio scanner. T1ρ weighted images were acquired using a turbo spin-echo 

sequence with a spin-locking preparation pulse, which created a B1ρ field of 400Hz. 
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Imaging parameters were TR=3s, TE=12ms, field of view=240x240mm, imaging matrix 

size=128x128, bandwidth=130Hz/pixel and slice thickness=3mm. T1ρ maps were 

generated from four T1ρ-weighted images that were obtained by varying the spin-locking 

times (20, 40, 60, and 80ms). To evaluate the use of T1ρ to detect changes in human brain 

pH, T1ρ images were obtained from a subject under three conditions:  1) breathing 5% 

CO2, 2) breathing room air, and 3) hyperventilation in room air (30breaths/minute). For 

each condition, the subject was placed into the respiratory challenge 1 minute before 

imaging began and then the four spin-lock times were acquired within a 36 second 

window. The Biopac MRI CO2 (ETCO2) sensor was connected to the subject to measure 

end-tidal CO2 during each of the conditions. T1ρ maps were computed for each condition 

and evaluated for changes within the cortical gray matter, white matter, and putamen.  

To replicate the pilot study described above, a small 7.5% CO2 and 

hyperventilation study was conducted. Two subjects were enrolled into this imaging 

study after obtaining informed consent. T1ρ imaging was performed under three 

conditions: 1) pre-hypercapnia (breathing room air), 2) hypercapnia (breathing 7.5% 

CO2), and 3) post-hypercapnia (breathing room air). T1ρ weighted images were acquired 

using a turbo spin-echo (TSE) sequence with a spin-locking preparation pulse which 

created a B1 field of 500Hz. Imaging parameters were TE=12ms, TR=2s, field of 

view=240x240mm, imaging matrix size=128x64, bandwidth = 130Hz/pixel and slice 

thickness=3cm, TSL= 20, 40, 60 and 80ms. In addition, we performed another T1ρ study 

with hyperventilation (40 breaths / minute). T1ρ images were acquired using the same 

parameters used in the 7.5% CO2 study. 
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3.4.2.   Results 

To ensure that similar manipulations could be performed in humans and the 

sensitivity of the T1ρ was similar between the human and animal scanners, a single 

subject was imaged while manipulating the end-tidal CO2. Figure 3.5A shows T1ρ maps 

of the human brain varied with end-tidal CO2 concentration (EtCO2) during the 5% CO2, 

room air, and hyperventilation conditions. During CO2 inhalation a widespread increase 

in T1ρ times consistent with the expected acidosis was evident as compared to the 

baseline room air condition (Student’s t-test; p<0.01). Similarly, the reduced T1ρ times 

during hyperventilation are consistent with the expected alkalosis (Student’s t-test; 

p<0.01). The pH dependence of T1ρ in brain tissue is clearly seen in the Figure 3.5C. T1ρ 

times were measured as the mean of ROI with 5x5mm square as shown in a white square 

in the Figure 3.5A. Figure 3.5B shows the subtracted T1ρ maps between hyperventilation 

and room air, and between 5% CO2 and room air.  In the subtraction images, voxels that 

were acidic relative to the baseline condition are shown in red and voxels that were more 

alkaline are shown in blue. 

Figure 3.6A shows the subtracted T1ρ maps between hypercapnia (7.5% CO2) and 

pre-hypercapnia (Air1), and between hypercapnia (7.5% CO2) and post-hypercapnia 

(Air2). The red color represents higher acidity while the blue color represents increased 

alkalinity. During CO2 inhalation the widespread increases in T1ρ times are consistent 

with the expected acidosis as compared to the baseline room air condition. During post-

hypercapnia T1ρ time returns to a level similar to the pre-hypercapnic phase as shown in 

Figure 3.6B. 
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To examine the use of T1ρ to detect changes in human brain pH, we performed 

another T1ρ study with hyperventilation. Figure 3.7 shows the subtracted T1ρ maps 

between the room air (pre-hyperventilation, air1) and the hyperventilation, and between 

the room air (post-hyperventilation, air2) and hyperventilation. The red color represents 

higher acidity however the blue color represents increased alkalinity. During the 

hyperventilation, the widespread reduced T1ρ times are consistent with the expected 

alkalosis as compared to the baseline room air condition. However, T1ρ time returns to a 

level similar to the pre-hyperventilation (air1) phase as shown in Figure 3.7B. There are 

some red color regions in the edge of the brain because of motion artifacts during the 

hyperventilation. 

3.5.   Discussion and Conclusion 

In the sheep blood study, we found a double disassociation between the T1ρ and 

BOLD signal sensitivity. T1ρ is not sensitive to blood oxygenation but to pH changes, 

while BOLD is sensitive to pH changes, but not to blood oxygenation. Thus these two 

MR contrast mechanisms arise from different biologic phenomena and do not directly 

influence each other. Two prior studies have also investigated the influence of blood 

oxygenation on T1ρ measurements [106,111]. Zipp et al. showed that T1ρ is insensitive to 

oxygen saturation level in packed erythrocytes for red blood cells from normal controls 

while subjects with sickle cell disease showed a stronger relationship between the 

estimated T1ρ times and blood oxygenation level [117]. Another study by Kettunen et al. 

found a linear positive relationship between T1ρ relaxation time for the similar oxygen 

saturation level as used in this study and same field strength scanner [112]. However, we 
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used a slightly lower T1ρ frequency as compared to the lowest T1ρ frequency reported by 

Kettunen et al.  In addition, they used a T1ρ-weighted sequence based on a gradient-echo 

sequence, while the present study employed a T1ρ-weighted sequence based on a turbo 

spin-echo sequence. The use of a 180° inversion RF pulse in turbo spin-echo sequences 

could minimize T2
* effects. Moreover, they used bovine blood for their experiment while 

the present study used sheep blood. Previous studies have investigated the difference 

between sheep and bovine red blood cells and found no difference in the membrane 

permeability of water but did find a species-specific variation in the membrane proteins 

among species. 

T1ρ times were collected in an anesthetized awake mouse using our 4.7T Varian 

scanner under three conditions: 1) normal breathing, 2) 20% CO2 inhalation, and 3) post-

HCO3
– injection (5 mmol/kg, ip). T1ρ maps were estimated on a voxel by voxel basis and 

T1ρ times were calculated for when the mouse was breathing CO2, or air, and following 

HCO3
– injection. Consistent with our phantom studies and earlier fiber-optic pH 

measurements, we found that 20% CO2 altered mean T1ρ times by amounts consistent 

with an average pH reduction. In contrast, HCO3
–injection (5 mmol/kg, ip) altered T1ρ 

times by values consistent with a pH increase. Consequently, we found that T1ρ is 

sufficiently sensitive to detect pH changes on the order of 0.1 pH units or less measured 

simultaneously with a fiber optic pH sensor surgically implanted into the amygdala. In 

another mouse study, it is observed that the T1ρ times did not change when the mouse was 

under the hyperoxia (100% O2) and hypoxia (10% O2). It suggests that the T1ρ relaxation 

is sensitive to the change of the brain pH, but not sensitive to the brain oxygenation level. 
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Additionally, in the human brain we found that T1ρ is sensitive to pH changes induced by 

hyperventilation and by CO2 inhalation.  

Therefore these advances increase our enthusiasm for developing T1ρ as a pH-

sensitive measure for a variety of applications. One application that is a primary goal of 

this proposal is to more precisely measure endogenous pH changes that occur with brain 

activity. 
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(A) 

(B) 

Figure 3.1. T1ρ measurements of agar phantoms across a pH spectrum. (A) T1ρ maps 

for agar phantoms of different pH values. T1ρ is inversely proportional to the pH value as 

shown in Figure 3.1B. (B) The result presented in Figure 3.1B were calculated in a 

5X5mm square ROI placed manually near the center of the phantom. 
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(A)          (B) 

Figure 3.2. T1ρ measurements of sheep blood phantoms across a pH and oxygenated 

spectrum. (A) T1ρ maps and measurements of sheep blood phantoms in control (left), 

acidified (center), and oxygenated (right) conditions demonstrating T1ρ increases with a 

decrease in blood pH and is independent of the oxygenated state of hemoglobin. (B) 

BOLD maps and measurements of sheep blood phantoms in control (left), and acidified 

(center), and oxygenated (right) conditions demonstrating BOLD is dependent of the 

oxygenated state of hemoglobin and independent of the pH of the blood.  
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                             Table 3.1. Physiological variables, T1ρ, and T2*  

                             measurements of blood phantoms across a pH   

                             and oxygenated spectrum.  
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(A) 

(B) 

Figure 3.3. Detecting pH changes with T1ρ in the brain of an anesthetized mouse. (A) 

Optic pH measurements of the rodent amygdala and T1ρ maps of the rodent brain after 

given HCO3
- (left), exposed to room air (center) and exposed to 20% CO2 (right) 

demonstrates an increase in T1ρ with a decrease in brain pH. In the mouse model, 

widespread increases in T1ρ times during CO2 inhalation were found consistent with the 

expected acidosis as compared to the baseline room air condition. (B) Figure 3.3B show 

the relationship between T1ρ and pH measured across all four of the mice. A fiber optic 

sensor, which was previously implanted into the amygdala, was used to continuously 

measure brain pH during the entire experiment.    
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(A) 

