Thesis abstract

Conventional 1H MRI relies on protons in bodily tissues which are abundant in most organs of the human body whilst the lungs consist mainly of air spaces with a resulting low density of 1H that can be imaged. Hyperpolarised gas (3He and 129Xe) MRI provides solutions to these challenges by imaging the ventilated airspaces and provides clinical sensitivity to lung disease pathophysiology such as ventilation defects, obstructive lung disease, emphysematous alveolar damage, intrapulmonary oxygen quantification, ventilation-perfusion mismatch and interstitial diseases. In addition, xenon is lipophilic, dissolves into the pulmonary bloodstream and is transported to distal organs (such as heart, brain, kidney and liver). Upon reaching the cerebral vasculature, xenon passively diffuses into the brain tissues. 129Xe exhibits a wide chemical shift range, providing contrast for different compartments of the brain (such as grey matter, white matter, cerebrospinal fluid and blood). Using LASER spin exchange optical pumping, the NMR sensitivity of hyperpolarised gases is dramatically increased allowing the detection at very low concentrations.
In this thesis, I have developed original instrumentation for new applications of hyperpolarised gas MRI in lungs and brain and make novel research contributions in order to;
(a) Improve the signal-to-noise ratio of 1H signal from the lungs in multi-nuclear same-breath lung imaging,  by establishing an accurate analytical method to design a 1H receiver coil array that functions nested inside a 3He or 129Xe transmit-receive coil.
(b) Demonstrate triple-nuclear (129Xe-3He-1H) same-breath lung imaging (structure-ventilation) and dual-nuclear (129Xe-3He) same-breath apparent diffusion coefficient mapping with a new dual tuned  RF transceiver coil design.
(c) Demonstrate the feasibility of using hyperpolarized 129Xe for in vivo evaluation of cerebral perfusion and, using tracer kinetic analysis, enable quantitative measurement of the intrinsic properties of the blood-brain barrier.
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[bookmark: _Toc448424508]Preface
According to the World Health Organisation (WHO), over the last 2 decades average global life expectancy has increased by 6 years (1). The major factors contributing to the improvement of average life expectancy is the decrease in infant mortality and cardiovascular diseases (adults). Of the 20 leading causes of premature mortality (mortality at an age lower than average life expectancy), 1 in every 5 premature deaths are due to the diseases of the lungs and the brain (1), which are lower respiratory infections (≈ 7.2 %), Chronic Obstructive Pulmonary Disease (COPD, ≈ 3.1 %), cancer of trachea, bronchus and lung (≈ 1.9 %), tuberculosis (≈ 1.8 %) and stroke (≈ 6.8 %). Radiology plays a vital role in the medical diagnosis of both lung and brain diseases which is not only essential for defining effective treatments but also for early detection (2).
Magnetic resonance imaging (MRI) is a well-established diagnostic imaging modality which provides tomographic information using strong magnetic fields and pulses of non-ionising radio frequency waves. MRI has a unique advantage that the contrast in the tomographic image is based on the magnetic properties of biological material where there is detectable diversity sensitive to physical and biochemical functions of the human body. Whereas in other diagnostic imaging modalities such as ultrasound, X-ray and computed tomography, the image contrast is based on signal attenuation where a wide range of biological material have identical properties leading to ambiguous interpretation such as in a case of soft tissues.
In this thesis, the author (Madhwesha Rao) presents recent advances in methods for multi-nuclear hyperpolarised gas MRI with a view to clinical translation for human lung and brain applications. The author provides necessary background, theoretical details, mathematical treatment, engineering methods, design description, results, interpretation of results, discusses benefits and limitation, and arrives at conclusions from these theoretical and experimental developments. 
Chapter 1 serves an introduction and background to the reader. The author expresses the motivation for the research.
Chapters 2, 3 and 4 comprise original research regarding engineering developments for multi-nuclear hyperpolarised gas MRI of the lung. The author provides ready-made formulas to design RF coils for multi-nuclear applications and demonstrates some unique benefits and potential of multi-nuclear lung MRI.
Chapters 5 and 6 comprise original research regarding MR imaging and dynamics of hyperpolarised xenon dissolved in the human brain. The author reports the first images of the human brain using xenon of a quality required for clinical diagnosis. The author then goes on to interpret dynamics of xenon uptake in the brain to extract physiological properties within the frame of the current understanding of brain physiology and function.
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1. [bookmark: _Toc448424510]Introduction and background
1.1. [bookmark: _Toc448424511]Introduction
1.1.1. [bookmark: _Toc448424512]Hyperpolarised noble gases and optical pumping
Prior to the application of an external magnetic field, the net magnetisation  in a sample containing spin  nuclei such as protons in water (1H) or isotopes of noble gases (3He and 129Xe) is null. With an applied external magnetic field, a finite polarisation  is achieved along the direction of applied magnetic field due to distribution of the spins between the two Zeeman energy levels under Boltzmann’s thermal equilibrium. The polarisation  is given by,
 					1.1.1
Where, μ is the dipolar nuclear magnetic moment, which is 1.411X10-26  for proton (1H),  is the external static magnetic field strength in tesla,  is the Boltzmann’s constant 1.38X10-23   and T is the temperature in kelvin. At 1.5 T and 310 K, the polarisation achieved is 5X10-6 (3,4). For a low,. Under Zeeman (Boltzmann) polarisation the net magnetisation  is proportional to the external static magnetic field  and is given by,
 			1.1.2
Where  is the total number of nuclear spin moments in the sample,  is the gyromagnetic ratio (see Table 1.1.1) expressed in ,  is the reduced Plank’s constant ,  is the nuclear spin quantum number which is  for 1H, 3He and 129Xe nuclei considered here,  is the Boltzmann constant 1.38X10-23 ,  is the temperature in kelvin and  is the strength of static magnetic field in tesla. The net magnetisation is always proportional to the polarisation achieved in the sample.
Though the polarisation  achieved is small, due to the abundance of protons in the water molecules within tissue, the net magnetisation is significantly large enough for the NMR signal to be detected for imaging. In contrast to proton imaging, the noble gases 3He and 129Xe have nuclear magnetic moments of 1.074X10-26 J/T and 0.388X10-26 J/T respectively. However, the spin density (2.37X1019 atoms/cm3) of 3He and 129Xe at 1 atmospheric pressure is much smaller than the 1H (6.69x1022 atoms/cm3 in tissue water) (3).  Thus, the NMR signal achieved for the noble gases 3He and 129Xe with an external magnetic field  of 1.5 T or 3.0 T under Boltzmann thermal equilibrium is not generally large enough for high SNR imaging at voxel sizes that are diagnostically useful. These noble gases, can however be hyperpolarised to achieve a detectable (higher) magnetisation, beyond that achieved at Boltzmann thermal equilibrium and the process of achieving this is known as hyperpolarisation. The schematic representation of the population of the nuclear spins in the two energy levels for Zeeman (Boltzmann, or thermal) polarisation and hyperpolarisation are illustrated in Figure 1.1.1.
[image: ]
Figure 1.1.1: Illustration of hyperpolarisation. (a) Schematic representation of energy levels () of spins at Zeeman (Boltzmann, or thermal) polarisation. (b) Schematic representation of energy levels () of hyperpolarised spins.  is the gyromagnetic ratio expressed in ,  is the reduced Plank’s constant  and  is the strength of static magnetic field in tesla (T).
For the total population of the nuclear spins (either at Zeeman polarisation or hyperpolarisation) in the two energy levels  and  represented by  and  respectively, the polarisation  of the sample is given by,
					1.1.3
For an illustration of Equation 1.1.3 and the distinction in polarisations achieved between Zeeman (Boltzmann) polarisation  and hyperpolarisation, consider the simplified representative schematic in Figure 1.1.1. For Zeeman (Boltzmann) polarisation and for hyperpolarisation. Thus,
 		1.1.4
In hyperpolarised gas NMR the net magnetisation  is proportional to the polarisation  achieved in the process of hyperpolarisation.
3He and 129Xe have the nuclear spin of  (5) and both gases can be hyperpolarised using methods other than the Zeeman effect. The two methods of hyperpolarisation, both involving lasers are: spin-exchange optical pumping (SEOP) (6,7) and metastabilty exchange optical pumping (MEOP) (8,9). Metastabilty exchange is a direct method where by the 3He nucleus is directly excited with a circularly polarised laser light of wavelength 1083 nm via the temporary formation of metastable molecules of 3He2 under a plasma discharge. The SEOP method is an indirect method; electrons in rubidium vapour are excited first with a circularly polarised laser light of wavelength 795 nm, and polarised rubidium electrons excite 3He or 129Xe nuclei by exchanging electron and nuclear spin polarisation during atomic gas phase collisions in the cell. An illustration of the components of a typical SEOP polariser is shown in Figure 1.1.2 (a). The Sheffield polariser with 50 W LDA-VGH (Laser diode arrays – volume holographic grating) is shown in Figure 1.1.2. (b) (Reproduced from Norquay et al. (10)). 
[image: ]
Figure 1.1.2: Spin-exchange optical pumping polariser. (a) Schematic representation of a SEOP polariser (b) 50 W Laser diode arrays, volume holographic grating and optical train. The image is reproduced from Norquay. G., et al (10).

A comparison of the MR properties of the two noble gases explored in this thesis and 1H is given in Table 1.1.1.
	Properties
	1H
	3He
	129Xe

	Gyromagnetic ratio (γ) MHz/T
	42.576
	-32.434
	- 11.777

	Larmor frequency in MHz
	1.5 T
	63.86
	48.64
	17.65

	
	3.0 T
	127.71
	97.29
	35.31

	Spin density (1019 atoms/cm3)
	6690
	2.37
	2.37

	Magnetic moment (1026 J/T)
	1.411
	1.074
	0.388

	Methods of hyperpolarisation
	-
	SEOP, MEOP
	SEOP


Table 1.1.1: Comparison of MR properties between 1H, 3He and 129Xe (3).
Although the spin density of gas is much lower when compared to the density of proton spins (1H) in the human body, the polarisation in an optical pumped hyperpolarised gas can be much more than the polarisation achieved by the Zeeman (Boltzmann) polarisation (11,12). Hyperpolarised noble gases have the following salient MR properties (13,14):
1. From the time noble gases are hyperpolarised, the non-equilibrium magnetisation decays () continuously as spins relax to thermal equilibrium (11,12). The  of the hyperpolarised noble gases in the gas phase in the lung is inversely proportional to the partial pressure of oxygen (pO2) in the lung.
2. Every RF pulse destroys magnetisation by the factor of, where α is the flip angle and n is the number of RF excitation pulse applied in the imaging sequence. Thus magnetisation lost in this way with every RF pulse is non-recoverable.  Any unused magnetisation after the procedure/scan is lost permanently (15,16) unless magnetisation recycling pulse sequences such as steady state free precession are used (17).
3. The signal strength which depends on the net longitudinal magnetisation is determined by the percentage of polarisation achieved in the polariser and the amount of gas inhaled into the lung. Thus, unlike conventional 1H, the signal strength is not fully determined by strength of applied external magnetic field (13).
4. For a flip angle of , the transverse magnetisation () at  RF pulse is given by,
 			1.1.5



1.1.2. [bookmark: _Toc448424513]Properties of 129Xe
Some of the properties of xenon relevant to the research is covered in the thesis:
1. Xenon is a rare atmospheric gas. The natural occurrence of 129Xe in the atmosphere is 0.023 parts per million. The natural abundance of 129Xe is 26%. Other naturally occurring isotopes are 128Xe, 130Xe, 131Xe and 132Xe with natural occurrence of 0.001, 0.004, 0.018 and 0.023 parts per million respectively. The isotope 133Xe is radioactive and used clinically to diagnose lung diseases and to measure cerebral blood flow (18,19). The ground state nuclear spin of 129Xe is  with a gyromagnetic ratio of -74.521   (20). The melting temperature of solid phase Xe is 161.4 K and the liquid phase boiling temperature is 165.05 K (21).
2. Xenon is lipophilic and a few notable partition coefficients are provided in Table 1.1.2.
	
	Value
	Reference

	Bunsen partition coefficient

	Phospholipid - gas
	1.36
	(22)

	Water - gas
	0.146
	

	Ostwald’s partition coefficient

	Olive oil - water
	22.5
	(23)

	Blood - gas
	0.12
	(24)

	Blood - grey matter
	0.84
	(25)

	Blood – white matter
	1.3
	


Table 1.1.2: Bunsen and Ostwald’s partition coefficient of xenon. Note: the Bunsen solubility coefficient is the volume of gas at 0°C and 101.3 kPa dissolved per unit volume of a pure solvent at a specified temperature. Ostwald’s solubility coefficient differs from Bunsen solubility coefficient in that the volume of gas is expressed at the temperature of the experiment instead of 0°C. Partition coefficient between two solvents is the ratio of their solubility coefficients.

With variation in red blood cell concentration (haematocrit) the solubility of xenon in the blood and perfused tissue varies. At 37%, 63.5% and 90% haematocrit, the solubility of xenon for grey matter is 0.12, 0.092 and 0.0776 and the solubility of xenon in white matter is 0.204, 0.153 and 0.129 (26). 
3. Due to the distensibility of its relative weakly bound outer electron shell, 129Xe interacts with its electrochemical environment and has a wide range of chemical shifts when dissolved in common solvents; in vivo, the chemical shift ranges from 148 ppm to 335 ppm (27). Some of the relevant chemical shifts are 217 ppm for blood – red blood cells (28-33), 199 ppm for aqueous solution – blood plasma (27,28), 195 ppm for grey matter (34-36), 192 for white matter (34-36) and phospholipids (34,36,37). A detailed chemical shift range of 129Xe (38) is shown in Figure 1.1.3.
4. The  relaxation of hyperpolarised (HP) 129Xe dissolved in the human blood is sufficiently long for the signal to be detected in distal organs after being transported from the lungs (30,31,33). Typical values for  relaxation of HP 129Xe in the human blood are 7.7 s and 2.8 s for arterial (oxygenated) blood and venous (deoxygenated) blood respectively (31-33).Figure removed because the copyright permission not suitable for open access


Figure 1.1.3: Chemical shift range of 129Xe. Reproduced from (38) with permission, © John Wiley and Sons 2016.

5. Xenon has anaesthetic properties when inhaled in large quantities (stable inhalation) (39-41). When administered in a dose of 1 L under a breath hold it can cause temporal dizziness, paraesthesia and hypoesthesia, but these adverse events are mild or moderate and reverse within tens of seconds of breaking apnoea (42).
6. Under a stable xenon-anaesthetised state the cerebral blow flow (CBF) does not change in rats (43,44). In humans, as xenon infuses into the brain tissue, cerebral blow flow (CBF) reduces in grey matter and increases in white matter (25,45). However, using xenon CT scanning, measurable/significant change in CBF has only so far been observed under a stable-anaesthetised state which requires 30 minutes of continued steady state breathing of xenon (45). The reduction in CBF is mainly attributed to the decrease in metabolism in the cortex (grey matter) under stable anaesthesia. For the initial few seconds (30~40s) such as the case of a breath hold, CBF or autoregulation is not affected as the partial pressure of CO2 or metabolism in the cortex is unaltered (25,44,46).


1.1.3. [bookmark: _Toc448424514]MRI of the lungs
Anatomically the human lungs are made up of smooth muscular tissue which forms the bronchial tree and pulmonary blood vessels (47). The bronchial tree divides dichotomously in 25 generations of branches terminating at the alveoli, the small airways responsible for gas exchange.  Contemporarily, diagnosis of lung diseases relies on whole lung function tests of air flow and volume such as spirometry (48,49) which do not provide any tomographic regional information on the site of the disease. Magnetic resonance imaging (MRI) is not the radiological modality of choice for structural diagnosis of lung diseases because conventional 1H MRI relies on water (or lipid) molecules which are abundant in the human body whilst the lungs consist mainly of air spaces with a resulting low density of 1H that can be imaged (~0.2g/cc) (47). MRI detection is further hindered by the short transverse relaxation times in the lungs (between 1~2 ms at 1.5 T) which arise due to the susceptibility gradients between tissue and air. Hyperpolarised (HP) gas MRI evades some of these challenges and provides clinical sensitivity to lung disease pathophysiology that cannot be assessed by either conventional 1H MRI or other diagnostic imaging modalities like computer tomography (CT), nuclear medicine (scintigraphy, PET- positron emission tomography), X-ray and ultrasound (50,51). When inhaled these hyperpolarised inert gases (3He and 129Xe) provide sufficient signal to illuminate the ventilated air spaces in the lungs, revealing clinical information relevant to lung diseases as shown in Figure 1.1.4.
Lung ventilation defects and alveolar augmentation occur due to lung obstruction and emphysema. Pathologies such as lung tumours can also restrict the airways and limit air from reaching the small airways beyond as illustrated in Figure 1.1.5(a). With hyperpolarised (HP) gas MRI these ventilation abnormalities manifest as absence of NMR signal at that particular location in a spatially resolved image. A typical hyperpolarised gas MRI of the lung with ventilation defects (52) is reproduced here for the purpose of illustration in Figure 1.1.5(b).
When alveolar length scales are enlarged by the process of emphysema, gas atoms within the alveoli are less restricted in terms of motion by Brownian diffusion. With hyperpolarised gas MRI the alveolar augmentation is manifested as a higher apparent diffusion coefficient (ADC)(53) which can be measured with pulsed gradient echo methods, as is illustrated in Figure 1.1.6 (a). A typical measurement of apparent diffusion coefficient of hyperpolarised gas in the lung (54) is reproduced here for the purpose of illustration in Figure 1.1.6 (b).

[image: ]
Figure 1.1.4: Ventilation images of the human lungs for various lung diseases acquired with hyperpolarised 3He. These images illustrate the diagnostic capabilities to detect and differentiate various lung diseases such as smoker, Chronic Thromboembolic Pulmonary Hypertension (CTEPH), Cystic Fibrosis (CF), Chronic Obstructive Pulmonary Disease (COPD) and Asthma. These images were acquired within the Academic unit of Radiology (hyperpolarised imaging group in the University of Sheffield) and reproduced here for the purpose of illustration. © University of Sheffield.Figure removed because the copyright permission not suitable for open access

Figure 1.1.5: Illustration of ventilation defects in the lungs (a) Illustration of normal airway and an abnormality in the airway restricting the hyperpolarised gas from reaching alveoli and (b) Demonstration of ventilation defect in a patient with a tumour in the upper right lobe. The image is reproduced from (52) with permission of the American Thoracic Society. Copyright © 2015 American Thoracic Society.

Figure removed because the copyright permission not suitable for open access

Figure 1.1.6: Illustration of apparent diffusion coefficient measurement. (c) Hyperpolarised gas atoms in an augmented alveolus move randomly over a larger space as compared to the movement of hyperpolarised atoms in a normal alveolus in the same time interval  and (d) Demonstration of apparent diffusion coefficient measurement in a patient with sever emphysema. The image is reproduced from (54) with permission, © Radiology 2015. Colour bar indicates apparent diffusion coefficient in cm2s-1.
The first biological images from hyperpolarised gas MRI were acquired in 1994 by Albert et al. (11) using hyperpolarised 129Xe in the lung of a deceased guinea pig. The first images from hyperpolarised gas MRI in the human lung in vivo were acquired in 1996 by Ebert et al. (12) using hyperpolarised 3He. Hyperpolarised gas MRI provides clinical sensitivity in diagnosing ventilation defects for chronic obstructive pulmonary diseases, cystic fibrosis, bronchiectasis, asthma, bronchiolitis and pulmonary embolism (5,55). In a preliminary study involving 10 patients with asthma and 10 healthy subjects, HP 3He lung MRI not only indicated ventilation defects in patients with asthma, but also enabled visualisation of response to bronchodilator therapy (56). A similar study with asthma patients showed correlation with forced expiratory volume () when patients were subjected to methacholine and exercise challenge (57). Studies have also demonstrated the clinical benefits of early detection of lung obstruction with HP 3He lung imaging involving patients with cystic fibrosis (58-61) and COPD (62,63). In an initial study with 11 patients who were clinically diagnosed with smoking-related chronic obstructive pulmonary disease (COPD) and 16 controls, the measured mean ADC values correlated well with forced expiratory volume  and  per forced vital capacity (54) (conventional spirometry airflow measurements of whole lung function for the diagnosis of COPD). In another study involving 5 patients with emphysema and 11 healthy volunteers, the diffusivity of HP 3He was 2.5 times higher in patients when compared to lung of healthy volunteers (64). With several other similar studies, diffusion MRI of HP gases (129Xe and 3He) in the lung has been established as a quantitative measure of lung structure-function (65-69). Intrapulmonary oxygenation quantified by  mapping may be abnormal due to ventilation perfusion mismatch or interstitial lung disease (70). To summarise, pulmonary defects can be diagnosed with HP gas MRI as normal healthy lung has a homogeneous signal intensity whereas unhealthy lung can have:
(a) An inhomogeneous (void) signal intensity indicating obstructive lung disease (56,71-73), 
(b) Increased gas diffusivity indicating emphysematous alveolar damage (64), 
(c)  map quantifying intrapulmonary oxygenation (70).
In addition, the solubility of 129Xe has enabled diagnosis of lung disease related to alveolar-interstitial-capillary gas-exchange (63,74-77). Hyperpolarised 129Xe resonances from a dog chest illustrating gas-phase and dissolved-phase resonance is shown in Figure 1.1.7. A comparison of imaging the gas-phase and the dissolved-phase resonances of HP 129Xe in the human lung is shown in Figure 1.1.8. The short  of the dissolved-phase resonance of HP 129Xe makes imaging more challenging.
Figure removed because the copyright permission not suitable for open access

Figure 1.1.7: Hyperpolarised 129Xe resonances from a dog chest acquired during breath hold. Reproduced from (78) with permission, © John Wiley and Sons 2016. In this study, the resonances at 197 ppm and 212 ppm are associated to 129Xe dissolved in the lung parenchyma and haemoglobin respectively. The chemical shift in ppm scale is measured relative to the resonance of 129Xe gas in the lungs (0 ppm).
[image: ]
Figure 1.1.8: A comparison of imaging the gas-phase and the dissolved-phase resonances of HP 129Xe in the human lung reproduced from (75), open access – no permission required. (a) Imaging gas-phase resonance and (b) Imaging dissolved-phase resonance.
With advances in the physiological and functional sensitivity of hyperpolarised gas imaging of the lungs, the significance with respect to clinical diagnosis is enhanced when the functional information from the hyperpolarised gas is imaged synchronously with the structural 1H images, so that both tissues in the lungs and the airspace itself are imaged together in the same physiological time frame. Preliminary investigations indicating the clinical benefits of combined imaging of 3He and 1H was demonstrated in four patients with cystic fibrosis (73). In another study 1H images and 3He images were used together to estimate functional ventilated volume. It was observed that non-smokers, smokers and COPD patients had mean ventilation volumes of 90%, 75.2% and 67.6% respectively (79). Similarly benefits were indicated in detecting pulmonary emboli from 1H vascular MRI and ventilation defects from HP 3He MRI (80). These studies used separate breath-holds, wherein the images from HP 3He and 1H were not spatially registered or temporally synchronised. In a recent study, a synchronous acquisition of HP 3He and 1H was demonstrated with the images from each of the nuclei being spatially co-registered (81,82). The images show fine details of pulmonary blood vessels, trachea and bronchi as seen in Figure 1.1.9.

Figure removed because the copyright permission not suitable for open access

Figure 1.1.9: Illustration of multi-nuclear synchronous imaging of the lung with HP 3He, 129Xe and 1H. The images from HP 3He and 129Xe are spatially co-registered with the 1H images. A study from our group (82) reproduced here with permission, © Radiology 2015.
1.1.4. [bookmark: _Toc448424515]Hyperpolarised gas MRI of the brain
Anatomically, the intracranial human brain is composed of brain tissue (80 %), blood (10 %) and cerebrospinal fluid (10 %) (83). A typical adult human brain is made up of approximately 100 billion neurons, compartmentalised into grey matter and white matter based on the lipid (myelin and cholesterol) fraction of its dry weight (84,85). White matter has a higher degree of myelination when compared to grey matter (86,87) and this enables differential MRI contrast with  and weighted imaging (88-91). The underlying principle of the acquisition is that the regions with higher myelin content (white matter) appear brighter on  weighted images and darker on  weighted images. An example of MRI contrast for grey matter and white matter imaging is shown in Figure 1.1.10. Although  and weighted imaging techniques are widely used for the diagnosis of brain abnormalities related to structure (for example brain tumours), abnormalities such as stroke, which are related to perfusion abnormalities would require additional functional assessment. Thus, 1H MR functional brain imaging techniques such as -weighted imaging, diffusion-weighted imaging and contrast-enhanced MR angiography are used in the assessment of brain parenchyma, cerebral circulation, perfusion and the anaerobic penumbra region of semi-viable tissue around a brain infarct (92-99). The time between the on-set of a stroke to thrombolysis is very critical (100,101) for treatment, and MRI has been shown to be the most suitable instrument in the diagnosis of acute stroke (haemorrhagic and ischemic) as it provides spatial information of intravascular clot, ischemic core and penumbra (102,103). 
[image: ]
Figure 1.1.10: MR imaging of the grey matter and the white matter using GRE pulse sequence. (a) Grey matter. The imaging parameters were: TR = 7.72 s, TE = 32.6 ms, Echo train = 8, bandwidth = 25 kHz, TI = 300 ms, FOV = 24 cm, slice thickness = 4 mm and matrix size = 352 X 224. (b) White matter. The imaging parameters were: TR = 12.4 ms, TE = 5.2 ms, bandwidth = 15.6 kHz, TI = 450 ms, FOV = 24 cm, slice thickness = 1.6 cm and matrix size = 256 X 256. Acquired at 1.5 T using GE signa® HDx MR System
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Figure 1.1.11: Schematic representation of the blood brain barrier
The blood-brain barrier (BBB) separates the cerebral blood vessels from the brain tissues (grey matter and white matter) as shown in Figure 1.1.11. Endothelial cells in the BBB are joined by tight junctions (83,104) and these cells regulate the permeability of the BBB (105,106). Astrocytes (protoplasmic and fibrous) are non-neuronal glial cells which regulate the chemical environment, provide biochemical support to the endothelial cells and transport nutrients. The BBB along with astrocytes allow the passage of smaller molecules vital for physiology (example O2, CO2, glucose) and restrict passage of larger molecules to the brain. Xenon is highly soluble in lipids (107), the bilayer lipid of endothelial cells enables xenon to cross the BBB through passive diffusion (108). As xenon does not have any electrical change or an affinity to form tightly bound molecules, the transfer of xenon across the BBB is not thought to be regulated by surface activity or active efflux transporters in the endothelial cells (109). Thus, the concentration of xenon in the brain is mainly driven by entropy and the difference in concentration of xenon in the blood to the concentration of xenon in the brain tissue. At equilibrium, the ratio of concentration in these compartments is determined by Ostwald’s partition coefficient as shown in Table 1.1.2.Figure removed because the copyright permission not suitable for open access

Figure 1.1.12: Imaging the cerebral perfusion with 17O. (a) 17O MR image – Sagittal plane, (b) reference 1H MR image – Sagittal plane, (c) 17O MR image – Coronal plane and (d) reference 1H MR image – Coronal plane. Reproduced from (110) with permission, © Springer 2016.
Treating brain diseases (or psychiatric disorders) by delivering the drug to the brain tissue by crossing the blood-brain barrier (BBB) (111,112) is very challenging (113-115). In terms of MR imaging, established Gadolinium chelated contrast agents are molecularly large and do not cross the BBB unless it is damaged in the case of cerebral haemorrhage (116-118). Currently there are no clinical MRI contrast agents which can cross the intact BBB (in the absence a haemorrhage). However, 17O MRI has been demonstrated for imaging cerebral perfusion and the passage of oxygen across the BBB (110,119) as shown in Figure 1.1.12. The isotope is very expensive and the signal is inherently low. A safe and economical contrast agent and a tracer is the area of interest of this thesis. In this respect, dissolved xenon is potentially attractive as a brain contrast agent as it is soluble in blood and crosses the BBB following the cerebral oxygen uptake pathway. Moreover its chemical shift gives added spectral-spatial sensitivity to different compartments of the brain.
Compared to pulmonary imaging, less has been accomplished with MRI of hyperpolarised agents in the brain than in other organs with some preliminary findings in rats (120-122) and in humans (29,35,37) using 129Xe. Kershaw et al and Nakamura et al  (34,36) detected 5 peaks in a 129Xe head spectrum in a rat, attributing the peaks to grey matter (193 ppm – 197 ppm), jaw muscle (187 ppm – 191 ppm), fat tissue outside brain (197 ppm – 201 ppm), white matter (191 ppm – 194 ppm) and blood – RBC (210 ppm). The peak at 187 ppm – 191 ppm was confirmed to originate from outside the brain by comparing the spectra obtained with and without ligation of the external carotid artery (34,36). Mazzanti et al (120) demonstrated the possibility of detecting the increased brain perfusion and functional activity following sensory stimulation in rats. Zhou et al (121) demonstrated the detection of ischemic stroke in rat, reproduced here for the purpose of illustration in Figure 1.1.13.Figure removed because the copyright permission not suitable for open access