(B) 

Figure 3.4. Detecting pH changes with T1ρ in the brain of an awake mouse. (A) A T2-

weighted image (left). T1ρ maps of the rodent brain after exposed to room air, 20% CO2, 

10% O2, and 100% O2 demonstrating T1ρ increase with a decrease brain pH resulting 

from CO2 inhalation and independent of the oxygenated state of hemoglobin by exposing 

different concentrations of the oxygen. During 20% CO2 inhalation, the increases in T1ρ 

times are consistent with the expected acidosis as compared to the baseline room air 

condition. However, the change of the oxygen level does not significantly affect T1ρ times 

as shown Figure 3.4B. (B) Figure 3.4B shows the change of T1ρ times in the rodent brain 

during room air, 20% CO2, 10% O2, and 100% O2. T1ρ times were calculated in the ROI 

having 174 pixels as shown in red color in T2-weighted image in the Figure 3.4A.   
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(A) 

(B)    (C) 

Figure 3.5. Human brain T1ρ measurements across a pH spectrum. (A) T1ρ maps of 

the human brain varied with end-tidal CO2 concentration (EtCO2) during the 5% CO2, 

room air, and hyperventilation conditions. The intensity maps represent T1ρ times ranging 

between 0ms (basic) to 200ms (acidic). During CO2 inhalation, the widespread increases 

in T1ρ times are consistent with the expected acidosis as compared to the baseline room 

air condition. Whereas the reduced T1ρ times during hyperventilation are consistent with 

the expected alkalosis. (B) The change of T1ρ times in brain tissue is clearly seen in the 

Figure 3.5B. (C) Figure 3.5C shows the subtracted images between the T1ρ map with 

hyperventilation and the T1ρ map with room air and between the T1ρ map with 5% CO2 

and the T1ρ map with room air. T1ρ times change with respiratory challenges. T1ρ times 

were calculated in a 5x5 square ROI placed manually in the gray matter as shown in 

white color square in the Figure 3.5A. 
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(A)   

(B) 

Figure 3.6. Changes in T1ρ in human brain during hypercapnic challenge.  (A) 

Subtracted images between the T1ρ map with 7.5% CO2 and the T1ρ map with room air for 

two subjects. (B) Percentages of T1ρ times with respiratory challenges. ROIs were defined 

in white matter as shown in yellow color square in Figure 3.6A.  
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(A) 

(B) 

Figure 3.7. Changes in T1ρ in human brain during hyperventilation.  (A) A T1ρ-

weighted image with spin-lock duration of 12ms (left). ROIs were defined in white 

matters as shown in black and red color squares. Subtracted images between the T1ρ map 

with room air and the T1ρ map with hyperventilation for single subject. (B) T1ρ changes 

during breathing room air, hyperventilating (40breaths/minute), and breathing room air. 

The yellow-shaded areas represent the hyperventilation phase.  

 

 

 

 



82 

 

 

 

CHAPTER 4 
 

DETECTING ACTIVITY-EVOKED PH CHANGES IN HUMAN BRAIN 

4.1.   Background and Rationale 

Brain pH is homeostatically regulated in large part through the CO2/HCO3
– 

buffering system. In a reversible reaction, CO2 combines with water to form carbonic 

acid, which readily dissociates into HCO3
– and H+.  Raising CO2 shifts the equilibrium 

toward H+, thereby lowering pH. Conversely, raising HCO3
– shifts the equilibrium away 

from H+ and increases pH. Because of the brain’s powerful capacity to buffer pH, it has 

been questioned whether brain pH changes during brain function [14]. However, there are 

several potential sources of localized pH change. As carbohydrate metabolism increases 

so does production of pH-lowering by-products lactic acid and CO2 [17].  Additionally, 

pH can be altered by activity-evoked HCO3
– transport [112]. Local field potentials 

produced by ion flux might also change pH [113]. Finally, synaptic vesicles are acidic 

and release protons into the extracellular space during neurotransmission [114].  Such 

dynamic pH fluctuations have the potential to dramatically alter cognition and behavior 

through a number of pH-sensitive receptors and channels [115]. An example is the acid-

sensing ion channels, which promote synaptic plasticity, learning, and memory [116,117].  

Therefore, an ability to measure pH in the functioning brain could add new insight into a 

poorly understood dimension of brain function and dysfunction.  

This study aims to evaluate the utility of T1ρ MR imaging as a method to measure 

pH dynamics. The sensitivity of T1ρ to pH changes was evaluated in visual cortex during 
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functional activation. We measured the change in lactate concentration resulting from 

neural activity in the visual cortex, which may contribute to local acidosis since lactate is 

one of the primary determinants of extracellular pH. Furthermore, 31P spectroscopy, a 

widely accepted measure of pH, was used to validate pH changes in visual cortex during 

neural activity. In addition, we showed that T1ρ has higher spatial specificity than BOLD 

contrast.  

4.2.   Methods 

Six subjects (four males and two females, 28-35 years of age) underwent MR, 

fMRI and 1H MRS study. The study was performed twice on each of six subjects. A 

visual flashing checkerboard (22x22 squares) alternating at 4Hz was presented for all of 

the functional imaging studies using a block design. The baseline condition was a fixation 

cross. Every four seconds during the flashing checkerboard condition, a red square was 

shown in the center of the checkerboard. Subjects were asked to press a button on a fiber 

optic response system (Lumina LP-400, Cedrus Corporation, San Pedro, USA) when the 

square appeared. This was done to ensure that the subjects were on task during the entire 

study. This was especially important during the spectroscopic portion of the study where 

the activation period was lengthy. The stimulation timing sequence delivery and response 

registration was controlled by Presentation 13.1 software (Neurobehavioral System Inc., 

Albany, CA, USA). For BOLD imaging, 7 cycles of activation and visual fixation were 

presented with an 80 second period. The task began and ended in the baseline condition. 

The BOLD imaging portion of the study was repeated twice. For functional T1ρ, 5 cycles 

were collected with a 72 second period. This portion also began and ended with the 
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baseline condition. The functional T1ρ was acquired three times. For functional 

spectroscopic imaging, the task began in the baseline task (7 minutes 20 seconds) 

followed by the visual activation condition (7 minutes 20 seconds) and returning to the 

baseline condition for 7 minutes 20 seconds. Anatomical 3D T1-weighted scans were 

collected using an MP-RAGE sequence using the following parameters: TE=2.8ms, 

TR=2530ms, TI=909ms, FA=10°, field of view = 256x256x256mm, matrix 

size=256x256x256, bandwidth=180Hz/pixel. BOLD imaging was performed using a T2
* 

weighted gradient-echo sequence with the following acquisition parameters: TE=30ms, 

TR=2000ms, flip angle=90°, field of view=220x220mm, matrix size=64x64, 

bandwidth=2004Hz/pixel, and slice thickness/gap=4.0/1.0mm. Functional T1ρ imaging 

was performed using an echo-planar spin-echo sequence with an additional T1ρ spin-lock 

encoding pulse. The sequence parameters were TE=12ms, TR=2200ms, field of 

view=220x220mm, matrix size =64x64, bandwidth=1954Hz/pixel and slice thickness 

=4mm. Three spin-lock pulses were used (10, 30 and 50ms) with a spin-lock frequency of 

400Hz. The spin-lock pulse duration was for each repetition was selected based on the 

repetition number modulo three. A 1H MRS scan was acquired using a single voxel point-

resolved spin-echo sequence (PRESS) with water suppression using the following 

parameters: TE=288ms, TR=1680ms, bandwidth=1000Hz. A TE of 288ms was used to 

minimize lipid and macromolecule signal overlapping lactate at 1.3ppm. The MRS voxel 

(20x20x20mm3) was positioned on a localizing image at the site of activation observed 

in the BOLD study. Each spectroscopic acquisition lasted 3 minutes 40 seconds allowing 

two measurements to be obtained during each condition.  
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A second experiment was conducted using 31P spectroscopic imaging after 

acquiring a dual tune head coil (31P/1H). This portion of the study provided an external 

validation of the pH changes while viewing a flashing checkerboard. Six subjects were 

recruited into this functional imaging study to assess functional brain metabolite changes 

associated with the flashing checkerboard after informed written consent was obtained. 

The imaging consisted of a localizer followed by a 2D 31P spectroscopic acquisition using 

a free induction decay acquisition. The 31P CSI study was collected using the following 

parameters: TE=2.3ms, TR=4000ms, FOV=240x240mm, Matrix=8x8, thickness=30mm, 

Averages=16, Vector Size=1024, and Bandwidth =2500ms. A volume of 40 mm 

isotropic centered on the occipital cortex was selected as the shim volume and 

encompassed the CSI voxel of interest. This acquisition is repeated three times. During 

the first and third acquisition the subject is gazing at a fixing cross while during the 

second acquisition a 8Hz flashing checkerboard is presented. The subjects are instructed 

to respond as in the previous studies to the red square that appears to ensure that the 

subject is engaged in the task.  