Figure 1.1.13: Demonstration of stroke detection in rat brain using dissolved HP 129Xe. (a) HP 129Xe chemical shift image from a rat brain without stroke and (b) HP 129Xe chemical shift image from a rat brain with stroke. The spatially resolved peak in the images is HP 129Xe dissolved in brain tissue (grey matter). Regions marked 1 and 2 on both hemispheres of the brain (left and right) have similar cerebral perfusion. Comparing region 1 on both hemispheres indicate ischemic core and comparing region 2 on both hemispheres indicate normal tissue. Study conducted by (121) reproduced here with permission, © John Wiley and Sons 2016.
A similar study was conducted for imaging the brain tissue of rats using HP 129Xe (123). The only studies in the human brain with HP 129Xe to date are from Mugler et al (29) and Kilian et al (35) who demonstrated time resolved uptake spectra of HP 129Xe dissolved in human brain in vivo. These studies found two dissolved peaks attributed to grey matter (195 ppm – 198 ppm) and white matter (192 ppm – 194 ppm) respectively. Kilian et al (35,37) also demonstrated preliminary results of chemical shift imaging of HP 129Xe dissolved in  human brain in vivo with an imaging matrix of 8 x 8 and estimated  relaxation of HP 129Xe dissolved in grey matter and white matter to be 14 s and 8 s respectively. 
1.1.5. [bookmark: _Toc448424516]Motivation of the work in this thesis
The motivation for the research in this thesis was to advance the state-of-the-art instrumentation (and methods) for applications of hyperpolarised gas MRI in lungs and brain with a view to clinical translation of the methods. This was realised with three distinct but related topics of technical research: 
(a) Improvising signal-to-noise ratio of 1H signal from the lungs in dual-nuclear (1H-3He, 1H- 129Xe) same-breath lung imaging (structure-function) by establishing accurate analytical methods to design a 1H receiver coil array that functions nested inside a 3He or 129Xe transmit-receive coils.
The HP gases 3He and 129Xe have distinct physical properties, which provide different but complementary functional information (3,4,55). The ability to image both nuclei in the same breath alongside the 1H anatomical images adds further structural and functional sensitivity to the acquisition. To date, 1H images in same-breath multi-nuclear lung imaging have been acquired using the MR system’s body coil (81,82,124,125). The SNR of 1H lung images acquired from the MR system’s body coil is moderate at best due to the low proton density in the lungs and the lack of proximity of the coil. The presence of coils tuned to hyperpolarised gas frequencies within the magnet bore can further degrade the SNR (1H lung image) through unwanted coupling and detuning. Although it is well known that a dedicated receiver array positioned at close proximity to the subject provides more SNR than the system body coil (126), to date, the use of dedicated receiver arrays for 1H lung MRI in conjunction with  same-breath acquisition of hyperpolarised gases has not been demonstrated. Thus an RF coil system that allows the imaging of both gases in conjunction with high quality 1H imaging is also highly attractive from a clinical perspective for fast throughput clinical imaging of the lungs with multinuclear MRI.
(b) Demonstrating triple-nuclear (129Xe-3He-1H) same-breath lung imaging (structure-ventilation) and dual-nuclear (129Xe-3He) same-breath apparent diffusion coefficient mapping.
3He is highly diffusive when compared to 129Xe (127-129), and the visualisation and quantification of lung ventilation and diffusion with these two gases at the same time when inhaled in the lungs can help address important physiological questions such as the position of the diffusion – convection front in the lungs. The capability to measure the diffusivity of both 3He and 129Xe gases in the same lung inflation level also provides added information for measuring and modelling lung micro-structure based on their measured apparent diffusion coefficients (ADC) (130). 
(c) Investigating the feasibility of hyperpolarised 129Xe MRI for imaging perfused brain tissue and quantification of intrinsic characteristic of the blood brain barrier.
Although previous studies have been conducted to image HP 129Xe dissolved in the rat brain tissue, all previous studies were conducted on animals in an anaesthetised state (120,121). HP 129Xe has never been demonstrated as an imaging agent for imaging the perfused human brain tissue, in a breath-hold, in awake-state (not anaesthetised), which could potentially be used in regular clinical practice. Additionally, xenon is a safe agent that can be delivered to the brain (40,41) and most importantly when compared to established paramagnetic chelated MRI contrast agents (131-133), xenon is lipophilic and crosses the blood brain barrier without perturbing the biological system. HP 129Xe MRI has yet to be used to measure characteristic properties of the blood brain barrier in vivo.
1.2. [bookmark: _Toc448424517]Literature review and theoretical background
For the sake of repetition of background MRI physics and engineering the author recognises the reader as a peer researcher with a prior knowledge of Magnetic Resonance Imaging (MRI) physics and engineering and its clinical applications. Basic concepts of MR physics and engineering aspects such as magnetic moment of a nucleus in an external magnetic field, RF excitation and precession, longitudinal and transverse relaxation, the Bloch equations, quantum mechanics description, principle of signal detection, free induction decay, slice selection, pulse sequence design, gradient and spin echo, inversion recovery, sampling and image reconstruction, polarisation and optical pumping are deliberately not covered in this section. Some aspects of the background MR physics and engineering that are particularly relevant to the research methodology of this thesis are however covered in this section; namely MR system engineering overview, basics of signal detection, RF coil engineering, chemical shift imaging, basic spoiled gradient echo pulse sequence and tracer kinetics theory. 
1.2.1. [bookmark: _Toc448424518]MR Engineering essentials
[bookmark: _Toc448424519]MR system overview
This section provides a basic overview of MR system engineering and highlights the challenges and constraints posed by the different components in the hardware chain with particular reference to hyperpolarised MRI. A typical architecture of an MR system is shown in Figure 1.2.1.1. It mainly consists of a static magnet that provides the  field – usually realised by a superconducting magnet (134-137), gradient magnetic field system (138,139), radio frequency coils (140) and real-time operating system to synchronise magnet shimming, pulsed gradients, RF transceiver operation and data acquisition. Inhomogeneity of the static magnetic field may dominate over the MR frequency properties of the sample under examination (141,142). The homogeneity of the static magnetic field is therefore improved by shimming hardware which is composed of several coils generating superposed magnetic fields (specifically spherical harmonics) (143,144). Shimming is performed either passively (145,146), iteratively (manual shimming) or auto non-iteratively (magnetic field map based shimming, projection based shimming, dynamic shim updating) (147-150). 
The field encoding gradients are generated by gradient coils, which are Maxwell pairs with currents in opposite directions (151). Unlike static magnetic field coils, gradient coils are not superconducting and they carry pulses of current delivered by high fidelity amplifiers capable of delivering hundreds (even thousands) of Amperes at frequencies in the audio range. Thus the power efficiency, self-inductance, eddy currents and management of heating in these circuits and structures are some of the primary engineering challenges. Typically there are two sets of gradient coils, a primary coil and a secondary coil. These coils are optimised for the delivery of a linear gradient field and any non-linearity in the gradient field will result in image distortion. In addition to any non-linearity in the gradient field, the time-varying magnetic field is self-distorted by the formation and decay of eddy currents (152-157). The effect of eddy currents can be compensated by pre-emphasis (156-158) and active shimming (159,160). The low gyromagnetic ratio of 129Xe necessitates much stronger gradients for a given bandwidth and spatial dimension than for 1H MRI and as such can place demands on the system’s gradient power supply.
The operating mechanism of a MRI system is complex with ample opportunities for uncertainty, noise and artefacts. The fidelity of the image acquired across the field of view (FOV) and slice thickness is primarily limited by the homogeneity of the static magnetic field (), the linearity of the gradient field, homogeneity of the delivered  field of the transmitter RF coil and phase noise of the direct digital frequency synthesisers (DDS)(161). For 1H MRI the system generally has automated routines for pre-determining (calibration or pre-scan) the RF power required for a desired flip angle, but this is counterproductive in hyperpolarised MRI as the RF pulses applied in the calibration procedure will destroy the polarisation. Uncertainty can also be introduced in the flip angle delivered due to non-linearity of the RF amplifier gain (162-164). 
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Figure 1.2.1.1: A typical architecture of MR system
The three main sources of noise in the receiver are (i) sample noise (induced eddy current in the subject under test), (ii) Ohmic loss (resistive and parasitic loss from the resonant RF coil) and (iii) the noise figure and gain of the low noise amplifier (LNA). RF coil and the subject dominated noise are covered later in the section. In addition to the detection electronics (RF coil and LNA), signal demodulation and analogue-to-digital conversion (ADC) will also contribute to the noise in the receiver. The demodulation circuit is associated with residual conversion loss and common-mode rejection efficiency (164). The dynamic range and signal-to-noise ratio (SNR) of the ADC will be limited by the effective number of bits (ENOB) and internal noise sources (code-translation error, linearity, offset, gain, quantisation, temperature drift)(165). Gradient amplifiers are high power devices (typically 50 kW). Though the frequency of operation of pulse gradient coils is in the order of kHz, higher order harmonics are generated by the gradient driver (synthesiser and amplifier), which despite attenuation from the gradient filter can contribute to the noise in NMR signal, especially during an examination of a nucleus with lower gyromagnetic ratio (13C, 17O, 23Na, 129Xe) as the clinical MR scanner noise suppression is primarily engineered for the 1H frequency.
In addition to uncertainty and noise, engineering limitations can create artefacts and non-uniformity in a MR image (166-171). MR images are distorted and modulated by the inhomogeneity of the static magnetic field, gradient field and RF field. Non-linearity of the gradient field in the phase and frequency encoding directions results in anatomical distortion and irregular voxel dimensions (171). Sensitivity drop-off of the RF coil increases as the distance from the RF coil increases, causing a drop-off in the intensity in the image, accordingly (171,172). A local intensity shift in the image is caused when using a receiver RF coil array due to the coil internal electronics acting as parasitic conductors to the resonant loops of the RF coil array (173). A realistic RF pulse with a non-ideal excitation profile will excite nuclei outside the slice. A DC offset in either one or both (real and imaginary) components causes a bright spot in the centre of the image. An unequal gain in the receiver between real and imaginary components can cause ghosting in the image (174). An ineffective RF shield of the MRI system room will allow RF from the external environment to leak into the receiver causing undesired bright spots in the image also known as zero-line, star and zipper artefacts (171,172). Many other artefacts not related to engineering limitations occur due to additional factors more related to the patient such as; motion, localised tissue susceptibility difference, blood flow, chemical shift of fat and water, partial volume, aliasing, magic angle effects, Moire fringes, zero-filling, wraparound, slice-overlap, entry-slice phenomenon, k-space truncation (Gibbs ringing), these are not covered here and the reader is encouraged to read relevant literature on the artefacts of MRI acquisition (167,170-172).
[bookmark: _Toc448424520]Principle of reciprocity
The spatial sensitivity of RF coils follow the principle of reciprocity (175,176). Consider a point P at a certain distance D from a simple resonant loop as shown in Figure 1.2.1.2. When the loop is fed with an RF source, the resulting alternating current I of frequency  flows through the resonant loop of radius R which generates a magnetic field  as shown in Figure 1.2.1.2(a).  The finite transverse magnetisation  at the point P induces current in the loop as shown in Figure 1.2.1.2(b) as per Faraday’s law of induction (177).  can be expressed as,, where  is the permeability of free space. The strength of the alternating magnetic field generated  is inversely proportional to the distance D from the loop. Considering the principle of reciprocity, as distance D reduces, the current induced in the loop increases. The generated  field also depends on the polarisation of the RF coil (178). Conventionally, the transmission rotating component and reception anti-rotating component are denoted as  and  respectively.
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Figure 1.2.1.2: Illustration of principle of reciprocity
[bookmark: _Toc448424521]RF Resonance
For a series resonance, consider the circuit in Figure 1.2.1.3 (a). The capacitor  with reactance  and the inductor  with reactance  are in series.  is the ohmic loss of the circuit. The total impedance of the circuit is. At the resonance frequency, the reactance of the capacitor  and the inductor  mutual cancel out, and the total impedance of the circuit is reduced to its ohmic loss. Thus, we have. By rearranging the terms,  where  is the frequency of resonance. For a parallel resonance, consider the circuit in Figure 1.2.1.3 (b). The capacitor  with reactance  and the inductor  with reactance  are in parallel.  is the ohmic loss of the circuit. The total admittance of the circuit is. At the resonance frequency, the reactance of the capacitor  and the inductor  mutual compliment forming a tank circuit, and the total admittance of the circuit is reduced to the inverse of its ohimc loss. Thus, we have. By rearranging the terms,  and  is the frequency of resonance.
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Figure 1.2.1.3: Series (a) and parallel (b) resonance circuit illustration.
[bookmark: _Toc448424522]Complex frequency
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Figure 1.2.1.4: Complex frequencies (a) Ideal oscillating signal and (b) Ideal oscillating signal damping with time. Legends: I – imaginary, R – real, A – amplitude, t – time and  – frequency.
Consider the oscillating signal  as shown in the phasor diagram in Figure 1.2.1.4 (a). This signal with amplitude  and tangential angular velocity  is given by the expression. The real and imaginary component of the signal in time domain is shown in Figure 1.2.1.4(a). In the frequency domain, the Fourier transform of the signal is. Such that, for,  and for,. For a damped oscillating signal as shown in the phasor diagram in Figure 1.2.1.4 (b), the signal  with amplitude  not only has the tangential angular velocity  but also a damping factor  which is anti-parallel to the signal . In the time domain, the signal  is given by the expression,. In the frequency domain, the Fourier transform of the signal  is,
  					1.2.1.1
When,
 						1.2.1.2
Consider the frequencies and  such that, ,  and , where  is power-ratio of  or  with respect to . For example, for the half power bandwidth (or full width half maximum),.
Substituting in Equation 1.2.1.1 we have,
  				1.2.1.3
Substituting Equation 1.2.1.2 in 1.2.1.3
 					1.2.1.4
Rearranging the terms in Equation 1.2.1.4, we arrive at the expression for  as,
 						1.2.1.5
Using Equation 1.2.1.5, it can be shown that at half power bandwidth),. This is of particular interest because in a quantitative NMR spectroscopy experiment,. Which means,  which implies. Similarly it can be shown that, for an arbitrary power-ratio bandwidth with power-ratio, .
[bookmark: _Toc426737786][bookmark: _Toc448424523]Basics of signal detection in NMR and MRI
Consider an elementary NMR spectroscopy experimental setup with a static magnetic field, a sample and a basic transmit-receiver RF coil (linear or quadrature). The initial magnetisation  of the sample along the direction (Z) of static magnetic field  () is such that,,  and . In a typical MR spectroscopy examination, the initial magnetisation is tipped (flipped) by the RF pulse of flip angle. Let  be the magnetisation at time, immediately after excitation as shown in Figure 1.2.1.5.  The magnetisation components of in the rotating frame () are given by,
 			1.2.1.6
Where,  and  are the magnetisation components in the rotating frame . Let,  and  be components of magnetisation  in laboratory frame, it is given by, 
 			1.2.1.7
 Where  is the initial arbitrary phase off-set between rotating frame and laboratory frame. 
After a certain time interval () due to Larmor precession, the magnetisation  would have evolved to magnetisation. In the rotating frame the components of magnetisation would be, 
 				1.2.1.8
And in the laboratory frame, the magnetisation  is given as,
 1.2.1.9
In a sample with bulk magnetisation, due to spin-spin interactions among nuclei the decay in transverse magnetisation reaches equilibrium much faster with spin-spin relaxation time constant. In reality, due to experimental considerations such as  inhomogeneity and local magnetic susceptibility, the process of dephasing is accelerated with time constant. Thus, with quadrature detection (In-phase and quadrature-phase) as shown in Figure 1.2.1.5, the magnetisation detected free induction decay (FID) is, 
 			1.2.1.10
				1.2.1.11
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Figure 1.2.1.5: Illustration of Larmor precession and quadrature detection. (a)  and (b) .
For a linear coil, one of the components of the transverse magnetisation or  is detected. Let us consider  as the component detected by linear polarisation. The in-phase and quadrature-phase component from a linear polarisation is given by decomposing the linear component into two circular components rotating in opposite directions. The decomposed component is,

		1.2.1.12
Thus, the quadrature component is given by one of the circular components which is rotating in the direction of Larmor precession. It is important to note that the power (efficiency) in linear detection is half the power (efficiency) in quadrature detection. The initial phase of the recorded FID is arbitrary as the oscillator in the spectrometer is not phase locked with the NMR signal. For quantitative measurements like peak maxima and half power bandwidth (full width half maximum), the initial phase of the FID should be corrected with a digital phase shifter as shown in Figure 1.2.1.6. With 1D Fast Fourier Transform (FFT), the spectrum of the NMR signal is then arrived at.
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Figure 1.2.1.6: Correcting the initial phase of the recorded free induction decay signal. X (I) and Y (Q) are the real (X plane – In phase) and imaginary (Y plane – Quadrature phase) components of the complex signal.
[bookmark: _Toc426737787][bookmark: _Toc448424524]Aliasing in MR
Figure 1.2.1.7 (a) shows a typical block diagram of the receiver of a spectrometer. It consists of a frequency mixer to down-convert the NMR signal from the Larmor frequency to the baseband (information) frequency. Though a single-stage down-conversion is shown in the Figure 1.2.1.7 (a), a commercially available spectrometer may have multiple stages. There may be a LNA or gain block amplifier prior to the mixer. The output of the mixer is fed to a low-pass filter to eliminate intermodulation products. The output of the low pass filter is then fed to the analogue-to-digital (ADC) converter and the NMR signal is thus recorded. One potential pit-fall in the spectrometer is aliasing of undesired peaks (frequency in NMR spectra) which are close to the desired peak. This is illustrated in Figure 1.2.1.7. Let  and be the desired and undesired frequency component in the NMR signal. In a typical MR spectroscopy experiment, the frequency of the local oscillator for the mixer is set to the desired Larmor frequency component in the NMR signal. Let be the frequency of the local oscillator and. The mixer down converts all the frequency components at the input of the mixer, and as a by-product the mixer also up converts as shown in Figure 1.2.1.7 (b). 

[image: ]

Figure 1.2.1.7: (a) Receiver block diagram of a typical spectrometer, (b) Mixer down converting from the Larmor frequency to the baseband (information) frequency, (c) Low-pass filter eliminating high frequency components and attenuating undesired frequency component and (d) Digitisation of the down converted NMR signal.
The output frequency (ignoring higher order intermodulation products) components are,,  and. The low-pass filter eliminates high frequency components  and as they fall in the stop-band of the low-pass filter. The undesired frequency component  which is close to the desired frequency component may lie in the pass-band or in the roll-off band of the low-pass filter as shown in Figure 1.2.1.7 (c). The undesired frequency component is not eliminated but attenuated to an observable level. 
Further, when the signal is digitised by the ADC with a sampling frequency as determined by the prescribed bandwidth (BW) of the spectrum, the undesired frequency component  is under-sampled and appears within the bandwidth of the spectrum with frequency as shown in Figure 1.2.1.7 (d). To avoid such aliasing of the undesired frequency component, the bandwidth of the spectrum should be set such that the sampling rate meets the Nyquist criterion given by,
 					1.2.1.13

1.2.2. [bookmark: _Toc448424525]RF coil – essentials
[bookmark: _Toc448424526]Quality factor of RF coil
The RF coil as well as the means of the signal detection is one of the major contributors to the received noise. The quality (Q) factor of the RF coil is one of the practical assessment of the noise contributed. The Q factor is a measure of losses in the RF coil, and is measured as a ratio of half power bandwidth  to the frequency of resonance,  (See Figure 1.2.2.1 for illustration). The  factor determines the power efficiency and it is expressed as .
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Figure 1.2.2.1: Measurement of the quality (Q) factor for a resonant circuit.
In a resonant circuit,  for series resonance and  for parallel resonance, where R, C and L are resistance, capacitance and inductance respectively. The sources of loss that contribute to the overall loss (Q) of a RF coil are  - Ohmic loss of the resonant loop (copper and capacitors),  - sample loss (biological sample, tissue or equivalent),  - E-field generated by the RF coil (As electric field does not contribute to the NMR signal) and  - radiation loss (including stray parasitic). The overall loss  is;
 			1.2.2.1
SNR is inversely proportional to. By optimal RF coil design,,  and  can be minimised, however  cannot be reduced or eliminated. The RF coil is said to be sensitive to the sample (biological sample, tissue or equivalent) when the sample loss dominates the total (overall) loss. The ratio of Q of the RF coil without () and with () the sample in-situ is a measure of dominance of sample loss, which is the measure of sensitivity of the RF coil to the sample, proportional to the SNR (179-181).
		1.2.2.2
When the coil is loaded with a sample of high dielectric constant (added capacitance) the resonant frequency drifts to lower frequency with no decrease in Q and when loaded with a lossy sample the Q decreases with no change in resonant frequency. 
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Figure 1.2.2.2: Illustration of filling factor
The filling factor, which is the ratio of volume of magnetisation of the sample contributing to the NMR signal to the sensitive volume of the RF coil, is a useful measure of RF coil performance. The filling factor can only estimate the efficiency of the coil. Alternatively, it is the ratio of transverse magnetisation of the medium within the sample to the total sensitivity of the RF coil volume. A practical method to measure the filling factor  for a RF coil with volume  is by observing the frequency drift  in the resonance frequency with and without a conductive sphere of volume. Thereby, the filling factor is given by (182),  as shown in Figure 1.2.2.2.
[bookmark: _Toc448424527]Polarisation of RF coils
The polarisation of an RF coil is perpendicular to the direction of static magnetic field. The polarisation can be either linear (178), quadrature (183) or circular (178,179,184). A linear polarisation can be achieved using a single loop RF coil as shown in Figure 1.2.2.3(a), quadrature polarisation can be achieved using a dual Helmholtz RF coil as shown in Figure 1.2.2.3(b) and circular polarisation can be achieved using a birdcage RF resonator as shown in Figure 1.2.2.3(c). A typical linear or quadrature RF coil resonates at a single resonance frequency (unless dual tuned). A typical birdcage RF resonator will have two circular end rings connected by straight segments (legs/rung). For  number of legs/rungs, a birdcage will have  resonant modes. Birdcage RF resonators are either low-pass, high-pass or band-pass based on the capacitors distributed on leg/rungs-only, end ring-only and on both leg/rung and end ring, respectively. High-pass and band-pass birdcage RF resonators will have an additional resonant mode due to the capacitors distributed on the end ring.
As an example, an 8 leg/rung birdcage low-pass topology is shown in Figure 1.2.2.3 (c) with 4 resonant modes marked 1-4 in Figure 1.2.2.3 (d). For the low-pass birdcage topology with 8 leg/rung, modes 2-4 are degenerative modes and mode 1 is the desired Nyquist resonant mode. The rotating magnetic field  generated by the birdcage resonator has the highest spatial homogeneity in the transverse plane, making it the most preferred choice for the transmitter RF coils.
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Figure 1.2.2.3: Polarisation of RF coils. (a) Linear polarisation using single loop, (b) Quadrature polarisation using dual Helmholtz, (c) Circular polarisation using low-pass birdcage resonator and (d) Resonant modes for an 8 leg/rung birdcage low-pass topology reproduced from (185) with permission, © Elsevier 2016. Modes 2-4 are degenerative modes ending with Nyquist mode 1.

[bookmark: _Toc448424528]Receive-only RF arrays
Larger loops coil generally have lower sensitivity due to higher Ohmic resistance and parasitic loss. This becomes a particular problem at higher resonant frequency when the RF wavelength becomes comparable with the conducting length (physical dimension) of the coil, for example in the case of 1H MR at 128 MHz (λ/4 ≈ 50 cm) at 3.0 T. Smaller single loops (coils) do not offer sufficient anatomical coverage and have less sensitivity at depth in the sample. Without increasing the physical dimension of an individual loop (coil), anatomical coverage can be enlarged (increased) by a collection or an array of individual receiver coils (186,187). Thereby, the dimension of each of the individual loops (coils) is optimised for SNR, and volume coverage is achieved by adding more coils. Roemer et al (126) developed a method to reduce the interaction between the individual loops and to combine the NMR signal from individual loops in a phased array of RF coils. RF interaction (coupling) between individual loops in an array is overcome in two steps. Firstly by a geometric, capacitive or transformer decoupling and secondly, by using a low input impedance low noise amplifier (LNA) fitted to each of the individual loops. This is illustrated in Figure 1.2.2.4. When two loops (coils) tuned to the same resonant frequency (as shown in Figure 1.2.2.4 (a)) are positioned at proximity there will be mutual inductive coupling and the resonance will split as shown in Figure 1.2.2.4 (b). Decoupling techniques (geometric, transformer or capacitive) induce current that will be equal and opposite in direction to the current induced by mutual inductive coupling thus cancelling the field at the overlap. The decoupling techniques such as geometric decoupling which rely on critical overlap, transformer decoupling and capacitive decoupling are shown in Figure 1.2.2.4 (c), (d) and (e) respectively. Further, the coupling between the loops is reduced by using a low input impedance LNA (126). This method not only reduces the coupling between adjacent elements but also between the next nearest neighbour and other loops (coils) in the array. Consider an arrangement of two coils with finite mutual coupling as shown in Figure 1.2.2.5 (a). The two loops  and  have a low input impedance LNA with optimal noise figure performance at impedance  and  respectively. With proper choice of capacitors,  and inductors,  the resistances of the coils,  are transformed to ,  for optimal noise figure performance of the low noise amplifier. The input impedance of the LNA, is low, and,  with,  form a parallel resonant circuit. The choice of,  and,  is such that the resonant frequency of the parallel resonant circuit (,) is the same as the resonance frequency of the RF coil. This will marginally split the resonance of the coil as shown in Figure 1.2.2.5 (b), thus reducing the coupling between any two individual coils. As the LNA input circuit is a parallel resonant tank circuit there will be finite current through  and, which is further amplified with a second stage amplifier.
Even with two decoupling measures applied there will be residual coupling between the individual coils and this contributes as an additional source of noise in the receiver. This coupling is characterised by the noise covariance matrix of an RF coil array. The noise covariance (or correlation) matrix is a square matrix R, where the diagonal elements indicate the strength of coupling of the individual coil with the sample and the non-diagonal elements indicate mutual coupling between the individual coils. In the laboratory (RF experimental test setup), the noise covariance matrix is populated with the real part of the impedance matrix of N ports (measured looking into the coil element, , ,  and  for an array with two individual coils shown in Figure 1.2.2.5), where N is the total number of individual coils (188). On the MR system, the noise correlation matrix can be measured by acquiring a noise image; an acquisition without the sample or equivalent and without applying any correction (gradient and digital correction filters bias the noise), acquired with full dynamic range of the receiver. The noise correlation matrix is then given by. Where  is the noise vector from all the individual coils at the voxel  and  is the transpose conjugate of  (126,189,190). Ideally, for highly decoupled coils such as in a coil array optimised for parallel imaging where it is preferable for each of the coils to have its own discrete footprint (region of sensitivity) and minimal spatial overlap in sensitivity between the elements, there should be minimal cross-talk (coupling) between the individual loops (coils) and the noise covariance matrix should resemble an identity matrix. An example of noise correlation matrix for a 32 channel receiver array for 3He at 1.5 T is shown in Figure 1.2.2.6.
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Figure 1.2.2.4: Illustration of decoupling techniques for an RF coil array. (a) Two resonant loops tuned to the same resonance frequency are positioned far apart with negligible inductive coupling. The resonance frequency of these loops are preserved. (b) The resonant loops from (a) are positioned at close proximity and the resonance frequency splits. (c) Geometric decoupling using critical overlap between the loops for effective inductive cancellation in the overlapping region. (d) Transformer decoupling using a transformer between the loops. (e) Capacitive decoupling using capacitors between the loops.
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Figure 1.2.2.5: Illustration of decoupling with a low input impedance LNA. (a) An arrangement of two coils with low input impedance LNA. (b) Illustration of resonance split of the coil with a low input impedance LNA.
Figure removed because the copyright permission not suitable for open access

Figure 1.2.2.6: Noise correlation matrix for a 32 channel receiver array for 3He at 1.5 T from (191) is reproduced here with permission, © John Wiley and Sons 2016.




[bookmark: _Toc448424529]Signal-to-noise ratio (SNR)
Theoretically the signal-to-noise ratio (SNR) in an MR experiment is given by (13,192),
 				1.2.2.3
Where,  is the Larmor frequency of the sample volume,  is the magnetisation,  is the filling factor of the sample,  is the sample volume, K is the effective field over the sample produced by unit current,  is the anti-rotating RF component,  is Boltzmann constant,  is the receiver bandwidth,  is the temperature of the coil,  is the resistance of the coil,  is the temperature of the sample and  is resistance of the sample. Under Zeeman (Boltzmann) polarisation the magnetisation  () is proportional to the external static magnetic field  (see Equation 1.1.2). In a hyperpolarised spin sample the magnetisation  () is proportional to the polarisation achieved in the SEOP process. Revisiting Equation 1.1.4, for the same nuclei, spin density and concentration, we have, 
 			1.2.2.4
From an MR image, SNR can be estimated as (193,194),
 						1.2.2.5
Where the standard deviation of the background noise  has Gaussian distribution with zero-mean and  is the mean of the signal. If there is DC bias the standard deviation of background noise can have a Rician distribution (biased, non-zero mean) and an appropriate correction factor can be used (194). 
The SNR of the combined image in an RF coil array is given by (126,189,190,195),
 					1.2.2.6
Where  is the complex sensitivity matrix from individual coils and  is the transpose conjugate of. R is the noise covariance matrix.
[bookmark: _Toc448424530]Under-sampling and signal-to-noise ratio
In parallel MR imaging, the number of phase-encoding steps are reduced to shorten the scan time (196). In a typical parallel imaging acquisition, phase-encoding steps are acquired such that the space between any two phase-encoding steps is as compared to  for a fully sampled imaging, where  is the under-sampling factor. The SNR of an under-sampled k-space image is given by (196),
 					1.2.2.7
Where  is the geometry factor, given by (196),
 					1.2.2.8
Where  is the receiver noise matrix given by (196) . Where  is the time-independent complex weighting coefficient for the channel (individual coil)  and at voxel ,   is the noise variance at voxel  and  is the transpose complex conjugate of. 
As the spaces between phase-encodes are increased, the field of view (FOV) is reduced by the factor of, resulting in aliased composite signal. The aliased composite signal of an under-sampled k-space image is separated by using an unfolding matrix obtained by the discrete spatial sensitivity profile from individual loops (coils) in the receiver array. The unfolding matrix  is given by (196),
  				1.2.2.9
Using the unfolding matrix the signal-separated complex image is given by. Where  is a vector of aliased complex image values.
[bookmark: _Toc448424531]RF coils for dual (multi) nuclear MRI
RF coils for multinuclear MR imaging need to be able to excite (transmit) and detect (receive) RF signals from different nuclei at different frequencies from the same sample. For a multi-nuclear imaging study which has the flexibility to perform separate scans/exams for each nucleus, individual tuned RF coils for respective Larmor frequencies can be used and the subject will need to be moved from one RF coil to another between the scans/exams (73,79,80). 
However, in a multi-nuclear imaging study where there are clinical benefits to be able to image all the nuclei in the same setup or in the same physiological timeframe (81), RF coils will have additional design considerations in contrast to conventional RF coils that are tuned to a single nucleus. The image acquisition can be either interleaved or back-to-back in a single breath hold (81,82). RF coils for dual (multi) nuclear MRI are designed with one of the following approaches:
(a) By inserting a pole (also known as traps) in the resonant circuit, multiple resonant modes are generated (197-203) as shown in Figure 1.2.2.7 (a),
(b) By an arrangement where two (multiple) single-tuned RF coils are nested and electrically isolated (204-210) as shown in Figure 1.2.2.7 (b), or 
(c) By other techniques which are not commonly used like switchable coils (switch between the nuclei using RF switches) (211) or modified resonators (212-215) as shown in Figure 1.2.2.7 (c).
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Figure 1.2.2.7: Illustration of different methods for the dual tuned RF coils, tuned to frequencies  and. (a) By inserting a pole (also known as traps) in the resonant circuit, two resonant modes are generated at frequencies  and. (b) By an arrangement where two single-tuned RF coils, tuned to frequencies  and are nested and electrically isolated by using passive (or active) traps tuned to frequencies  and respectively. (c) Switchable coils where a switch S is toggled between connections 1 and 2, so that a loop capacitor of the resonant circuit is toggled between capacitors and such that the resonant frequency is toggled between  and.
Multi (dual)-tuned coils use a common-resonant conducting structure that resonates at multiple resonant frequencies (197-202). The common-resonant structures used in these designs intrinsically suffer from moderate isolation between the receivers, which increases noise in the respective receivers. Switchable coils incorporate actively controlled PIN diodes which switch the tuning of the coil between two (or more) Larmor resonant frequencies (211). However these coils have reduced sensitivity due to added losses from the PIN diodes and the carrier life time of the PIN diode should be taken into consideration for applications involving rapid switching within the pulse sequence such as ultra-short echo time (UTE). The individual isolated coil configurations consist of geometrically compatible arrangements of separate coils tuned to different resonance frequencies. The configuration can be achieved either by passive detuning with a parallel resonant notch-filter in series within the resonant loops or by actively detuning with PIN diodes. Passive parallel resonant notch-filter circuits that resonate at the desired blocking frequency are commonly referred to as ‘trap circuits’ (197-200,216). The added parallel inductance in passive traps adds Ohmic loss and can reduce the quality factor (Q) of the coil, especially at low blocking frequencies. Active detuning is suitable when the two Larmor frequencies are either far apart as with 1H – 23Na (207) or close-together as with 1H – 19F. Considering the combination of two individual RF coils for 1H and 3He used in lung MRI, when the 3He RF coil is actively detuned, a higher resonant mode thus generated could couple to the 1H RF coil and vice-versa (3He 48.6 MHz and 1H 63.6 MHz at 1.5 T). Hence, in such a situation it will be preferable to use passive-traps instead of active detuning.
[bookmark: _Toc448424532]Critical aspects of RF coil arrays
One of the critical aspects in designing an RF coil array is to decouple the receive-only RF coil array from the MR system transmitter RF coil during transmission. The maximum RF power delivered to the MR system transmitter body RF coil can be as high as 16 kW for 1.5 T and 32 kW for 3.0 T MR System. With ineffective decoupling, high RF power would induce sufficient RF current in the receiver RF coil in-situ to generate heat and can cause burns (217,218) and also damage the receiver RF coil and LNA. The receiver RF coil is decoupled from the MR system transmitter RF coil by using actively or passively controlled switches (PIN diodes) which can enable or disable the receiver RF coil (219-221). Despite these measures there will be residual coupling which (a) can distort the transmit coil sensitivity  (inhomogeneous flip angle in the region of interest) leading to spatial variation in SNR and saturation of the tissue close to the coil (subcutaneous fat saturation), (b) will reduce the power efficiency of the MR system transmitter RF coil (requires more power for the desired flip angle) and (c) will reduce the engineering reliability of the receiver RF coil due to electrical stress on the components in the receiver RF coil.
In a receiver RF coil array, electronic components, coaxial cables, inter-connects and other conductive surfaces act as parasitics to the resonant coils of the array. These parasitics skew the sensitivity (and cross-talk) of the coils in the array such that at various locations in the region of interest, the sensitivities arbitrarily add constructively or destructively causing local intensity shift artefacts (173). Variation in signal intensity is also caused by (a) variation in the gain of the LNA in each of the RF coils, (b) the dimension of the individual RF coil and (c) variation in the sample loss in the individual RF coil. Another inevitable cause of variation in the signal intensity is that the signal is brighter near the surface and drops-off with distance from the surface of the coil (171).
[bookmark: _Toc448424533]Transmit RF coils for hyperpolarised gas imaging
Unlike conventional 1H MRI or other non-hyperpolarised media, in hyperpolarised gas imaging with every RF pulse; (a) the magnetisation lost does not recover (15), (b) the signal from the sample changes and (c) does not reach an equilibrium state (note: a thermal equilibrium state is reached eventually, but not usable). This affects the optimal number of RF pulses used in an imaging experiment (16) (see Equation 1.1.5). The variation in the flip angle of the transmitter is an important factor for the design of a hyperpolarised MR coil. An elementary transmitter for hyperpolarised gas imaging of the lung is a flexible transmit-receiver dual Helmholtz like quadrature coil that can be wrapped around the chest with easy ingress of the subject into the scanner. Flexible coils have inherently high sensitivity but poor uniformity of flip angle across the sample when compared to birdcage RF resonators (179). Though the homogeneity of the Helmholtz pair can be improved with capacitive coupling (222), a more homogenous flip angle can be delivered with a birdcage coil (179). Previously developed birdcage RF resonators for human lung imaging applications are typically elliptical and asymmetric (223). This is primarily to fit a volume resonator within the scanner and yet accommodate the human chest. In an elliptical birdcage designed for 3He with radial asymmetric legs, the location of the legs were determined by conformal mapping (224). The capacitor values were determined by measuring self-inductance of individual meshes, mutual inductance of adjacent meshes and by solving for modal mesh current (223). Unlike a circular birdcage, the capacitor values in an asymmetric birdcage are not equal. These elliptical asymmetric birdcage RF resonators are voluminous, thus facilitating a two part construction (posterior half – anterior half). The subject is positioned on the posterior half and then the anterior half is fixed. Such a birdcage design for 3He lung MRI has been shown to have a variation of flip angle of 7% across the lungs (223) as compared to 16~20% for flexible T-R RF coils, justifying the additional efforts in coil design and coil handling during the clinical work flow.
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Figure 1.2.2.8: (a) Asymmetric 3He transmit-receive birdcage (the RF coil itself cannot be seen). (b) Flip angle map of twin-saddle quadrature coil. (c) Flip angle map of asymmetric birdcage coil. Reproduced from (223) with permission, © John Wiley and Sons 2016. Colour bar indicates flip angle.
An elliptical asymmetric birdcage is shown in Figure 1.2.2.8. Such a shielded birdcage for 3He at 48.6 MHz (225), positioned within the MR system containing the 1H system body coil (birdcage) will mutual couple with an observable drop in the Q factor of the coil. Though an asymmetric birdcage delivers uniform flip angle, its low filling factor and increased ohmic resistance from large conducting elements makes it less RF power efficient than a flexible RF coil that can be tightly wrapped to the chest of the subject.