The anatomical T1-weighted images for each subject were placed into the 

Montreal Neurological Institute (MNI) coordinate system using AFNI. The mean time 

series image was estimated and co-registered with the MNI aligned T1-weighted scan 

using an affine transformation. All BOLD functional MRI data were analyzed using 

AFNI software. Pre-processing of T2
* weighted time series data included three 

dimensional motion correction, slice timing correction, linear trend removal, motion 

correction, and spatial smoothing with a Gaussian filter (6mm Full width half maximum 

(FWHM)). The data from each run was concatenated before statistical analysis. The 
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analysis was performed for all voxels within the brain for each subject using a 

generalized linear model (GLM). A linear regression was performed to estimate the 

signal contributed by the blood oxygenation signal corresponding to the experimental 

design. An estimate of the hemodynamic response was estimated by convolving the 

experimental design with a gamma-variate function. The resulting t statistic for the 

hemodynamic response function was converted to a z-score. The mean T2
* weighted 

image was estimated and used to co-register the images with the MNI aligned T1-

weighted anatomical image. The resulting transform was used to place the z-image into 

MNI space. A t-test was performed across the subjects and corrected for multiple 

comparisons using a FDR analysis.   

The T1ρ data was preprocessed using a combination of AFNI and MATLAB. 

Motion correction was performed using AFNI. Each set of spin-lock times were then 

analyzed using MATLAB to generate a T1ρ map using a log-linear regression of the voxel 

signal intensity with the spin-lock time. The T1ρ data were concatenated and spatially 

smoothed using Gaussian filter (FWHM=6mm). The resulting T1ρ maps were analyzed 

using a linear regression where the relationship between the T1ρ map and the 

experimental design was estimated. The resulting statistical t-statistics were converted to 

z-scores. The mean spin-lock image was estimated and used to co-register the T1ρ images 

with the MNI aligned T1-weighted anatomical image. The resulting transform was used 

to place the z-image into MNI space. A t-test was performed across the subjects and 

corrected for multiple comparisons using a FDR analysis.   

The two 1H spectroscopic measurements obtained for each condition were 

frequency and phase corrected and then averaged in Matlab, and the resulting spectral 
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data was analyzed using LCMODEL (Stephen Provencher Inc., Oakville, Ontario, 

Canada). Ratios of Lactate/Cr and Lac/NAA were obtained and compared between the 1) 

baseline, 2) activation, and 3) recovery periods using an ANOVA.  

The 31P data was analyzed using the Siemens Syngo software to determine the 

chemical shift of the inorganic phosphate (Pi) and phosphocreatine (PCr) peaks in the 31P 

spectra. The analysis included frequency filtering, frequency and phase correction, 

baseline correction, and curve fitting with prior knowledge. The pH within the brain was 

estimated using the following formula as proposed by Petroff et al [118].  

pH = 6.77 + log {(δ-3.29)/(5.68-δ)} 

where δ is the chemical shift between in ppm between Pi and PCr. The pH estimates for 

the baseline, activated, and recovery phases where compared using an ANOVA model in 

SPSS. 

4.3.   Results  

Figure 4.1 shows the 1H MR spectra for baseline, visual stimulation, and post-

stimulation from one subject. The lactate doublet centered at 1.33ppm was visible in the 

subject. Paired t-test showed that the main effect for time was due to significant increase 

in lactate from BS1 to VS1 and VS2 and from BS2 to VS1 and VS2 (p<0.01), and 

significant decrease in lactate from VS1 to PS1 and PS2 and from VS2 to PS1 and PS2 

(p<0.01). The overall increase in lactate, quantified as the difference between the 

weighted average of VS1 and VS2 compared with the average of BS1 and BS2 was 
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highly significant (p<0.005). Moreover the overall decrease in lactate quantified as the 

difference between the weighted average of VS1 and VS2 compared with the average of 

PS1 and PS2 was highly significant (p<0.005).  

During the visual activation study, statistically significant activation was observed 

in the primary visual cortex for both the BOLD and T1ρ techniques. Figure 4.2 shows the 

group activation maps of the T1ρ and BOLD imaging in MNI space overlaid on the T1-

weighted anatomical image. The activated voxels with a significant activation (z>2.9, 

p<0.002 corrected) are shown. Areas of the T1ρ activation related to pH changes are 

smaller than those of the BOLD changes reflecting sensitivity to the blood oxygenation 

level. Statistically significant elevation in the lactate to Cr ratio measurements was also 

found during visual activation as compared to both the baseline and recovery periods. 

This also held true for the lactate to NAA ratios as well.   

The 31P data showed a reduction in the estimated pH value in all subjects during 

the activated state within the voxel encompassing the visual cortex. The estimated values 

returned towards the baseline level during the recovery period. Statistical analysis of the 

pH values were shown to be significantly lower (7.313/0.985) during the activated state 

(p<0.05) as compared to the baseline (7.419/1.0) and recovery (7.382/0.995) states. 

4.4.   Discussion and Conclusions 

T1ρ imaging can be used to measure brain pH changes associated with brain 

function. The findings in the preliminary study suggest that local acidosis occurs with 

brain function that can be detected using MR imaging. This acidosis was measured using 

both T1ρ imaging, as well as 31P spectroscopy. We found that a decrease in brain pH was 
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shown in all subjects during visual stimulation in the visual cortex, as compared to the 

baseline and post-stimulus period. The voxel in which the spectroscopy measurements 

were obtained were large (volume=27cm3) and were acquired over a 7 minute period 

limiting the ability to study more rapid pH dynamics that may occur on the order of 

seconds. However, the T1ρ imaging technique had a temporal resolution of 6-9s per 

measurement with a 4mm isotropic resolution. This technique holds the possibility to 

study pH dynamics with much higher temporal resolution than 31P spectroscopic 

techniques. Furthermore, it may also be possible to further improve the temporal 

resolution of this technique using parallel imaging or compressed sensing reconstruction 

techniques. 

Together these data suggest that brain pH can change during normal activity and 

not just during pathological states such as a seizure or stroke [14,119].  Although activity-

evoked pH changes have been suggested [14,17,114], the data presented here provide the 

most direct supportive evidence thus far in the human brain. There a number of potential 

sources of pH change and several of these might summate to produce the localized 

acidosis detected here. Further study will be required to identify the relevant sources of 

acid and to determine whether they might have functional consequences. A growing list 

of pH sensitive receptors and channels suggests that the pH changes observed here might 

have a prominent role in brain function and dysfunction [115,116]. Interestingly, panic 

disorder patients exhibited abnormally high lactate levels in the visual cortex in response 

an equivalent visual checkerboard task [120]. Coupled with that observation, the data 

presented here raise the possibility that pH abnormalities might occur in panic disorder 

and may contribute to the pathophysiology of panic [17]. Regardless of the implications 
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for brain function, this study suggests a novel approach for mapping brain activity. The 

currently employed mapping measures, including fMRI and PET, rely on the 

hemodynamic response. The data herein suggest that although T1ρ correlates with the 

hemodynamic response, it does not depend on it directly, and thus might provide a 

tractable independent measure of neural activity. 
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Figure 4.1. Localized 1H MR spectra for baseline, visual stimulation, and post-

stimulus.  The six spectra shown were obtained consecutively from the same voxel in the 

same subject. Stack plot of spectra obtained before (baseline 1, BS1 and baseline 2, BS2), 

during (visual stimulation 1, VS1 and visual stimulation 2, VS2), and following visual 

stimulation (post-stimulus 1, PS1 and post-stimulus 2, PS2). In vivo metabolites include 

N-acetylaspartate (NAA), creatine (Cr+PCr), choline (Cho), myo-inositol(Ins), and 

glutamate (Glu).  
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(A) 

(B) (C) 

Figure 4.2. Brain function resulting from visual flashing checkerboard stimulation.  

(A) BOLD and T1ρ functional activation maps (P<0.002 corrected) resulting from the 

visual flashing checkerboard stimulus. Three contiguous slices are shown. (B) The lactate 

to total creatine ratio increased during visual stimulation and returned to its baseline state 

during the post-stimulus recovery phase. The increase was statistically significant 

(p<0.05). (C) pH measured via 31P spectroscopy in the visual cortex was found to 

decrease during visual stimulation. This acidosis (0.1 pH units) was statistically 

significant (p<0.05). 
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CHAPTER 5 
 

T1ρ RESPONSE TO THE ACTIVITY-DEPENDENT  

LOCALIZED ACIDOSIS 

 

5.1.   Background and Rationale 

   While pH regulation is often assumed to be homeostatic, local dynamic pH 

fluctuations occur in the brain with neural activity. There are a number of potential 

source of acid in the brain. Carbohydrate metabolism induced by increased neural activity 

produces lactic acid, CO2, and H+ as end-products. In addition, the synaptic release of 

protons from neurotransmitter vesicles generates a localized acidosis to modulate pH-

sensitive channels and other receptors in the pre and post-synaptic membrane. Such 

transient local pH changes have the potential to dramatically alter pathophysiology and 

behavior through a number of pH-sensitive receptors in the brain. For example, acid-

sensing ion channels-1a (ASIC1a) plays a critical roles in fear, anxiety-related behaviors 

[19,20,121-123], and CNS diseases [19,116]. In addition, significantly elevated baseline 

lactate concentrations have been found in bipolar [124] as well as functionally elevated 

lactate responses in panic disorder [120]. These findings suggest that local or more global 

acidosis exists within these disorders possibly resulting from altered metabolic regulation. 

The ability to non-invasively measure pH dynamics in vivo provides unique 

insight into better understanding brain function as well as neurological and psychiatric 

disorders. Various magnetic resonance (MR) approaches have been developed to measure 

brain pH with pH-dependent chemical shift changes using MR spectroscopy [70,81-

84,125,126], pH-sensitive contrast agents [127,128], proton exchange properties [94,129-
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131], and by combining paramagnetic contrast agents with proton exchange [132-134]. 

31P MR spectroscopy methods have been widely used to measure intracellular pH using 

the pH-dependent chemical shift between inorganic phosphate (Pi) and phosphocreatine 

(PCr) [135,136]. The disadvantage of the 31P spectroscopic techniques is their limited 

spatial resolution (on the order of 10-30cm3 volume), long acquisition times (on the order 

of 5-10 minutes) for a single measurement, and the requirement of special hardware that 

is typically not available on clinical scanners. Molecules with pH-sensitive 1H resonance 

have also been reported [71,72,137,138]. 2-imidazole-1-yl-3-ethoxycarbonylpropionic 

acid (IEPA) has been used to estimate pH, which is pH-dependent chemical shift due to 

the protonation and deprotonation of the amine group. pH-dependent relaxation 

properties have also been shown using an injection of exogenous contrast agents [70,81]. 

pH-sensitive gadolinium complexes has been shown the possibility of measuring pH with 

a spatial resolution comparable to standard MRI [127,128]. However, the enhancement 

observed in an image depends on the local concentration of agent as well as pH, leading 

to the difficulty of quantification of the environmental parameter of interest. Recently, 1H 

based MR pulse sequences using proton exchange properties have been used to probe pH 

changes in vivo [93,99,130, 139]. These techniques include amid proton transfer (APT), a 

specific variant of chemical exchange saturation transfer (CEST), and T1ρ. APT can probe 

the interaction between bulk water and amide protons in the peptide bonds to enable 

assessment of microenvironment properties such as pH and temperature. It has been 

shown that the amide proton exchange rate is base-catalyzed for pH within the 

physiological range [140]. This approach has been used to image pH changes in the 

ischemic rat brain [99] and brain tumors in human [87,99]. The T1ρ signal reflects water-
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protein interactions in tissue, which has been shown to be pH sensitive. The sensitivity of 

T1ρ to the surrounding pH has been well documented. Several studies have shown pH-

dependency of T1ρ in phantoms and animal models [105,106,139,141]. The extent of T1ρ 

positively correlates with lactate concentration, suggesting that pH modulates T1ρ in 

ischemic tissue [105]. Recently, we found that T1ρ contrast can detect dynamic 

fluctuations in pH associated with brain activity resulting from a visual flashing 

checkerboard [139]. Both the T1ρ and 31P measurements revealed a local acidosis in the 

visual cortex associated with brain activity. In addition, a significant increase in the 

lactate signal using 1H spectroscopy within the visual cortex was observed. The BOLD 

signal originates in the venous system, which results in spatial displacement of the signal 

from the actual site of brain activity. Therefore functional T1ρ imaging may provide 

improved localization of brain activity since acidic end products of metabolism, lactic 

acid, are likely more localized to the brain activity as compared to blood oxygenation.  

A number of previous positron emission tomography (PET) and functional MRI 

(fMRI) BOLD studies have shown frequency dependence of the blood flow response 

within the visual cortex response to a flashing checkerboard. Previous studies have found 

the maximum blood flow response to occur with stimulation frequencies in the range of 

6-8Hz [142,143,144,145]. In addition, a previous study using 1H spectroscopy has also 

shown frequency dependence in lactate signal [146]. In this study, we hypothesized that 

the measurements of pH assessed using 31P spectroscopy and T1ρ will exhibit similar 

frequency dependence with the greatest acidosis occurring near 8Hz. To test this 

hypothesis, dynamic imaging was performed using T1ρ, BOLD, and 31P spectroscopy 
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while viewing a full field flashing checkerboard with different temporal frequencies (1, 4, 

and 7Hz). 

5.2.   Methods 

Ten subjects (Seven men and three women, 25-35 years of age) underwent MRI, 

fMRI, and 31P MRS study. Signed informed consent was obtained prior to beginning the 

study in accordance with the University of Iowa Institutional Review Board. 

MR images of the brain were obtained on a 3.0T Siemens TIM Trio scanner 

(Siemens Medical Solutions, Erlangen, Germany) using a 12 channel head-coil. High-

resolution anatomical T1-weighted images were acquired using a 3D MP-RAGE 

sequence using the following parameters: TR=2530ms, TE=2.8ms, TI=909ms, flip 

angle=10°, FOV= 256x256x256mm, matrix size=256x256x256, bandwidth=180Hz/pixel. 

BOLD imaging was performed using a T2
*-weighted gradient-echo sequence with the 

following acquisition parameters: TR=2000ms, TE=30ms, flip angle=90°, 

FOV=220x220mm, matrix size=64x64, bandwidth=2004Hz/pixel, 25 slices and slice 

thickness/gap =5.0/1.0mm. T1ρ imaging was performed using an echo-planar spin-echo 

sequence with an additional T1ρ spin-lock encoding pulse. The sequence parameters were 

TR=2500ms, TE=12ms, FOV=220x220mm, matrix size=64x64, bandwidth= 

1954Hz/pixel, 15 slices and slice thickness/gap=5.0/1.0mm. Two spin-lock pulses were 

used (10 and 40ms) with a spin-lock frequency of 350Hz. A final experiment was run 

using 31P spectroscopic imaging. The subjects were briefly removed from the scanner and 

the 12 channel head-coil has replaced with a quadrature transmit receive dual tune 31P/1H 

coil (RapidMRI, Columbus, Ohio). Imaging for the spectroscopic portion of the study 
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consisted of a localizer followed by a 2D 31P spectroscopic acquisition. 31P CSI 

spectroscopy was collected using a free induction decay acquisition with the following 

parameters: TR=4000ms, TE=2.3ms, FOV=240x240mm, matrix size=8x8, 

thickness=30mm, bandwidth=1000Hz, vector size=1024. A volume of 40 mm isotropic 

centered on the occipital cortex was selected as the shim volume and was utilized as the 

CSI voxel of interest for metabolic measurements. 

A visual flashing checkerboard was presented for the functional imaging using a 

block design as shown in Figure 5.1. Each block of visual stimulation used one of three 

frequencies (1, 4, or 7Hz) of the flashing checkerboard, which were presented in random 

order. The baseline condition was a fixation cross. Every four seconds during the flashing 

checkerboard condition, a red square was shown in the center of the checkerboard. 

Subjects were asked to press a button on the fiber optic response system (Lumina LP-400, 

Cedrus Corporation, San Pedro, USA) when the square appeared. This was done to 

ensure that the subjects were on task during the entire study. This was especially 

important during the spectroscopic portion of the study where the activation period was 

lengthy. For BOLD and T1ρ imaging, 7 cycles of activation and visual fixation were 

presented with a 72 second period. The task began and ended in the baseline condition. 

Two runs of the BOLD and T1ρ measurements were obtained. For 31P spectroscopy, the 

session consisted of four blocks each lasting 5min 20sec. The visual stimulation was 

presented to the subjects using MATLAB (The MathWorks, Inc., Natick, MA, USA) and 

the Psychophysics Toolbox (Brainard, 1997 and Pelli, 1997). 

The anatomical T1-weighted images for each subject were placed into the 

Montreal Neurological Institute (MNI) coordinate system using AFNI. The mean time 
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series image was estimated and co-registered with the MNI aligned T1-weighted scan 

using an affine transformation. All functional imaging data were analyzed using a 

combination of AFNI (Cox, 1996) and MATLAB. 

For BOLD data, pre-processing of T2
*-weighted time series data included three 

dimensional motion correction, slice timing correction, linear trend removal, and spatial 

smoothing with a Gaussian filter (6mm FWHM). The data from each run was 

concatenated before statistical analysis. The analysis was performed for all voxels within 

the brain for each subject using a general linear model (GLM). A linear regression was 

performed to estimate the signal contributed by the blood oxygenation signal 

corresponding to the experimental design. An estimate of the hemodynamic response was 

estimated by convolving the experimental design with a gamma-variate function (Cox, 

1996). Nuisance regressors were included for the subject motion parameters and baseline 

fluctuations using a third order polynomial. The resulting t-statistic for the hemodynamic 

response function was converted to a z-score. The mean T2
*-weighted image was 

estimated and used to co-register the images with the MNI aligned T1-weighted 

anatomical image. The resulting transform was used to place the z-image into MNI space.  