[bookmark: _Toc448424534]Receive RF coil arrays for hyperpolarised gas imaging
In earlier studies involving RF coil arrays for hyperpolarised gas imaging, 32 channel arrays were developed for 3He and 129Xe, wherein the individual RF coils in the array were arranged to form a hexagonal patchwork pattern (225,226). This provides an advantage over a conventional cascaded (ladder-like) pattern because the diagonal elements can be decoupled using geometric critical overlap (225,226). A decoupling of at least -12 dB can be achieved by this method. However, unlike RF coil arrays which have concentric shielding for the individual RF coils (191), the hexagonal-tilt array has a reduced   efficiency of 15% (225). Though critical overlap is a widely used technique for decoupling, in a study conducted by Deppe, M et al (191), the decoupling between the individual RF coils was achieved by using an additional conductive counter current loop of larger dimension and concentric to each of the individual RF coils. Decoupling is achieved because, during reception as the RF current (NMR signal) is induced (from the sample) in the resonant loop (RF coil), as per Lenz’s law current is induced in the concentric loop in the opposite direction and limits the influence of magnetic flux of the RF coil outside the concentric loop. This study reported (a) a ratio of Q unloaded to Q loaded as 3.6 (without capacitors on shield), (b) less than 3% of the RF coil-pairs had significant coupling, (c) the decoupling between the RF coils was -11 dB which is similar when compared to the RF coil array with critical overlap (225) and (d) decoupling of -20 dB was achieved between the RF coil array and the elliptical asymmetric transmit birdcage used in the study. Comparing the SNR achieved from the RF coil array to the SNR achieved with the elliptical body coil which is shown above (223) as a receiver, this study (191) reported a 2-fold improvement in SNR in the distal slices (located at  anterior or posterior) and 30% improvement in SNR in the slices located at the centre. The lower improvement of SNR in the slices located at the centre is due to reduced depth of sensitivity of the individual RF coil caused by the concentric shield around it. The effective noise correlation matrix with modest 2-fold increase in SNR indicate this array is an effective parallel imaging coil but is less optimised for high SNR. In a 32-channel high density coil design, Meise et al demonstrated limited decoupling by critical overlap, decoupling by low input impedance LNAs can contribute up to 21 dB (226) for 3He at 1.5T (48.5 MHz) and 35 dB (225) for 129Xe at 3.0T (34 MHz) in the design of Dregely et al. For a 24 channel array for 3He imaging, critical overlap was along the left-right direction and decoupling in the superior-inferior direction was solely dependent on the 2 Ω input impedance LNA (227). A section of receiver arrays developed for hyperpolarised gas lung imaging from the literature are shown in Figure 1.2.2.9.
[bookmark: _GoBack]Figure removed because the copyright permission not suitable for open access

Figure 1.2.2.9: (a)(b) 32 channel receiver array for 129Xe. Reproduced from (225) with permission, © John Wiley and Sons 2016 (c) 32 channel receiver array for helium 3He. Reproduced from (226) with permission, © John Wiley and Sons 2016 (d) 32 channel receiver array combined with asymmetric birdcage transmitter. Reproduced from Deppe M H  (191) with permission, © John Wiley and Sons 2016.
[bookmark: _Toc448424535]Accelerated imaging for hyperpolarised MRI
In conventional 1H MRI, when the k-space is under-sampled with reduced RF encoding steps as in parallel imaging (196), the SNR obtained is lower when compared to a full Nyquist-sampled k-space (see Equation 1.2.2.7). Hyperpolarised gas imaging can compensate for the loss in SNR by increasing the signal (transverse magnetisation) by increasing the flip angle. It was demonstrated with a 24 channel RF coil array for 3He at 1.5T that the acquisition time (acceleration) could be reduced by 8 times without any loss in signal-to-noise ratio (227). Similarly with a 32 channel RF coil array for 3He at 1.5T, an acceleration of 4 in one dimension and 8 in two dimensions was achieved to reduce the scan time of originally 35 s to 5 s by increasing the flip angle from nominal 7.5⁰ to 9⁰ (226). In a similar study, a nominal scan time of 14 s (flip angle = 7°) was reduced to scan time of 8 s (flip angle = 9.5°) and 4 s (flip angle = 11.8°) without any loss in SNR (191). In a demonstration for 129Xe at 3.0 T with a 32 channel RF coil array, the scan time was reduced from 8 s to 2 s. This 32 channel RF coil array had 15 individual coil elements on the anterior side and 17 individual coil on the posterior side, enabling an acceleration factor of 3 with 2D imaging and 6 with 3D imaging (225). The increment in flip angle is relatively moderate to achieve the accelerated MR images with equivalent SNR. In addition, in the lung imaging in vivo, as the polarisation of the hyperpolarised gas rapidly relaxes to thermal equilibrium due to presence of oxygen (228), reducing imaging time can inherently improve SNR.
1.2.3. [bookmark: _Toc448424536]Overview of NMR and MRI pulse sequences used in this thesis
[bookmark: _Toc448424537]Chemical shift imaging
In chemical shift imaging (CSI), spectra from the sample are spatially resolved by applying phase-encoding gradients. For a one (or two) dimension CSI, phase encoding is applied in one (or two) dimensions. A basic spectroscopic imaging pulse sequence is shown in Figure 1.2.3.1. After every slice-selective RF pulse along with a slice-selective gradient, a phase-encoding gradient is applied in one (or two) directions. With the application of non-zero phase-encoding, the FID (resonances) will acquire a phase shift depending on its spatial location in the gradient field. There is no frequency-encoding involved in the sequence as this would cause spectral dispersion of the different resonances of interest. After the phase-encoding gradient has elapsed, the detected free induction decay is thus phase encoded with spatial information. For a gradient pulse of duration t, the phase shift in the resonance at location  from the isocentre is and the phase shift between the two edges of the FOV is, where γ is the gyromagnetic ratio. The spectroscopic image is reconstructed by applying FFTs in each of the phase encoding directions to transform the phase encoded FID from the whole volume into a spatial decomposition of individual FIDs, which are then transformed into spatially resolved spectra by 1D FFT.
[bookmark: _Toc448424538]Spoiled gradient echo imaging sequence
In a spoiled gradient echo pulse sequence, a frequency encoding gradient is used to disperse the FID such that the resonant frequency of spins in the sample along the gradient direction increases with distance from the isocentre, providing a direct relation between spin signal and position in the dispersed spectrum. A spoiler (or crusher gradient) is applied after the read-out gradient has elapsed. A basic spoiled gradient echo pulse sequence is shown in Figure 1.2.3.2. The spoiler gradient is applied in the slice gradient direction and it will dephase all the residual transverse magnetisation.
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Figure 1.2.3.1: Pulse sequence diagram of a typical one-dimensional chemical shift imaging sequence with free induction decay. Legends:  is the sampling time-interval,  is the receiver bandwidth,  is the spectral resolution,  is the number of samples and is the total acquisition time.
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Figure 1.2.3.2: A basic spoiled echo gradient pulse sequence.

1.2.4. [bookmark: _Toc448424539]Quantitative HP brain MRI – the bare essentials
[bookmark: _Toc448424540]Tracer Kinetics
A biological tracer is an exogenous substance which is introduced externally to the biological system of interest to enable quantification (characterisation) of the system (229). A tracer (or contrast agent) after being introduced will cause time-dependent changes in the signal. The goal of tracer kinetics analysis is to infer kinetic (time-dependent) information of the biological system by mathematical interpretation of the spatial and temporal distribution of the tracer in the system (230). An ideal tracer is detectable by an observer but does not perturb the physiology of the  biological system in to which it is being introduced (229). Some literature suggests that an ideal tracer is chemically identical to the substance of interest, for instance magnetic labelling of the endogenous blood with arterial spin labelling (231), nevertheless as along as the tracer does not physiologically perturb the biological system the mathematical treatment for those substances which are chemically identical and endogenous tracers which differ are the same. In MRI,  weighted dynamic contrast-enhanced (DCE) imaging with Gadolinium chelated (example Gd-DTPA) contrast agents is widely used to estimate the biological dynamics like perfusion, tissue mass (volume) and rate of transfer (contrast agent from capillary bed to tissue, permeability-surface area product) (232,233). For the diagnosis of damage to the blood-brain barrier (BBB), the Gadolinium chelated contrast agents is used to detect leakage (116-118). In contrast to Gadolinium chelated contrast agents, xenon behaves closer to a behaviour of an ideal freely diffusing tracer, as it passively diffuses across the blood brain barrier.
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Figure 1.2.4.1: A two compartment tracer-kinetic model.
Sourbron and Buckley (231) have summarised various models used for tracer-kinetic modelling and analysis in a comprehensive review. With relevance to the subsequent work in this thesis, a two-compartment model is introduced here as shown in Figure 1.2.4.1. A two-compartment model is based on the detection of time-dependent variation in the concentration of tracer in the two compartments. The model assumes that within the compartment the tracer is uniformly distributed and any change in the NMR signal is proportional to the changing concentration of the tracer in the particular compartment.
Consider the two compartment model shown in Figure 1.2.4.1. The two compartments  and  have tracer concentration of  and  respectively. The rate of transfer of tracer (flux, Q) between compartments  and  is given by, , where  is a constant depending on permeability, surface area and diffusivity of the barrier.  and  are the solubility partition-coefficient in compartment  and  respectively.


2. [bookmark: _Toc448424541]Dedicated receiver array coil for 1H lung imaging for same breath acquisition of hyperpolarised 3He and 129Xe gas
2.1. [bookmark: _Toc448424542]Introduction
In multi-nuclear same-breath lung MRI, hyperpolarised gas (3He and 129Xe) and 1H images of the lungs are acquired interleaved or back-to-back in a single breath hold (81,82). As the acquisition is performed in the same breath-hold, the images from hyperpolarised gas and 1H are inherently spatially and temporally co-registered, and provide complementary structural and functional information in the same physiological time frame. To date, 1H images in same-breath acquisition have been acquired using the MR system’s body coil (81,82,124,125). The 1H lung image SNR (signal to noise ratio) from the system’s birdcage body coil is moderate at best due to the low proton density in the lungs. The presence of coils tuned to hyperpolarised gas frequencies within the magnet bore can further degrade the 1H body coil SNR through unwanted coupling and detuning. Although it is well known that a dedicated receiver array positioned at close proximity to the subject provides more SNR than the system body coil (126), to date the use of dedicated receiver arrays for 1H lung MRI in conjunction with  same-breath acquisition of hyperpolarised gases has not been demonstrated. The motivation of this chapter was to demonstrate the application of a dedicated 1H receiver array coil to improve the 1H lung SNR in same-breath acquisition with hyperpolarised (HP) gas 3He or 129Xe at 1.5 T. Section 2.2 formulates analytical equations to accurately determine the resonant modes and capacitor values required to design an RF coil which uses traps to decouple from another RF coil tuned to a different nucleus in close proximity. In addition, a formalism to design a dual tuned coil is also established. In Section 2.3, this derived analytical formalism is then used to build a custom 1H receiver RF coil array to acquire high quality 1H images of the lung (tissue) in the same breath as hyperpolarised 3He or 129Xe images of the lung (air space) which were acquired with a proximal transmit-receive coil tuned to the respective frequency. The 1H receiver RF coil array was built in two configurations. In the first configuration, one trap tuned to 3He was fitted to demonstrate dual nuclear (1H and 3He) same breath lung imaging. In the second configuration a second trap tuned to 129Xe was added (in addition to the trap tuned to 3He) to demonstrate both dual (1H and 129Xe) and triple (1H, 3He and 129Xe) nuclear same breath lung imaging (see chapter 4 for triple nuclear lung imaging). Section 2.4 reports in vivo measurements of dual nuclear (3He-1H and 129Xe-1H) same breath lung imaging using this custom designed 1H receiver array. The section illustrates the advantage and clinical significance of using dedicated receiver arrays for 1H in a multi-nuclear same breath lung imaging examination.
This work has been published in part in the paper Rao M, et al. Magn Reson Med 2014 (234).
2.2. [bookmark: _Toc448424543]Theory
[bookmark: _Toc448424544]Determination of the resonant modes and capacitors values
When trap(s) are added to a coil, multiple resonant modes are generated based on the number of trap(s) added. To arrive at a theoretical formalism for the accurate determination of the resonant modes and capacitor values in a coil with trap(s), consider a resonant circuit as shown in Figure 2.2.1(a), where, andare the loop capacitors and is the distributed inductance of the loop. The resonance frequency  of this circuit is given by , where is the total capacitance in the loop, given by.
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Figure 2.2.1: Illustration of a resonant loop (a) without traps (b) with one trap introduced across loop capacitor  (c) with two traps introduced across loop capacitors  and  and (d) with  traps (ignoring Ohmic resistive losses). Reproduced from (234) with permission, © John Wiley and Sons 2016.
[bookmark: _Toc448424545]Coil with one trap
To determine the capacitor values for a resonant loop with one trap, consider a trap introduced across the loop capacitor  in Figure 2.2.1(a), we arrive at the circuit as shown in Figure 2.2.1(b). Let the other series capacitors be combined as and  is a wire-wound inductor as typically used in a trap circuit. Analysing the circuit in Figure 2.2.1(b) at resonance in the frequency domain we have,