For T1ρ data, motion correction was performed using AFNI. Each set of spin-lock 

times were then analyzed using MATLAB to generate a T1ρ map using a log-linear 

regression of the voxel signal intensity with the spin-lock time. The T1ρ data were 

concatenated and spatially smoothed using Gaussian filter (6mm FWHM). The resulting 

T1ρ maps were analyzed using a linear regression where the relationship between the T1ρ 

map and the experimental design was estimated. The resulting statistical t-statistics were 

converted to z-scores. The mean spin-lock image was estimated and used to co-register 
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the T1ρ images with the MNI aligned T1-weighted anatomical image. The resulting 

transform was used to place the z-image into MNI space.  

The BOLD and T1ρ responses were analyzed using an ANOVA with the visual 

stimulation frequencies as a factor to identify voxels that whose response exhibited 

significant frequency relationship. A contrast between stimulation frequencies (7Hz vs. 

1Hz, 7Hz vs. 4Hz, and 4Hz vs. 1Hz) was performed. The threshold for significance in the 

contrast map was set at p<0.05 (corrected using false discovery rate).  

The 31P data was analyzed using the same method as shown in Chapter 4.2. The 

brain pH in the visual cortex estimates according to the corresponding condition where 

compared using an ANOVA model in SPSS. 

5.3.   Results  

Statistically significant activation maps corresponding to the flashing 

checkerboard were generated for each frequency (1, 4, and 7Hz) using both T1ρ and 

BOLD functional imaging. Figure 5.2 shows the group activation maps of the T1ρ and 

BOLD imaging in MNI space overlaid on the average T1-weighted anatomical image. 

The activated voxels with a significant activation (t>2.306, p<0.05 corrected) are shown. 

The positive T1ρ activation is shown in red, and the positive BOLD activation is in blue. 

From Figure 5.2, it is evident that the area of activation increases with stimulation 

frequency for both BOLD and T1ρ functional imaging. The size of the activated region as 

well as the median and maximum t-statistic also reflect this frequency dependency (Table 

5.1). It is evident that the BOLD response is substantially larger than the T1ρ response, 

however there is a high degree of overlap (green voxels shown in Figure 5.2) between the 
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two responses. The average of the T1ρ and BOLD time course as shown in Figure 5.3 was 

obtained in the ROI (3x2) within visual cortex across subjects as shown in white color 

square in Figure 5.2(C). It is observed that the magnitude of the T1ρ response depends on 

the temporal frequency. In addition, the peak percentage change for T1ρ functional 

imaging (~2%) was approximately half of the change found using BOLD imaging (~4%). 

Figure 5.4 shows contrast maps of BOLD and T1ρ response between stimulus frequency 

of 7Hz, 4Hz, and 1Hz. Both BOLD and T1ρ response significantly increased with the 

visual stimulation frequency. The 31P data showed a reduction in the estimated pH value 

in all subjects during the activated state within the voxel encompassing the visual cortex. 

Figure 5.5 shows brain pH values within visual cortex estimated by 31P spectroscopy. 

During 4Hz and 7Hz visual stimulation, brain pH significantly decreased (acidosis) 

relative to the visual fixation (REST) and there was a trend relative to 1Hz visual 

stimulation (p=0.08). pH was slightly reduced at 1Hz relative to REST, but this was not 

statistically significant. PCr/Pi and ATP/Pi ratios decreased with stimulation frequency 

but were not statistically significant (Table 5.2). 

5.4.   Discussion and Conclusions 

These results replicate the findings of our previous work that suggested an 

acidosis within the visual cortex in response to a full field flashing checkerboard using 

T1ρ functional imaging and 31P spectroscopy [139]. The work herein extends that 

previous study by finding that the magnitude of the pH response depends on the 

stimulation frequency and thus likely depends on the associated changes brain activity 

[143]. This was evident in both the T1ρ and 31P measurements. The magnitude and extent 
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of the T1ρ response increased significantly with increasing frequency of the flashing 

checkerboard, which is consistent with a greater acidosis. Consistent with these T1ρ data, 

31P spectroscopy also detected a greater acidosis during visual stimulation with the higher 

temporal frequencies (4 and 7 Hz).  

Our BOLD data agree with the findings of Vafaee and Gjedde [147] and Singh et 

al. [143] suggesting that the cluster size of activated voxel as well as the magnitude of 

BOLD signal is increased with stimulation frequency within the range studied (1-7Hz). 

Neurovascular responses of the visual pathway as a function of stimulus frequency have 

been described for visual stimulation [148]. It is known that the electrical response 

amplitude induced by the visual stimulus relies on the total number of cortical neurons 

responding to the stimulus, with the greatest number of neurons responding to stimulus 

frequency rates (approximately 8Hz, 1/125msec) matching the “activity-recovery cycle” 

duration (125msec) of the pathway from retina to visual cortex. However, the response 

amplitude decreases as the temporal frequency of flicker exceeds 8Hz. The stimulus rate-

dependent increases in the BOLD signal is consistent with the PET observations for CBF 

[144]. 

Our previous study in sheep blood phantoms suggested a double disassociation 

between T1ρ and BOLD; T1ρ was not sensitive to blood oxygenation while BOLD was not 

sensitive to pH [139]. Here we also found significant differences in the activation patterns 

detected by T1ρ and BOLD. While the T1ρ activation area was contained mostly within 

the BOLD activation area, the T1ρ activation area was significantly smaller. It is well 

known that the BOLD signal comes mainly from the veins draining blood from the 

activated areas; thus, BOLD contrast may occur at sites significantly distant from the 



102 

 

 

 

actual sites of neuronal activity. This is why some investigators apply small motion 

sensitizing gradients to the echo-planar gradient echo sequence commonly used to 

acquire BOLD data. Therefore, we speculate that the smaller T1ρ changes may represent 

an acidosis that is more localized to the area of brain activity as compared to the BOLD 

signal. However, we found that the signal change was half of the BOLD magnitude and 

may require additional temporal sampling to achieve the same power as BOLD imaging. 

Lactate is one of the potential sources of acid detected by T1ρ and 31P. Prichard et 

al. [149], Maddock et al. [120] and Magnotta et al. [139] observed that lactate 

concentration significantly increases during visual stimulation. Lin et al. [146] also 

observed that stimulation rate-dependent increase of CBF correlates with lactate 

production. These observations suggest that anaerobic glycolysis may help drive the pH 

and CBF responses detected here. Increased activity requires greater blood flow to supply 

glucose and oxygen and to remove metabolic waste including CO2. Prior studies have 

shown that local acidosis is a critical determinant of cerebrovascular tone [150]. 

Consequently, activity-evoked acidosis may be a key mechanism underlying 

neurovascular coupling. Nevertheless, current functional imaging paradigms remain 

dependent on blood flow, blood volume and the vascular anatomy, which limits their 

temporal and spatial resolution. If pH helps drive the vascular response, then T1ρ may be 

a more direct and precise method of imaging brain function. If so, one might expect the 

local pH changes detected by T1ρ to be more localized to the activated region. In addition, 

the T1ρ response might precede the hemodynamic response detected by BOLD and CBF 

measures. However, future work is needed to better understand the temporal dynamics of 

the T1ρ response relative to BOLD and CBF changes. 
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The activity-evoked pH changes detected here by 31P-spectroscopy required 

substantially longer imaging times compared to BOLD and T1ρ. This additional imaging 

time pay lead to greater habituation and attenuation of the neuronal activity 

[151,152,153], and may help explain why 31P did not detect a pH change evoked by 1 Hz 

or why the pH changes evoked by 4 and 7 Hz did not differ from each other. Consistent 

with this possibility, with continuous visual stimulation Sappey-Marinier et al. [84] 

observed a decline in lactate concentration from an initial maximum level. 

In conclusion, our study suggests that T1ρ depends on the degree of brain activity. 

Furthermore, this work suggests a strong relationship between T1ρ and pH estimated by 

31P spectroscopy. Consequently, our findings support the hypothesis that dynamic T1ρ 

imaging detects activity-evoked pH changes. T1ρ imaging has the potential to provide a 

new functional imaging marker that may be more specific to the area of brain activity. 

Therefore, it is possible that by non-invasively detecting pH dynamics in the human brain, 

T1ρ MRI could offer a novel, more direct approach to map brain function. A number of 

psychiatric and neurological disorders could potentially benefit from the ability to study 

dynamic pH changes. 
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Figure 5.1. Flashing checkerboard paradigms for functional BOLD, T1ρ, and 31P 

spectroscopy studies. BOLD and T1ρimaging were performed twice in an interleaved 

manner. VF represents a visual fixation. ST1, ST2, ST3 represent visual stimulation with 

a full field flashing checkerboard at different temporal frequencies of 1, 4, and 7Hz. The 

temporal frequencies were presented in a random order. During the 31P study, all of the 

visual stimulation (ST1, ST2, and ST3) and VF were randomly presented.  
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Figure 5.2. BOLD and T1ρ functional activation maps resulting from the different 

stimulus temporal frequencies. Group analysis of the functional imaging data (p<0.05, 

corrected) for the BOLD and T1ρ at flashing checkerboard frequencies of 1, 4, and 7Hz, 

respectively. Two axial slices (MNI z=6 and z=10) are shown. Different color scales are 

used for the BOLD (sky/blue) and T1ρ (yellow/red) are used to display the positive 

activation for each method. The bottom row shows the overlap (green) between the 

BOLD and T1ρ results. Voxels responding only to BOLD are shown in blue and those 

only responding with T1ρ are shown in red. 
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Figure 5.3. Percentage changes of BOLD signal and T1ρ times during different 

stimulus temporal frequencies. Group-average percent changes of the BOLD (blue line) 

and T1ρ (red line) time courses obtained in the ROI (3x2) within the visual cortex across 

subjects as shown in white color square in Figure 5.2(C). Error bars depict standard error 

of the mean.  
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Figure 5.4. BOLD and T1ρ statistical contrast maps (7Hz vs. 1Hz, 7Hz vs. 4Hz, and 

4Hz vs. 1Hz). Axial sections of statistical contrast maps (p<0.05, corrected) for BOLD 

(A) and T1ρ (B) response between stimulus frequencies of 7Hz, 4Hz, and 1Hz. Three 

contiguous slices (MNI z=−8, z=−4, and z=4) are shown.  
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Figure 5.5. Brain pH measurements obtained using 31P spectroscopy during 

different conditions. Brain pH within the visual cortex averaged across ten subjects. 

Error bars depict standard error. There was a statistically significant difference between 

pH during the stimulation at 4 and 7 Hz as compared to REST.  
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            Table 5.1. MNI coordinates of the activated cluster center of mass,  

            cluster size, and significance.  
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                            Table 5.2. Phosphate ratios and intracellular pH  

                            during different stimulus temporal frequencies. 
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CHAPTER 6 
 

T1ρ FUNCTIONAL IMAGING TEMPORAL DYNAMICS IN THE 

HUMAN VISUAL CORTEX 

 

 

6.1.   Background and Rationale 

   Local dynamic pH fluctuation in the brain occurs with neural activity and has 

been associated with several neurological and psychiatric disorders. There are a number 

of potential sources of pH change in the brain and several of these may combine to 

produce a localized acidosis. Neural activity generates lactate, CO2 and other metabolites 

as end products, which lower interstitial pH. In addition, the synaptic release of protons 

from neurotransmitter vesicles lower pH in the synaptic cleft to modulate pH sensitive 

channels and other receptors in the pre- and post-synaptic membrane. An increased 

metabolic activity also produces more CO2, which is rapidly hydrated to HCO3
- and H+. 

Such dynamic pH fluctuations have the potential to dramatically alter cognition and 

behavior through a number of pH-sensitive receptors and channels. An example is the 

acid-sensing ion channels (ASICs), which promote synaptic plasticity, learning, and 

memory [116,117]. In addition, there is an emerging recognition of the importance of pH 

and ASICs may play in neurological disease, including stroke, multiple sclerosis, and 

seizure [19,116]. Recently, increasing evidence suggests that pH may be abnormally 

regulated in panic disorder [122,154-158]. Furthermore, CO2 inhalation triggers panic 

attacks and patients with panic disorder are particularly sensitive [18] The resulting 

acidosis is thought to be responsible for most of the physiological effects of CO2. These 
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finding suggest a critical role for pH-dependent signaling in psychiatric and neurological 

disease. In addition, neural activity is accompanied by a complex sequence of vascular 

processes. A continuous supply of energy substrates such as glucose and oxygen is 

maintained by cerebral blood flow during the neural activity. Prior studies have shown 

that local acidosis is a critical determinant of cerebrovascular tone [150]. Local acidosis 

potently stimulates vasodilation and increases blood flow. Therefore brain tissue acidosis 

accounts for the vasodilation associated with increased neuronal activity.  

The ability to non-invasively measure pH dynamics may also offer a novel, more 

direct approach to map brain function. Brain acidosis is the end product of energy 

metabolism. Metabolically active cells lower local pH, the detection of which could help 

pinpoint regions activated by sensory stimuli, emotion, or cognitive tasks. Functional 

magnetic resonance imaging (fMRI) mostly relies on blood oxygenation-level dependent 

(BOLD) changes in the venous system while arterial spin labeling (ASL) enables changes 

in tissue perfusion resulting from local cerebral blood flow (CBF) changes. BOLD 

contrast can be significantly distant from the actual site of neuronal activity because it 

relies on changes of the local magnetic field within veins [43,159,160]. The venous 

contribution results in a loss of spatial specificity and spatial resolution of the BOLD 

response [161]. In addition, the hemodynamic response to brief periods of neural activity 

is delayed. Typically, the signal change is observed at 3-5 seconds after onset of neural 

activation and reaches maximum at 5-10 seconds [162,163]. However, ASL contrast 

originates predominantly from tissue and capillaries [54,60,164]. Even though functional 

signal changes detected by ASL have superior spatial and temporal resolution as 

compared to BOLD contrast, ASL contrast still suffers from poor temporal resolution due 
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to delays in the hemodynamic response resulting from neurovascular coupling. Therefore, 

the ability to measure pH dynamics may provide a more localized and direct measure of 

brain activity.  

Recently, we found that the T1ρ contrast can detect dynamic fluctuations in pH 

associated with brain activity resulting from a visual flashing checkerboard [139]. Both 

the T1ρ and 31P spectroscopy measurements revealed an acidosis in the visual cortex 

associated with brain activity. In addition, we found a significant increase in the lactate 

signal (lactate/creatine ratio) using 1H spectroscopy within the visual cortex. Blood 

phantoms revealed that T1ρ was sensitive to pH changes and not blood oxygenation while 

T2
* was sensitive to blood oxygenation and not pH. It suggests that T1ρ contrast 

dissociates from BOLD sensitivity. Consequently, functional T1ρ imaging may provide 

improve localization of brain activity and more direct approach to map brain function 

since acidic end product of metabolism, lactic acid, are likely more localized to the brain 

activity as compared to blood oxygenation. Currently, various magnetic resonance 

approaches have been developed to measure brain pH. 31P spectroscopy is most 

commonly used to measure brain pH with pH-dependent chemical shift changes, but it 

has relatively poor temporal and spatial resolution [135,136]. Recently, 1H MRI methods 

for measuring pH in vivo have exploited pH-dependent magnetization transfer between 

bulk water and amid protons in the peptide bonds [92,93,99]. This technique includes 

amid proton transfer (APT) imaging technique, a specific variant of chemical exchange 

saturation transfer (CEST). APT is pH-sensitive but has not yet been developed for 

functional imaging.  
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In this study, we hypothesized that pH-sensitive T1ρ response in the visual cortex 

will temporally precede the hemodynamic response measured by functional imaging 

including BOLD and ASL contrast since local acidosis evoked by neural activity may 

drive the hemodynamic response. To test this hypothesis, dynamic imaging was 

performed using T1ρ, BOLD, and ASL while viewing a phase-encoded expanding ring 

stimulus, which induces traveling waves of neural activity in the visual cortex. We 

calculated the phase maps for the eccentricity across their occipital cortices for each of 

functional signal and compared the T1ρ temporal resolution with the hemodynamic 

response. 

6.2.   Methods 

Five subjects (three men and two women, 29-33 years of age) underwent MRI (T1 

and T2-weighted imaging) and fMRI (BOLD, ASL, and T1ρ) study, all with normal or 

corrected-to-normal vision. Signed informed consent was obtained prior to beginning the 

study in accordance with the Institutional Review Board at the University of Iowa. 

MR images of the brain were obtained on a 3.0T Siemens TIM Trio scanner 

(Siemens Medical Solutions, Erlangen, Germany) using a 12 channel head-coil. For 

cortical surface reconstruction, high-resolution anatomical T1-weighted images were 

acquired using a 3D MP-RAGE sequence using the following parameters: TR=2530ms, 

TE=2.8ms, TI=909ms, flip angle=10°, FOV=256x256x256mm, matrix 

size=256x256x256, bandwidth= 180Hz/pixel. BOLD imaging was performed using a 

T2
*-weighted gradient-echo sequence with the following acquisition parameters: 

TR=2500ms, TE=30ms, flip angle=90°, FOV=220x220mm, matrix size=64x64, 
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bandwidth=2004Hz/pixel, 31 slices and slice thickness/gap=4.0/1.0mm. T1ρ imaging was 

performed using an echo-planar spin-echo sequence with an additional T1ρ spin-lock 

encoding pulse. The sequence parameters were TR=2500ms, TE=12ms, 

FOV=220x220mm, matrix size=64x64, bandwidth=1954Hz/pixel, 15 slices and slice 

thickness/gap=4.0/1.0mm. Two spin-lock pulses were used (10 and 40ms) with a spin-

lock frequency of 350Hz. Pulsed ASL (PICORE Q2T) images were collected by 

alternating between tag and control images using the following parameters: TR=2500ms, 

TE=15ms, TI1/TI2=700/1602ms, FOV=220x220ms, matrix size=64x64, 12 slices and 

slice thickness/gap=4/1mm. Two runs of the ASL and T1ρ measurements were obtained 

to increase signal to noise ratio. 3D shimming was performed for all functional scans 

using Siemens’s automatic shimming routine. 