 				2.2.1

This simplifies to,

 		2.2.2

Solving for, the roots of Equation 2.2.2 yield the two resonant modes  and. Taking forward the classical RF theory in Equation 2.2.2 with relevance to application in multi-tuned RF coils, we know that,  is chosen such that, where  is the target frequency for the trap. With this, Equation 2.2.2 can be re-written as,

				2.2.3

The roots of Equation 2.2.3 yield the two resonant modes of the circuit  and. Let  be the required Larmor frequency of resonance of the RF coil and  be the blocking (target) frequency for the trap. Then the required capacitance in the loop for a pre-selected capacitor in the trap circuit is given by Equation 2.2.4,

					 2.2.4
Similarly, the required capacitor in the trap circuit for a pre-selected capacitor of the loop is then given by Equation 2.2.5, 

 					2.2.5
[bookmark: _Toc448424546]Coil with two traps
In a more complex arrangement where same breath acquisition of both hyperpolarised gases 3He and 129Xe is desired with 1H co-functionality, then the 1H coil should perform well with both 3He and 129Xe transmit-receive coils in close proximity to itself and the subject, either with each of them separately or if used together in a triple-nuclear MRI application (82). In such a case multiple traps should be fitted to the 1H array coil. To determine the capacitor values for such a resonant loop with two traps, consider the resonant loop from Figure 2.2.1(a) with two traps introduced across the loop capacitors and as shown in Figure 2.2.1(c), where and  are wire-wound inductors typically used in a trap circuit. Analysing the circuit in Figure 2.2.1(c) in the frequency domain, we arrive at Equation 2.2.6,

			 2.2.6

This simplifies to, 

					 2.2.7

Where,,
,
,
 and
. 
Solving for the roots of the Equation 2.2.7 determines the three resonant modes. Again, applying classical RF theory in Equation 2.2.7 with relevance to application in the MRI RF coils, we know that, and  are chosen such that and, where  and  are the chosen blocking frequencies for the two traps. The coefficients of Equation 2.2.7 then become,
,
, 
 and
. 
Let  be the required frequency (Larmor) of resonance,  and   be the chosen blocking (target) frequencies for the two traps. Then the required loop capacitor for the pre-selected trap capacitors  and is given by,

 			2.2.8

Similarly, the required trap capacitors  and  for a pre-selected loop capacitor are given by,

 				2.2.9
 				2.2.10

[bookmark: _Toc448424547]Coils with traps
Now extending the formalism of Equation 2.2.7 to a circuit with  traps, where and, such that  ,  … . Where,  …  are the required frequencies of the traps. , …  are the respective loop capacitors. The traps placed parallel to these loop capacitors with wire-wound inductor are given by ,  …  respectively.  is the distributed inductance of the loop and  is a loop capacitor (without a trap) used for tuning as shown in Figure 2.2.1(d). The resonant modes of this circuit can be obtained by solving Equation 2.2.11,

2.2.11
Where,



 


It can be observed in Equation 2.2.11 that,  and . Knowing that the roots (resonant modes) of Equation 2.2.11 are real, the mean and that the standard deviation of the square of the resonant modes () generated with multiple traps can be estimated with the Laguerre–Samuelson inequality using and (235,236). This is applicable for an array in a practical condition which would effectively have between 3~5 traps (or equivalent) on it. For example in a practical scenario with passive traps for both 3He and 129Xe – frequency blocking, an active detuning circuit, a passive detuning circuit and a preamplifier decoupling circuit (126).
[bookmark: _Toc448424548]Dual-tuned RF coils
The equations established can now be used to design a dual tuned coil. Let,  and be the two required frequencies of a dual tuned coil. Let be the loop capacitor and  be the distributed inductance of the loop, then, the required frequency of the trap circuit is,
 						2.2.12
Subsequently, the required capacitor for the trap circuit is provided by Equation 2.2.5.

[bookmark: _Toc448424549]Limiting conditions for capacitor selection
Using this theory we can accurately predict the required capacitors needed for a given configuration of coils for a given multi-frequency operation. In the case of a coil with one trap, two resonant modes are generated. When the higher resonant mode is selected to resonate at the Larmor frequency, as is the case for a 1H array with traps for 3He or 129Xe, the capacitor () to be selected to build the trap has a lower-limit, given by,. Where, is the distributed inductance of the coil, is the Larmor frequency and  is the resonance frequency of the trap. This also implies that the distributed inductance of the coil, which depends on the physical dimension of the RF coil has an upper-limit.
2.3. [bookmark: _Toc448424550]Design of the receiver array coil for 1H lung imaging 
[bookmark: _Toc448424551]1H array design
For the demonstration of same-breath acquisition of hyperpolarised 3He or 129Xe gas with a dedicated receiver array coil for 1H, a dedicated 4 loop 1H receiver array was constructed in-house with self-adhesive copper tape (FE-5100-5276-7, 3M, UK) of 66 μm thickness and 6 mm width, which was fixed on a substrate of 0.5 mm thick PTFE (Polytetrafluoroethylene, Direct Plastics, Sheffield, UK) sheet as shown in Figure 2.3.1(a). The capacitors used on the resonant loop were of 10C package (Dalian Dalicap Technology Co.,Ltd, China). The printed circuit boards (PCB) for discrete capacitors, traps and passive-detuning circuits on the resonant loop were custom designed, fabricated on 0.4 mm FR4 (Minnitron Ltd, UK). The feed-board PCB was fitted with an active detuning circuit, coaxial shielded balun and low input impedance LNA (GE Healthcare Coils, Inc. OH, USA). All the PCBs were protected in a plastic box enclosure (Hammond Mfg. Co. Ltd, Canada).
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Figure 2.3.1: (a) Photograph of the constructed 1H array prior to covering with foam, 
(b) Schematic of each of the loops in the 1H array. Note: Lxe is not shown in the photograph. Reproduced from (234) with permission, © John Wiley and Sons 2016.

Each of the 4 loops was fitted with an active detuning (AD), passive detuning (PD), traps and low input impedance LNA (GE Healthcare Coils, Inc. OH, USA) as shown in the schematic in Figure 2.3.1(b). The loops were initially tuned to the 1H frequency (63.8 MHz) without any traps. The inductances of the loops were estimated to be 1150 nH from the initial resonance condition. Capacitor values for all the loops were CPD = 30 pF, CHe =  30 pF, CXe = 75 pF, CAD = 56 pF, CM = 33 pF,  CB = 68 pF and CTune = 68 pF. A variable capacitor, varying from 1 pF to 20 pF was fitted across CTune. The inductors LHe, LPD, LAD and LXe were home-made wire wound inductors made from 21 AWG. The active detuning inductor LAD was 5 mm in diameter with 6 turns. The passive detuning inductor LPD was 5 mm in diameter with 13.5 turns. For the first configuration of the 1H array which was designed for same-breath acquisition of 1H with 3He, an inductor LHe was added across the capacitor CHe of 30 pF. The capacitor values were chosen based on the Equations 2.2.3, 2.2.4 and 2.2.5. LHe was 8 mm in diameter with 9.5 turns. For the second configuration of the 1H array designed for same-breath acquisition of 1H with 129Xe, the 129Xe trap was added across CXe in addition to the 3He trap already present in the loop. The capacitor values were chosen based on Equations 2.2.8, 2.2.9 and 2.2.10. For the 129Xe trap, an inductor LXe (5 mm diameter with 36 turns) was added across the loop capacitor CXe of 75 pF. The thickness of the array with the foam covering was 8 mm (4 mm each side). The array was wrapped to the subject as shown in Figure 2.3.2.
[image: ]
Figure 2.3.2: Illustration of 1H array applied on the subject
The developed array was designed to function normally when nested within the commercially available dual Helmholtz quadrature T-R coil (CMRS, Brookfield, WI, USA), which has a flexible jacket design and is used routinely for clinical lung imaging studies with hyperpolarised 3He and 129Xe at our site and others.
[bookmark: _Toc448424552]RF measurements of 1H array
RF measurements were performed with an Agilent 5601A Network Analyser (Keysight Technologies, Santa Rosa, CA) and were expressed as S-parameter measurements in dB. The detuning circuits (both active and passive) were isolated from the array for the measurement (transfer coefficient, Sij, (i≠j)). For reflection coefficient measurement (Sii, return loss, impedance matching) the array was wrapped around the thorax of the subject (male 29y, 88 kg). The subject-dominated loss of the coil was matched to 50 Ω as per the specification of the LNA for the optimal noise figure and gain. The isolation (transfer coefficient, Sij, (i≠j)) between the loops was measured at the input port of the LNA (with the LNA detached from the array). The resonant modes and quality factor (Q) of the coil were determined by transfer coefficient (Sij, (i≠j)) measurement with two isolated DC probes (self-resonating frequency > 1 GHz). With the LNA on the 1H array biased (turned ON), sensitivity was measured with a DC probe (self-resonating frequency > 1 GHz) which was connected to the transmitter port of the network analyser and the output of the LNA was connected to the receiver port of network analyser over a frequency span of 10 MHz to 80 MHz. With this, the sensitivity measurement indicates the gain of the loop at 1H frequency and rejection of the 3He and 129Xe signal on the 1H receiver channel. For the 1H receiver array, both the detuning circuits were tuned to below -30 dB. A minimum match of -20 dB was ensured for all loops. The isolation between the adjacent loops was below -20 dB and between the non-adjacent loops was below -15 dB. The low input impedance LNA provided additional decoupling between the loops. The loops generated the resonant modes as detailed in Table 2.3.1.
	
	No traps
	Fitted with 1 trap (3He)
	Fitted with 2 traps (3He and 129Xe)

	Loops of 1H array
	QUL
	Resonance modes (MHz)
	Q measured at 1H frequency
	Resonance modes (MHz)
	Q measured at 1H frequency

	
	
	
	QUL
	QL
	QUL/QL
	
	QUL
	QL
	QUL/QL

	Loop 1
	120
	32.2
	63.8
	110
	10
	11
	15.25
	35.5
	63.9
	105
	10
	10.5

	Loop 2
	122
	33.6
	63.9
	115
	12
	9.5
	15.9
	35.9
	64.0
	110
	12
	10

	Loop 3
	120
	35.1
	63.9
	115
	10
	11.5
	15.9
	35.7
	64.0
	110
	12
	10

	Loop 4
	120
	32.8
	63.8
	115
	10
	11.5
	15.6
	35.9
	63.9
	106
	11
	9.5


Table 2.3.1: Resonant modes and Q measurement of array without traps, with 1 trap and 2 traps [QUL – Q Unloaded, QL – Q Loaded].
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Figure 2.3.3: (a) The isolation between the 1H array and 129Xe T-R coil and (b) 1H Array gain and rejection of 3He and129Xe signals on the 1H receiver. Note the arrows represent the resonant frequencies of 129Xe, 3He and 1H at 1.5 T. Reproduced from (234) with permission, © John Wiley and Sons 2016.
As shown in Table 2.3.1, the reduction in the Q of the loops in the 1H array fitted with and without the traps was 8%, with one trap and 12% when fitted with two traps. This indicates that there is no major increase in Ohmic loss of the 1H array for both the configurations (one-trap and two-trap). For both the configurations the ratio of Q unloaded (QUL) to Q loaded (QL) was 10, which is indicative of good SNR. 
The RF measurement with two traps was worse than with one trap; Figure 2.3.3 shows isolation and sensitivity measurement of the 1H array with two traps fitted, nested inside the 129Xe T-R coil. The isolation between the 1H array and the 3He/129Xe T-R vest coil was below -40 dB at the Larmor frequencies of 1H (63.8 MHz), 3He (48.6 MHz) and 129Xe (17.7 MHz) as shown in Figure 2.3.3 (a). The array provided very good rejection below -60 dB for both the 3He and 129Xe signals on the 1H receiver as shown in Figure 2.3.3 (b). The difference in sensitivity at the 1H frequency when the active detuning diode (DPIN in Figure 2.3.1 (b)) is turned On to Off was below -30 dB, which indicates effective detuning.
[image: ]
Figure 2.3.4: (a) Illustration of region of interest (ROI) selected for SNR comparison between the 1H receiver array and the system body coil. Comparison of 1H SNR between the 1H receiver array and the system body coil with (b) gradient-echo images and (c) with spin-echo images. Reproduced from (234) with permission, © John Wiley and Sons 2016.
[bookmark: _Toc448424553]MR signal-to-noise ratio measurement of 1H array
The 1H image SNR was measured from the sum of squares images as the ratio of the mean of the signal to  times the standard deviation of the background noise (126,193,194). A spin-echo and gradient-echo pulse sequence were used for 1H SNR comparisons between the 1H array (2 traps) and body coil using a (NiCl2∙6H20:H20) doped water imaging phantom with height (anterior-posterior) of 15 cm. Imaging parameters were, TE = 20 ms, TR = 500 ms, BW = 31.25 KHz, Axial slice, FOV = 36 cm, slice thickness = 5 mm and matrix = 256 X 256 for spin-echo and TE = 30 ms, TR = 300 ms, BW = 15.6 KHz, axial slice, FOV = 36 cm, slice thickness = 5 mm and matrix = 256 X 256 for the gradient-echo pulse sequence. Images from the 1H receiver array were acquired with the 129Xe T-R coil in-situ. Images from system body coil were also acquired with the 129Xe T-R coil in-situ, without the 1H receiver array nested inside it. Regions of interest (ROI) were selected at the centre of the phantom and ROI for both the images (1H array and system body coil) placed in consistent locations as shown in Figure 2.3.4 (a). When compared with the second configuration with two traps, the 1H SNR from the 1H receiver array was 2 fold higher than the system body coil with the gradient-echo pulse sequence and 2.4 fold higher than the system body coil with the spin-echo pulse sequence as shown in Figure 2.3.4 (b) and 2.3.4 (c) respectively. The distribution of the background noise was verified to be a Gaussian distribution with zero mean as shown in Figure 2.3.5.
[image: ]
Figure 2.3.5: Histogram of the real part of background noise. The histogram is fit with a Gaussian curve with zero mean.

2.4. [bookmark: _Toc429396947][bookmark: _Toc448424554]Dual-nuclear same breath lung imaging with dedicated 1H receiver array
[bookmark: _Toc429396946][bookmark: _Toc448424555]In vivo experiments
All in-vivo imaging with 3He and 129Xe was performed with approval from the National Research Ethics Committee. Lung MRI was performed on a GE whole body 1.5 T Signa® HDx system with 3He and 129Xe gas polarised with spin exchange optical pumping (237).
[bookmark: _Toc429396948][bookmark: _Toc448424556]RF coil configuration and gas dose for dual-nuclear same-breath imaging
[image: ]
Figure 2.4.1: Coil setup for the same-breath acquisition with 3He/129Xe T-R vest coil with the nested 1H array. Reproduced from (234), with permission, © John Wiley and Sons 2016.
For same-breath acquisition with the 1H receiver array and 3He or 129Xe, the commercially available flexible T-R vest coils (CMRS, WI, USA) were used (for both 3He and 129Xe) without modification. Both of the flexible coils, T-R vest coil (3He or 129Xe) and the array (1H) were tightly wrapped around the subject with the 1H array nested inside as shown in Figure 2.4.1. The gas mixture and dosage of gases are shown in Table 2.4.1.
	1H array Configuration
	1
	2

	HP T-R coil used
 for scan
	1H array (1 trap for 3He) and 3He T-R coil
	1H array (2 traps for 3He and 129Xe) and 129Xe T-R coil

	Volunteer details
	Female 32, 61 kg
	Male 30, 88 kg

	Imaging details
	1H and 3He
	1H and 129Xe

	Dosage and Percentage of polarisation
	300ml of 3He with 700ml of N2. 25% polarisation
(≈100% of He is 3He)
	450ml of Xe with 550ml of N2. 15% polarisation. (87% of Xe is 129Xe)

	Gas mixture
	30% 3He, 70% N2
	45% Xe, 55% N2

	Corresponding Figure
	Figure 2.4.2(b,c)
	Figure 2.4.2 (e,f)


Table 2.4.1: Details of dosage and gas mixtures.
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Figure 2.4.2: Same-breath acquisition of HP 3He with 1H, (a) 1H image, (b) 3He image and (c) superposed image of 1H and 3He. Same-breath acquisition of 129Xe with 1H (d) 1H image, (e) 129Xe image and (f) superposed image of 1H and 129Xe. (a)(b)(c) 1H array (1 trap for 3He) and 3He T-R coil, Female 32, 61 kg. (d)(e)(f) 1H array (2 traps for 3He and 129Xe) and 129Xe T-R coil, Male 30, 88 kg.  Reproduced from (234), with permission, © John Wiley and Sons 2016.
[bookmark: _Toc429396949][bookmark: _Toc448424557]MRI procedure and protocol
The RF power required for the desired flip angle for 3He and 129Xe imaging was calculated based on a standard calibration procedure, whereby the rate of depletion of polarisation is calculated from the decay of signal resulting from a set of hard RF pulse-acquires of equal amplitude. The consistency of flip angle was maintained between various scan configurations indicating that the performance of both the 3He and 129Xe transmit coils was uncompromised by the presence of the in-situ 1H array. The imaging parameters for same-breath acquisition of 1H with HP gases were as follows, for 3He imaging, flip angle = 8⁰, TE = 1.1 ms, TR = 3.6 ms, matrix size = 104 (phase) x 80 (frequency), slice thickness = 10 mm, number of slices = 5, FOV = 38.4 cm and for 129Xe imaging, flip angle = 8⁰, TE = 3.6 ms, TR = 18.9 ms, matrix size = 78phase x 64frequency slice thickness = 15 mm, number of slices = 5, FOV = 38 cm. The imaging parameters for 1H were flip angle = 50⁰, TE = 0.9 ms, TR = 2.9 ms, matrix size = 192phase x 256frequency in both cases. The imaging time for 3He imaging was 2s, for 129Xe imaging was 8s and 1H imaging was 1s. The pulse sequence was a 2D, coronal, fast spoiled gradient echo for HP gas imaging and 2D, coronal, balanced steady state free precession for 1H imaging. Two sets of images were acquired back-to-back in the same breath-hold, HP gas image followed by the 1H image. The transmit gain (TG) and analogue and digital receiver gains (R1, R2) needed for 1H MRI on the MR system are normally pre-calibrated from an auto-prescan. This was bypassed for back-to-back same breath acquisition by running a shell script, which provides the sequence with pre-calibrated values for R1, R2 and TG. The time period between the end of HP gas imaging and initiation of 1H imaging is less than 4s.
[image: ]
Figure 2.4.3: Four cascaded slices of the lung: (a) 1H images from system body coil and (b) 1H images from 1H array. Enlarged sections illustrating SNR improvement of 1H array: (c) 1H images from system body coil and (d) 1H images from 1H array. All the four were acquired in a same-breath acquisition of 3He with 1H, with the 3He TR coil in-situ. Reproduced from (234) with permission, © John Wiley and Sons 2016.
Dual-nuclear same breath image acquisitions performed with 3He (first configuration) and 129Xe (second configuration) are shown in Figure 2.4.2. See Table 2.4.1 for details on the configurations. The images from 1H Figure 2.4.2 (a) and Figure 2.4.2 (d) are co-registered with the images from HP gas 3He Figure 2.4.2 (b) and 129Xe Figure 2.4.2 (e). Figure 2.4.2 (c) and Figure 2.4.2 (f) are the superposed images. The images in Figure 2.4.2 (b) and Figure 2.4.2 (e) are images from 3He and 129Xe respectively.

[image: ]
Figure 2.4.4: (a) Image obtained from the 4 element 1H receiver array with a matrix size of 384X288 and (b) is the image obtained from the system body coil with matrix size of 256X192. Images (a) and (b) are the same coronal slices, same FOV with identical imaging parameters. Similarly, (c) shows an image obtained from the 4 element receiver array with a matrix size of 384X288 and (d) is the image obtained from the system body coil with matrix size of 256X192. Images (c) and (d) are coronal slices, same FOV, with identical imaging parameters. Subject: Male 30, 88 kg.
[bookmark: _Toc429396950][bookmark: _Toc448424558]Illustration of SNR improvement in vivo
The advantages of improved SNR can be also observed in the in vivo images as shown in the four cascaded slices of the lung from the system body coil and the 1H receiver array in Figure 2.4.3 (a) and (b) respectively. The enlarged images in Figure 2.4.3 (c-d), demonstrate the SNR improvement from the 1H array with more structural information from the small blood vessels discernible.
An alternative way to emphasise the benefit of SNR is by demonstrating that the array can provide SNR equal (or better) to the body coil with twice the spatial resolution. For the purpose of a quick visual demonstration (without absolute quantification), the SNR in lung parenchyma from the body coil and the 1H receiver array coil is illustrated with two coronal slices as shown in Figure 2.4.4.  For the particular coronal slice of the lungs, images from the receiver array were acquired with higher resolution than the images from the body coil – the rest of the imaging parameters were identical (steady state free-precession, flip angle = 50⁰, TE = 0.9 ms, TR = 2.9 ms). The images from the array were acquired with a matrix size of 384frequency X 288phase and the images from the body coil were acquired with a matrix size of 256frequency X 192phase for the same FOV. As detailed in Table 2.4.2, the image SNR from the array was equal or better to the image SNR from the body coil for a pixel volume of less than half the size.
	Figure 
2.4.4
	Location
	4 element 1H array (384 X 288)
	System body coil (256 X 192)

	
	
	Signal (Mean)
	Noise (standard deviation)
	Signal to Noise ratio
	Signal (Mean)
	Noise (standard deviation)
	Signal to Noise ratio

	(a)(b)
	1
	85
	-
	10.15
	106
	-
	9.18

	(a)(b)
	 2
	92
	-
	10.98
	120
	-
	10.39

	(a)(b)
	 3
	-
	5.82
	-
	-
	7.56
	-

	(c)(d)
	 1
	67
	-
	8.63
	87
	-
	6.67

	(c)(d)
	 2
	103
	-
	13.28
	149
	-
	11.42

	(c)(d)
	3
	-
	5.39
	-
	-
	8.54
	-


Table 2.4.2: Details of signal mean measured in the lung parenchymal and the background noise for both receiver array and body coil. The SNR for receiver array was calculated as the ratio of mean signal to standard deviation of noise with scaling factor of 0.695, whereas for the body coil the scaling factor was 0.655. The scaling factor is due to Rician distribution of background noise (194).
It should be noted that although in vivo measurements are not the preferred way to measure the SNR, these two examples measured are DICOM images from the scanner and are for quick illustration only, overlooking the error in the measurement contributed from factors such as, (a) the number of pixels used to measure mean and standard deviation is different for the receiver array and body coil and (b) the mean in the background noise is non-zero and different for receiver array and body coil. The rationale to overlook these errors is that the variation (10%~20%) when ignoring them is minor when compared to the reported SNR improvement (100%~130%).
2.5. [bookmark: _Toc429396951][bookmark: _Toc448424559]Discussion
In the process of this work we have firstly demonstrated a new, more comprehensive theoretical formalism for the trap circuit design for multiple resonant frequency RF coil configurations. In comparison with existing approaches (204), consider the schematic in Figure 2.2.1(b), simplifying the equations for the lower and higher resonant modes as previously shown in (204),   and  then this simplification is relevant only if  and , where the trap circuit is simplified to be purely capacitive and inductive respectively, unlike in the studies in this thesis. Also, in a realistic RF coil design, one of the series capacitors of the RF coil is split into to two capacitors (for example see capacitors  and   in Figure 1.2.2.5) to create a virtual ground essential to transform the balanced RF network of the RF coil to the unbalanced RF network of the spectrometer. Further, the value of the capacitor across which the RF power is fed (or received) is determined by the sample-dominated loss (which also depends on the physical dimension of the RF coil) as explained earlier in section 1.2.2.
The formulations and calculations presented here do not account for Ohmic losses in the distributed inductance of the loop or the trap circuits. However, the variation in the resonant modes due to this (if any) should be well within the tuning range of the variable capacitor. Also, the use of trap circuits may not be feasible in applications where the resonant frequency and the trap frequencies are very close, for example 1H and 19F at 1.5T.
In a same-breath multi-nuclear (HP gas and 1H) acquisition, the 1H imaging is usually performed after the HP gas imaging. For a healthy/normal volunteer, the typical breath-hold tolerance for the inhaled gas mixture is less than 20 seconds. In a same-breath acquisition of 20 seconds, the HP gas imaging lasts for 12 seconds and the time taken to load the 1H imaging sequence and initiate the scan with predetermined pre-scan values on the GE spectrometer is typically 3~4 seconds; the remaining 4~5 seconds is the time allotted for 1H imaging. This limited time period therefore prevents 1H image averaging and thus to improve the 1H image SNR, it is essential to have an RF coil with higher sensitivity.
A higher channel (element) of 1H array specific to the lung, designed considering the thoracic anatomical structure would further increase 1H SNR. This is described in the next chapter.


3. [bookmark: _Toc448424560]Lung-specific 1H RF receiver array coil
3.1. [bookmark: _Toc448424561]Introduction
Human lungs consist of mainly air spaces with a low density of 1H that can be imaged (≈0.2 g/cc) (47), in addition, the transverse relaxation time  is lower (1~2 ms at 1.5 T) due to susceptibility gradients between tissue and air. Thus, the SNR of 1H lung images are inherently lower, especially when acquired using the MR system’s body coil. The previous chapter demonstrated the improvement in SNR of 1H lung images in a multi-nuclear same-breath acquisition of 1H and hyperpolarised gas (3He/129Xe) using a 4-element dedicated 1H receiver coil array. In this chapter a novel 8-channel RF coil array topology specific to 1H lung imaging at 1.5 T is introduced and a further SNR improvement is demonstrated by comparing it with a conventional ladder-like RF coil array (commercially available) with preliminary in vivo measurements.
3.2. [bookmark: _Toc448424562]Design of the lung-specific 1H RF receiver array coil
[image: ]
Figure 3.2.1: (a) Illustration of topology of the 8 element 1H array and (b) Photograph of the prototype before covering with foam.
The 1H SNR of the lungs could be further improved with an RF coil array topology that conforms well to the lung anatomy. The proposed 1H receiver RF coil array is an 8-channel design as shown in Figure 3.2.1. Element 1 is a volume figure-of-8 topology and structured in such a way that the arms of the subject can pass through and conforms (couples) well to the upper chest as shown in Figure 3.2.2. Element 1 along with the elements 2-4 combine in quadrature for enhanced sensitivity coverage of the upper/superior left and right lobes of the lungs. This region typically has low SNR when imaged with conventional bi-planar (ladder-like) cardiac and chest RF coil array designs. Elements 3-8 cover the lower/inferior left and right lobes. Element 1 is geometrically decoupled from the elements 2, 3, 4, 6, 7 as the  polarisation is mutually orthogonal. Element 1 is decoupled from the elements 5, 8 by critical overlap. Element 2-8 are critically overlapped and a low input impedance LNA fitted to all of the 8 elements(126). Each of the elements are decoupled from the 1H transmit body coil with one active and one passive detuning circuit. 
[image: ]
Figure 3.2.2: Illustration of the application of the proposed 8-element 1H array on the subject.
3.3. [bookmark: _Toc448424563]RF measurements of the 1H array
RF measurements were performed with an Agilent 5601A Network Analyser (Keysight Technologies, Santa Rosa, CA) and were expressed as s-parameter measurements in dB. Test setup for RF coil matching, isolation and Q measurement were similar as mentioned in Section 2.3. All the elements were matched below -20 dB. The isolation between any two elements was less than -18 dB, decoupling from the LNA further improves isolation. The ratio of Qunloaded to Qloaded was more than 8 for all the elements.
3.4. [bookmark: _Toc429396952][bookmark: _Toc448424564]In vivo MRI using the Lung specific 1H coil
For in vivo studies, white blood (also known as bright/slow blood) and black blood (also known as dark/fast blood) MR imaging was performed. The imaging parameters for the white blood imaging were; balanced steady-state free precession sequence, 2D coronal slices, flip angle was 50°, TE was 0.9 ms, TR was 2.9 ms, slice thickness was 10 mm, field of view was 38 cm, matrix size was 384frequency X 256Phase and bandwidth = 125 kHz. Two coronal slices from the lung specific coil are shown in Figure 3.4.1 (a). Black blood imaging typically used for diagnosis of pulmonary hypertension in clinical practice was performed with a triple inversion recovery pulse sequence using fast spin echo (FSE) readout (238). The imaging parameters for black blood imaging were: 2D axial slices, flip angle was 90°, TE was 69 ms, TR was cardiac gated, slice thickness was 8 mm, field of view was 35 cm, matrix size was 256frequency  X 224phase and bandwidth was 31.25 kHz. Two axial slices from the lung-specific coil are shown in Figure 3.4.1 (b).
[image: ]
Figure 3.4.1: Lung-cardiac images from the lung specific coil. (a) White blood coronal images and (b) black blood axial images. Subject: Male 32 Y.

Preliminary SNR measurements and comparison with a conventional ladder-like 8-channel cardio-thoracic receiver array were performed using the exact same sequence settings. The SNR was measured from the sum of squares images as the ratio of the mean of signal to  times the standard deviation of noise, performed with a NiCl phantom with a GRE pulse sequence with identical imaging parameters (same procedure as SNR measurements explained in Section 2.3). The 1H SNR (average) from the lung-specific topology was >30% higher (preliminary results) than the conventional topology. When in vivo images acquired with the lung-specific topology were compared with images acquired using the conventional ladder-like topology, finer anatomical details are visible as shown in Figure 3.4.2. These images were acquired with imaging parameters for white blood imaging mentioned earlier in the section.

[image: ]
Figure 3.4.2: Comparing in vivo images of lung-specific coil with conventional ladder-like cardiac coil. (a) Lung specific coil and (b) Conventional ladder-like coil. Finer anatomical details are visible from the images acquired from lung specific coil. Subject: Male 32 Y.
3.5. [bookmark: _Toc448424565]Discussion
The prototype was built in-house and the cable assembly did not have baluns fitted. With baluns we would expect further improvement in the SNR (219,239,240). The volume figure-of-8 element provides sensitivity across the right-left direction improving 1H SNR over the conventional ladder-like topology. The novel 8-element receiver array is thus optimised for high sensitivity and volume coverage as shown in Figure 3.5.1, but makes the coil less suited for parallel imaging due to the less discrete spatial sensitivity profiles of the elements.
The array former is thin (6mm) and can be easily inserted within other coils for example for multi-nuclear applications as in the previous chapter. The next step in this design is to fit traps for 3He/129Xe for same-breath acquisition of the lungs like the 1H array described in Section 2.3. In addition, though the topology is demonstrated for 1H, it can be readily tuned to 3He, 129Xe and 19F imaging of the Lung.
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Figure 3.5.1: Sensitivity profile of individual elements of the novel 8 element receiver RF coil array. The RF coil array is optimised for high sensitivity and volume coverage.