Phase-encoded eccentric maps were presented using a standard expanding ring 

stimuli that induce travelling waves of neural activity in the visual cortex [165-167]. 

Eccentricity mapping was performed using expanding ring checkerboard presented in 6 

cycles with 50 second period (0.02Hz) for each of three functional modalities. When the 

ring reaches the maximum eccentricity, it wraps around to be replaced by a new one at 

minimum eccentricity. The temporal frequency of 50 seconds for eccentricity stimulation 

allowed the signal to return to baseline before subsequent activations. The stimulus 

patterns were based on a radial high-contrast black and white checkerboard flickering at 

8Hz. The stimulus was presented on a screen of width 40cm, height 30cm, and a distance 

of approximately 80cm form the subject’s eye. Subjects viewed the screen through a 

mirror attached to the head coil. A deep red colored circle was shown in the center of the 

stimulus. Subjects were asked to press a button on the fiber optic response system (Lumin 
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LP-400, Cedrus Corporation, San Pedro, USA) when the deep red colored circle changed 

to the bright red colored circle, which was appeared in random order. This was done to 

ensure that the subjects maintained fixation on the center throughout the stimulus 

presentation. Six dummy scans (6TR=15sec) were collected at the beginning of each run 

to reach steady state magnetization before initiating the eccentricity mapping stimulus. 

The stimuli were generated using MATLAB (The MathWorks, Inc., Natick, MA, USA) 

and the Psychophysics Toolbox [168,169]. 

The cortical surface of each subject was reconstructed from the high-resolution 

T1-weighted images transformed using Freesurfer [170-172]. The FreeSurfer pipeline is 

first performs tissue classification before separating the hemispheres and generating a 

separate surface for each hemisphere. The occipital lobe was flattened by cutting the 

inflated surface along the calcarine fissure.  

All functional imaging data were analyzed using a combination of AFNI [173], 

SUMA(http:/afni.nimh.nih.gov/afni/suma) and additional custom-written MATLAB and 

Linux shell scripts. Pre-processing for all functional data included slice timing correction, 

linear trend removal, and three dimensional motion correction. The functional data were 

detrended with components of no interest from time series volumes using a third order 

polynomial. For ASL data, we calculated control-tag difference images using surround 

subtraction to reduce BOLD signal contamination of the CBF time course [60]. For T1ρ 

data, T1ρ relaxation times were calculated from the images with TSL of 10ms and 40ms, 

by voxel-wise fitting to mono-exponential decay. In addition, time series of all functional 

data were high-pass filtered to remove low frequency drifts caused by subject motion and 

physiological noise. The voxel-wise phase and amplitude of neuronal responses for all 
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functional modalities was estimated by taking the Fourier transform of the time series at 

the stimulus frequency (0.02Hz=1/50sec). Functional activation maps (phase and 

coherence) were resampled into matrices with 1 mm resolution to match the source data 

for cortical surfaces. Image alignment between the functional activation maps and 3D 

anatomical MP-RAGE was performed, and then mapped to the cortical surface. The 

phase data were smoothed with a Gaussian kernel of 8mm FWHM along the cortical 

surface. The phase maps are represented in the color scale between 0 and 2π for the phase 

values.  

For each voxel, we calculated an F ratio and corresponding p-values by dividing 

the squared amplitude of the response at the fundamental stimulus frequency (0.02Hz) 

with the average squared amplitudes at all other frequencies except the signal at the DC 

component frequency. For each subject, the statistical map of BOLD eccentricity was 

thresholded (p<0.01) and an ROI was created including significantly activated voxels for 

eccentricity maps. The statistical maps of ASL and T1ρ eccentricity were masked with the 

same ROI created from the BOLD signal, and were threshold (p<0.05) because of the 

lower SNR of ASL and T1ρ images. 

Region of interest analysis was performed for BOLD, ASL, and T1ρ time courses. 

ROIs (2x2 pixels) enclosing the primary visual cortex (V1) were carefully drawn on the 

functional maps with reference to the flattened cortical surface. Normalized signal 

changes of individual functional signals in two representative subjects were obtained 

from the ROIs across all three functional imaging methods. The signal was normalized to 

±1.  
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For temporal resolution comparison of all three modalities, we subtracted the 

phase map between the BOLD and ASL, between the BOLD and T1ρ, and between the 

ASL and T1ρ. All subtraction images were masked with the ROI created from the BOLD 

signal thresholded (p<0.01), and converted to time scale.  

For each ROI, the phase values between the measured time-series and best-fit 

sinusoidal function were calculated, which measures temporal delay of the fMRI 

responses relative to the beginning of the time-series. The BOLD, ASL, and T1ρ time 

series were each individually averaged over one period relative to their peak activation. 

The first and last cycle of the time series were discarded before averaging.  

6.3.   Results  

Figure 6.1 shows eccentricity maps of BOLD, ASL, and T1ρ response to the 

expanding ring stimulus on the left and right inflated hemisphere, and the left flattened 

cortical surface for a single subject. The color scale indicates the raw phase value 

between 0 and 2π for eccentricity map. All eccentricity maps show a systematic increase 

in phase originating from the occipital pole towards more anterior regions. However, in 

the eccentricity maps, where the fovea is denoted in red/ yellow and the periphery in 

blue/ green, the phase lag for T1ρ was smaller than these for ASL and BOLD, implying an 

earlier T1ρ response. Figure 6.2 shows eccentricity maps of BOLD, ASL, and T1ρ 

response to the expanding ring stimulus on the left inflated cortical surface for the four 

other subjects (S2, S3, S4, and S5). Both the BOLD and ASL responses show strong 

eccentric patterns for the specified significance levels (0.01 and 0.05 respectively). The 

T1ρ imaging had a weaker response. Figure 6.3A and Figure 6.5A show the eccentricity 
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map of BOLD, ASL, and T1ρ response on their sagittal (upper) and axial (lower) 

functional data for two representative subjects (S1 and S2), showing the phase map 

between 0 and 2π. The phase-differences between BOLD, ASL, and T1ρ eccentricity 

maps are also apparent in the time courses as shown in Figure 6.3B and 6.5B. The 

average of the BOLD, ASL, T1ρ time course as shown in Figure 6.3B and 6.5B were 

obtained in the ROI (2x2) within visual cortex for the subject (S1 and S2) as shown by 

black color square in Figure 6.3A and 6.5A. The T1ρ signal (red) change appears to 

precede the ASL (blue) signal, followed by BOLD (black) signal. It would suggest that 

the T1ρ signal has a higher temporal resolution as compared to the BOLD and ASL 

response. Figure 6.3C and 6.5C shows the subtracted time delay maps between the 

BOLD and the ASL, and between the BOLD and the T1ρ, and between the ASL and the 

T1ρ. Figure 6.3D and 6.5D shows the averaged BOLD, ASL, and T1ρ across the entire 

time course. Although the BOLD and ASL temporal dynamics were quite similar, there 

was a trend towards ASL preceding the BOLD changes. T1ρ signal responded faster than 

ASL, which precedes the BOLD signal by 1-2 seconds. T1ρ signal peaked faster than the 

BOLD and ASL. However, the T1ρ did tend to decay slower than BOLD and ASL. All 

three modalities tended to reach settle back to the baseline at about the same time. Figure 

6.3E shows the best fit of sinusoidal function for the BOLD, ASL, and T1ρ. Figure 6.4 

and 6.6 show the hemodynamic response delay of BOLD and ASL relative to T1ρ 

response for the subject (S1 and S2). Red circles represent data thresholded by F ratio of 

5.29 (p-value<0.01). The phase lag for T1ρ was smaller than these for BOLD and ASL in 

the voxels with high statistically significance (red circles). The difference between BOLD 

and ASL delay times, between BOLD and T1ρ, and between ASL and T1ρ delay times 
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across all subjects is shown in Figure 6.7A. The mean difference between all imaging 

modalities is shown in Figure 6.7B. The corresponding difference of delay times are 

listed in Table 6.1.  

6.4.   Discussion and Conclusions 

In this study, we used the phase-encoded visual stimulation with a 50 sec period 

to compare the temporal resolution between T1ρ, BOLD, and ASL response. The occipital 

cortex was used as a model system for this study. Our data suggests that the T1ρ signal 

has a higher temporal resolution as compared to the hemodynamic response. Recently, 

we found that T1ρ contrast can used to detect dynamic fluctuations in pH associated with 

brain activity resulting from a visual flashing checkerboard [139]. These findings were 

supported using 31P spectroscopy. In addition, we have shown that the T1ρ changes are 

independent of blood oxygenation. Therefore we hypothesized that activity-evoked pH 

changes and pH-sensitive T1ρ signal in the visual cortex will precede the hemodynamic 

response. Based on our data, T1ρ may respond up to 4 seconds faster than ASL and 

BOLD. This study also found that dynamic T1ρ signal responds faster than ASL. The 

hemodynamic delay time between BOLD and ASL signal for distinct visual area are 

consistent with these reported in the literature [174]. 

Neural activity and cerebral blood flow are closely coupled, which is called 

neurovascular coupling [150]. Increases in oxygen and glucose consumption during 

neural activity are followed by an increase in CBF. In addition, the cerebral blood flow is 

controlled by feedback mechanisms, which are correlated with the concentration of 

metabolic by-products such as nitric oxide, adenosine, carbon dioxide, and arachidonic 
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acid metabolites. Prior studies have shown that local acidosis may alter blood flow by 

depolarizing the vascular smooth muscle cells which triggers vasodilation [150]. 

Consequently, activity-evoked acidosis may be a key mechanism underlying 

neurovascular coupling. Nevertheless, current functional imaging paradigms are limited 

by their dependence on blood flow, blood volume, and the vascular anatomy, which 

limits their temporal and spatial resolution. However, T1ρ could be a more direct and 

precise method of imaging brain functions because acidic end products of metabolism are 

a likely source of pH, driving the vascular response. Furthermore, T1ρ response might 

precede the hemodynamic response detected by BOLD and CBF, because pH may drive 

the hemodynamic response. 

We found significant differences in the eccentric patterns detected by T1ρ, BOLD, 

and ASL. It is well known that the BOLD signal is primarily caused by oxygenation and 

volume changes in veins, which can spread the fMRI-detected area to region where there 

are no neuronal activation whereas ASL is more closely associated with the capillary bed 

[54,60,164]. It has been suggested that the hemodynamic response is delayed in the more 

downstream and the larger the vasculature is, with delays ranging between 2 sec in the 

parenchyma to 14 sec in the large draining veins [162,163]. Therefore, these different 

spatial locations and hemodynamic response delay contribute to the observed discrepancy 

between ASL and BOLD phase maps. While the T1ρ activation area was contained mostly 

within the BOLD and ASL activation area, the T1ρ activation area was significantly 

smaller. This would be expected if the T1ρ signal is generated from pH changes 

associated with local brain activity. However, the significant activated region in the T1ρ 

eccentric map was found mostly in the primary visual area (V1). Other regions had a 
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lower signal to noise ratio. We found that the signal change was half of the BOLD 

magnitude and may require additional temporal sampling to achieve the same power as 

BOLD imaging.  

In conclusion, we performed the eccentric mapping of the human brain at 3T 

using the expanding ring stimulus to assess the temporal dynamic of T1ρ relative to 

BOLD and ASL. Our study suggests that T1ρ signal has a higher temporal resolution as 

compared to the hemodynamic response. This is further evidence that the T1ρ signal is not 

sensitive to blood oxygenation or other blood factors that might alter T1ρ. Therefore, our 

findings support the hypothesis that dynamic T1ρ imaging detects activity-evoked pH 

changes. T1ρ imaging could be used to map neural activation more precisely than blood 

flow dependent methods. Furthermore, a number of psychiatric and neurological 

disorders could potentially benefit from the ability to study dynamic pH changes. 
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Figure 6.1. Eccentricity maps of BOLD, ASL, and T1ρ response to the expanding 

ring stimulus on the left and right inflated hemisphere, and the left flattened brain 

surface for single subject (S1). The color scale indicates the raw phase value between 0 

and 2π for eccentricity map. The red color indicates regions corresponding to the center 

of field of view, while the green color regions correspond to the outer eccentric degrees.  
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Figure 6.2. Eccentricity maps of BOLD, ASL, and T1ρ response to the expanding 

ring stimulus on the left inflated hemisphere for four subjects (S2-S5). The color 

scale indicates the phase lag between 0 and 2π for eccentricity map. The red color 

indicates regions corresponding to the center of field of view, while the green color 

regions correspond to the outer eccentric degrees. 
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C       D  
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Figure 6.3. Eccentricity maps and normalized signal changes of BOLD, ASL, and 

T1ρ response. (A) Phase maps of BOLD, ASL, and T1ρ response on the sagittal (upper) 

and axial (lower) functional data for a representative subject (S1). (B) Averaged signal 

changes of the BOLD, ASL, and T1ρ time courses. (C) Time delay subtraction images 

between the BOLD, the ASL and the T1ρ. (D) Averaged signal changes of the BOLD, 

ASL, and T1ρ time courses for one period, which were shifted by calculated phase offset. 

(E) Best fit of sinusoidal function for the BOLD (black line), ASL (blue line), and T1ρ 

(red line) time courses for one period 
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Figure 6.4. Hemodynamic response delay of BOLD and ASL relative to T1ρ response. 

(A) Time lag between BOLD and T1ρ response. (B) Time lag between ASL and T1ρ 

response for a representative subject (S1). Red circles represent data thresholded by F 

ratio of 5.29. Note that F ratio of 5.29 corresponds to p-value of 0.01.   
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Figure 6.5. Eccentricity maps and normalized signal changes of BOLD, ASL, and 

T1ρ response. (A) Phase maps of BOLD, ASL, and T1ρ response on the sagittal (upper) 

and axial (lower) functional data for a representative subject (S2). (B) shows averaged 

signal changes of the BOLD (black line), ASL (blue line), and T1ρ (red line) time courses 

obtained in the ROI (2x2) within the primary visual cortex in the subject (S1) as shown in 

black color square in figure 4A. (C) Time delay subtraction images between the BOLD 

and the ASL (left) and the BOLD and the T1ρ (middle) and the ASL and the T1ρ (right). 

(D) Averaged signal changes of the BOLD (black line), ASL (blue line), and T1ρ (red line) 

time courses for one period, which were shifted by calculated phase offset. Error bars 

depict standard deviation. 
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Figure 6.6. Hemodynamic response delay of BOLD and ASL relative to T1ρ response. 

(A) Time lag between BOLD and T1ρ response. (B) Time lag between ASL and T1ρ 

response for a representative subject (S2). Red circles represent data thresholded by F 

ratio of 5.29. Note that F ratio of 5.29 corresponds to p-value of 0.01.   
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Figure 6.7. Difference of the response delay times between BOLD and ASL, between 

BOLD and T1ρ, between ASL and T1ρ. (A) The first bars represent the difference of the 

time lag between BOLD and ASL, the second bars represent the difference of the time 

lag between BOLD and T1ρ, and the third bars represent the difference of the time lag 

between ASL and T1ρ. Error bars depict standard error. (B) Mean difference of the 

response delay across all subjects. 
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Table 6.1. Difference and mean of the response delay times between BOLD and ASL, 

between BOLD and T1ρ, and between ASL and T1ρ. 
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CHAPTER 7 
 

DISCUSSION AND CONCLUSION 

 

The major findings of this study are: 1) T1ρ detects a localized acidosis in the 

human visual cortex induced by a flashing checkerboard task. 2) T1ρ depends on the 

degree of brain activity. 3) T1ρ response temporally precedes the hemodynamic response 

measured by BOLD and ASL. Firstly, we found that T1ρ contrast can detect dynamic 

fluctuations in pH associated with brain activity resulting from a visual flashing 

checkerboard. Both the T1ρ and 31P measurements revealed a local acidosis in the visual 

cortex associated with brain activity. In addition, a significant increase in lactate signal 

using 1H spectroscopy within the visual cortex was observed. BOLD signal originates in 

the venous system, which results in spatial displacement of the signal from the actual site 

of brain activity. Therefore functional T1ρ imaging may provide improved localization of 

brain activity since acidic end products of metabolism, lactic acid, are likely more 

localized to the brain activity as compared to blood oxygenation. In addition, it is 

observed that the magnitude and extent of the T1ρ response increased significantly with 

increasing frequency of the flashing checkerboard, which is consistent with a greater 

acidosis. Consistent with these T1ρ data, 31P spectroscopy also detected a greater acidosis 

during visual stimulation with the higher temporal frequencies. These observations 

suggest that the magnitude of the T1ρ and pH response depends on stimulation frequency 

and is thus likely to be activity-dependent. Lastly, we found that activity-evoked pH 

changes and pH-sensitive T1ρ signal in the visual cortex precede the hemodynamic 

response.  
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In conclusion, my findings support the hypothesis that dynamic T1ρ imaging 

detects activity-evoked pH changes. T1ρ MRI might provide a means for more precisely 

mapping brain activity. Furthermore, a number of psychiatric and neurological disorders 

could potentially benefit from the ability to study dynamic pH changes.  
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