4. [bookmark: _Toc448424566]
Same-breath triple nuclear lung MR imaging of 1H and hyperpolarised 3He and 129Xe.
4.1. [bookmark: _Toc448424567]Introduction
Hyperpolarised gases 3He and 129Xe have distinct physical properties, which provide different but complementary functional information (3,4,55), the ability to image both nuclei in the same-breath alongside the 1H anatomical images adds further structural and functional sensitivity to the acquisition. 3He is highly diffusive when compared to 129Xe (127-129), and the visualization and quantification of lung ventilation and diffusion with these two gases at the same time can help address important physiological questions such as the position of the diffusion – convection front in the lungs. The capability to measure the diffusivity of both 3He and 129Xe gases in the same lung inflation level also provides added information for measuring and modelling lung micro-structure based on their measured apparent diffusion coefficients (ADC) (130). Preliminary studies have used separate and spatially nested transmit-receive (T-R) coils for each nucleus (82). The reliance on the 1H MR system’s birdcage body coil for signal reception constrains the signal to noise ratio (SNR) in 1H images of the lung, which is already limited by the low proton density of lung parenchyma. Recent work (234) showed that the 1H lung SNR in same-breath imaging can be improved with a nested 1H receive array, which is compatible with operation with either a 3He or a 129Xe T-R coil.
In this chapter a dual-tuned dual-Helmholtz flexible transmit-receive RF coil is developed to operate in quadrature for both 3He and 129Xe lung MRI at 1.5 T. Using this dual-tuned T-R RF coil and the dedicated 1H receiver array (see Section 2.3 for coil design) we go on to demonstrate triple-nuclear same-breath lung imaging of 3He, 129Xe and 1H at 1.5 T is demonstrated for the first time. Dual-nuclear same-breath ADC mapping of 3He and 129Xe is also demonstrated for the first time.
4.2. [bookmark: _Toc448424568]Design of dual-tuned RF coil
The dual-tuned (3He and 129Xe) flexible quadrature T-R coil was designed and constructed in-house. The conducting elements were made from self-adhesive copper tape (FE-5100-5276-7, 3M, UK) of 66 μm thickness and 6 mm width, which was fixed on a substrate of 0.5 mm thick PTFE sheet (Polytetrafluoroethylene, Direct Plastics, Sheffield, UK) as shown in Figure 4.2.1(a).
The capacitors used on the resonant circuit were of 10C package (Dalian Dalicap Technology Co., Ltd, China). The thickness of the array with the foam was 6 mm (3 mm each side). The dual-tuned flexible T-R coil was a dual-Helmholtz-like quadrature design, whereby, the Helmholtz pair for the in-phase resonance of the quadrature spans the anterior right lung to posterior left lung, connected over the left trapezius. Similarly, the Helmholtz pair for the quadrature-phase resonance spans the anterior left lung to posterior right lung, via the right trapezius. The cross-over of the copper strip for each of the Helmholtz pairs (which forms a figure of eight topology) was positioned such that it was within the other resonant element (anterior) and was balanced on either side to minimise coupling as shown in Figure 4.2.1(a) and Figure 4.2.2. 
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Figure 4.2.1: (a) Picture of the dual-tuned flexible TR coil for 129Xe and 3He. The in-phase and quadrature-phase ports are marked with 0° and 90° respectively. The plastic housing at the port (0°, 90°) consists of high pass matching circuits (90 pF, 90 pF and 300 nH) and the two loop capacitors (47 pF and 220 pF) and (b) Illustration of application of the dual-tuned TR coil on the subject for RF measurements. Reproduced from (241) with permission, © John Wiley and Sons 2016.
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Figure 4.2.2: The design/schematic of the dual tune flexible TR coil for 129Xe and 3He. The in-phase and quadrature-phase ports are marked with 0° and 90° respectively. Reproduced from (241) with permission, © John Wiley and Sons 2016.
The schematic of the dual-tuned T-R coil circuit is shown in Figure 4.2.2 and a photograph is shown in Figure 4.2.1(a). The assembled topology of the flexible coil constitutes a bib design wrapped around the subject longitudinally as shown in Figure 4.2.1(b). Both the elements of the dual Helmholtz coil were fitted with two traps; one trap at the 1H frequency to enable 1H imaging with this coil in-situ and the other trap to dual-tune the coil to the 129Xe and 3He Larmor frequencies. The trap design was based on the theory developed in Chapter 2, Equation 2.2.5 and 2.2.12 (see Section 2.2). The frequency of the trap for dual-tuning was 47.81 MHz. A high-pass matching circuit was used to match the coil at both resonant frequencies of 3He (48.62 MHz) and 129Xe (17.65 MHz) at 1.5 T. The 1H trap was tuned with a 47 pF capacitor and a 7-turn wire-wound inductor of diameter 6 mm. The trap for dual-tuning the coil was tuned with a 56 pF capacitor and a 9-turn wire-wound inductor of diameter 6 mm. Wire-wound inductors were constructed from 21 AWG insulated copper wire.
[bookmark: _Toc448424569]RF measurements on the dual-tuned RF coil
RF measurements were performed with an Agilent 5061B Network Analyser (Keysight Technologies, Santa Rosa, CA) and were expressed as S-parameter measurements in dB. For RF measurement, the dual-tuned coil was wrapped longitudinally around the thorax of the subject, as shown in Figure 4.2.1 (b). The 1H trap in the dual-tuned coil was tuned to below -30 dB. The isolation between the two ports of the Helmholtz pair coil was less than -15 dB. The quality (Q) factor of the dual-tuned coil at the 129Xe Larmor frequency (17.65 MHz) was 61 in the unloaded condition and 17 in the condition when loaded with the chest of a 90 kg male subject. The Q factor of the dual-tuned coil at the 3He Larmor frequency (48.62 MHz) was 32 in the unloaded condition and 7 in the loaded condition. Thus, the ratio of Q factor unloaded to loaded condition was 3.5 at the 129Xe Larmor frequency (17.65 MHz) and 4.5 at the 3He Larmor frequency (48.62 MHz). 
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Figure 4.2.3: (a) Matching of the dual-tuned coil at 17.65 MHz and 48.62 MHz, (b) Isolation between the dual-tuned coil and the 1H receiver array (described in chapter 2) over the frequency span of 10 MHz to 80 MHz. Reproduced from (241) with permission, © John Wiley and Sons 2016.

Under the loaded condition, the dual-tuned coil was matched to less than -20 dB at both the ports at both the Larmor frequencies of 129Xe (17.65 MHz) and 3He (48.62 MHz) as shown in Figure 4.2.3 (a). This coil was designed to work with full functionality when the 4-channel 1H chest receiver array (from Section 2.3) was nested inside for in-situ high SNR 1H lung imaging. As such, the isolation between the dual-tuned coil and the 1H array was tested and was less than -15 dB as shown in Figure 4.2.3(b). 
[bookmark: _Toc448424570]RF signal routing and calibration
To route the transmit RF signal (3He-129Xe) from the appropriate T-R switch on the scanner to the dual-tuned coil and to route the received RF signal (3He-129Xe) from the dual-tuned coil back to the appropriate T-R switch on the scanner, a 2kW rated coaxial antenna RF switch (CX-SW2PL, Watson, Essex, UK)) was used. The time period to prescribe calibration values on the spectrometer between the end of imaging a particular nucleus and initiation of the sequence for imaging the next nucleus was less than 4 s. The time required to operate the RF switch manually between acquisitions was 3 s (planned along with switching the spectrometer).
The  of hyperpolarised gases when inhaled in the lungs is sensitive to the oxygen partial pressure in the lung during the breath-hold (228). 3He is more sensitive to this effect. This is due to the fact that the gyromagnetic ratio of 3He is approximately 3 times larger than that of 129Xe, and as such the dipolar coupling to the electrons in the paramagnetic oxygen molecule is stronger. Thus the order of acquisition was 3He followed by 129Xe, followed by 1H.
[bookmark: _Toc448424571]In vivo experiments
All in-vivo imaging with 3He and 129Xe was performed with approval from the National Research Ethics Committee. Lung MRI was performed on a GE whole body 1.5 T Signa® HDx system with 3He and 129Xe gas polarised with spin exchange optical pumping (237).
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Figure 4.2.4: Illustration of flip angle calculation with repeated imaging. The colour bar indicates NMR signal (a.u).
Sensitivity - Flip angle profile
Flip angle maps of the dual-tuned coil at both the 3He and 129Xe frequencies were calculated by measuring the depletion of polarisation of the hyperpolarised gas 3He and 129Xe at each voxel in the lungs by repeated imaging in a breath hold with a 2D spoiled gradient-echo sequence. The imaging parameters for this measurement were:
· 3He: The gas dose was 50 ml (25% polarisation, ~100% of He is 3He), TE = 1.1 ms, TR = 3.6 ms, matrix = 52 (phase) X 44 (frequency), slice thickness = 200 mm, number of slices = 1 and field of view = 40 cm. The flip angle was measured in the coronal plane (2D) with a fast spoiled gradient echo pulse sequence. 6 repeated acquisitions were performed which lasted for 0.9 s.
· 129Xe: The gas dose was 100 ml (25% polarisation, 87% of Xe is 129Xe), TE = 3.6 ms, TR = 18.9 ms, matrix = 52 (phase) X 44 (frequency), slice thickness = 200 mm, number of slices = 1 and field of view = 40 cm. The flip angle was measured in the coronal plane (2D) with a fast spoiled gradient echo pulse sequence. 6 repeated acquisitions were performed which lasted for 2.4 s.
As shown in Figure 4.2.4, the flip angle was calculated from, where  is the initial magnetisation,  is the number of repeated RF pulses, is the voxel location,  is the number of phase encodes before the voxel location  and  is the flip angle.  relaxation was neglected when calculating the flip angle for both gases due to the short acquisition time. Flip angle maps for the dual-tuned coil for the nominal flip angles used (transmit RF power prescribed - 8°~10°) for a triple-nuclear same-breath lung imaging and ADC measurements are shown in Figure 4.2.5(a) for 3He and Figure 4.2.5(b) for 129Xe. The standard deviation of flip angle map was calculated to be 0.7° (mean = 8°) for 3He and 0.3° (mean = 9°) for 129Xe.
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Figure 4.2.5 (a) Flip angle map of the dual-tuned coil for 3He and (b) Flip angle map of the dual-tuned coil for 129Xe. The colour bars indicate the flip angle in degrees. Reproduced from (241) with permission, © John Wiley and Sons 2016.

4.3. [bookmark: _Toc429396954][bookmark: _Toc448424573]Same-breath ADC and Triple-nuclear lung imaging
[bookmark: _Toc448424574]Imaging parameters and gas dose
Imaging was performed on a healthy volunteer (M, 31 y, 185 cm, 89 kg). The gas dosage, imaging and pulse sequence parameters used for all the three nuclei are shown in Table 4.3.1. The hyperpolarised 3He and 129Xe gases were delivered in separate Tedlar bags and were mixed at the mouth-piece at the time of inhalation as illustrated in Figure 4.3.1(b). 3He had a polarisation of 25% (≈100% of He is 3He). 129Xe had a polarisation of 40% (87% of Xe is 129Xe).
	Measurement
	Lung structure and ventilation
	ADC

	Physiological details
	Triple-nuclear, Same-breath
	Dual-nuclear, Same-breath

	RF coil
	Section 2.3 and 4.2
	Section 4.2

	Nucleus
	1H
	3He
	129Xe
	3He
	129Xe

	Dosage (ml)
	-
	350
	500
	300
	500

	Flip angle
	50°
	8°
	9°
	9°
	10°

	TE (ms)
	0.9
	1.1
	3.6
	4.8
	12.5

	TR (ms)
	2.9
	3.6
	18.9
	10
	27

	Matrix
	Phase
	192
	104
	78
	48
	48

	
	Frequency
	256
	80
	64
	64
	64

	Slice thickness (mm)
	15
	15

	Number of slices
	3
	2
	2

	FOV (cm)
	40
	44

	Axis
	2D, Coronal
	2D, Coronal

	Pulse sequence
	Balanced steady state free precession
	Fast spoiled gradient echo
	Fast spoiled gradient echo

	Imaging time (s)
	1
	2
	4
	6
	8

	b Value (s cm-2)
	-
	-
	-
	1.6
	8

	Corresponding Figure
	4.3.2(a)(d)(e)
	4.3.2 (b)(d)
	4.3.2 (c)(e)
	4.3.3 (a)
	4.3.3 (b)


Table 4.3.1: Details of gas mixture-dosage, imaging parameters and pulse sequence used for all the three nuclei.
[bookmark: _Toc429396957][bookmark: _Toc448424575]Triple nuclear (3He, 129Xe and 1H) structure and ventilation lung imaging
For triple-nuclear lung imaging, the dual-tuned 3He -129Xe coil from Section 4.2 and the 1H array from Section 2.3 were nested as shown in Figure 4.3.1(a). To demonstrate imaging of all three nuclei in the same breath, three sets of images were acquired back-to-back in the following order: 3He imaging, followed by 129Xe, followed by 1H. The imaging parameters are shown in Table 4.3.1. 
Same-breath triple-nuclear lung (structure and ventilation) images are shown in Figure 4.3.2. The 1H images in Figure 4.3.2 (a), 3He images in Figure 4.3.2 (b) and 129Xe images in Figure 4.3.2 (c) all acquired in the same-breath, are co-registered as shown in superimposed images in Figure 4.3.2 (d) and Figure 4.3.2 (e).

[bookmark: _Toc429396955][image: ]
Figure 4.3.1: (a) Illustration of 1H array and dual-tuned coil nested for triple nuclear imaging and (b) Picture of the setup on the scanner. The picture indicates the mouth piece and the two Tedlar bags affixed to it. Reproduced from (241) with permission, © John Wiley and Sons 2016.
[bookmark: _Toc448424576]Same-breath ADC (3He and 129Xe) 
For same-breath ADC measurement, the dual-tuned 3He-129Xe coil was wrapped longitudinally as shown in Figure 4.3.1(b), without the 1H array nested inside. To demonstrate same-breath ADC maps, two sets of ADC measurements were acquired back-to-back in a single breath, starting with the 3He ADC measurement followed by the 129Xe ADC measurement. The imaging parameters are shown in Table 4.3.1. The ADC measurement of 3He and 129Xe, performed in the same lung-inflation are shown in Figure 4.3.3. The 3He ADC map is shown in Figure 4.3.3 (a) and 129Xe ADC map in Figure 4.3.3 (b). Figure 4.3.3 (c) shows the pixel-to-pixel correlation between the ADC map of 3He (from Figure 4.3.3(a)) and ADC map of 129Xe (from Figure 4.3.3(b)).
[bookmark: _Toc429396956][image: ]
Figure 4.3.2: (a) 1H images from lungs (b) Same-breath 3He images from lung (c) Same-breath 129Xe images from the lungs (d) 3He images superimposed over 1H images and (e) 129Xe images superimposed over 1H images. Reproduced from (241) with permission, © John Wiley and Sons 2016.
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Figure 4.3.3: Apparent diffusion coefficient measurement (ADC) of 3He-129Xe in same-breath, (a) 3He ADC and (b) 129Xe ADC. The colour bar indicate apparent diffusion coefficient in cm2s-1. (c) Pixel-to-pixel correlation between the ADC map of 3He and ADC map of 129Xe. Subject: Male 33 Y. (a)(b) Reproduced from (241) with permission, © John Wiley and Sons 2016.
[bookmark: _Toc429396959][bookmark: _Toc429396958][bookmark: _Toc448424577]Stand-alone performance for 3D 3He and 3D 129Xe ventilation MRI
To demonstrate the coil’s performance as a stand-alone separate-breath 3He or 129Xe T-R coil (without the 1H array in-situ), high-resolution 3D coronal imaging data sets were acquired with a 3D balanced steady state sequence (242,243). The imaging parameters were; 
3He: gas dose was 200 ml (with 800 ml N2), flip angle = 10°, TE = 0.6 ms, TR = 1.9 ms, matrix = 80 (frequency) X 82 (phase), slice thickness = 4 mm, number of slices = 46, field of view = 40 cm and the imaging time was 7 s; 
129Xe: gas dose was 500 ml (with 500 ml N2), flip angle = 10°, TE = 2.1 ms, TR = 6.4 ms, matrix = 80 (frequency) X 82 (phase), slice thickness = 10 mm, number of slices = 24, field of view = 40 cm and the imaging time was 13 s. 
Volumetric ventilation images from the 3D bSSFP sequence for the coil in operation as a stand-alone transceiver for 3He are shown in Figure 4.3.4(a) and for 129Xe are shown in Figure 4.3.4(b).
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Figure 4.3.4: Hyperpolarised gas images of the lungs from 3D bSSFP sequence with dual-tuned coil in a stand-alone configuration (without 1H array nested): (a) Hyperpolarised 3He gas and (b) hyperpolarised 129Xe gas. Subject: Male 31 Y. Reproduced from (241) with permission, © John Wiley and Sons 2016.
4.4. [bookmark: _Toc429396960][bookmark: _Toc448424578]Discussion
The construction of the dual-tuned coil is in the form of a bib, which enables a close fit to the subject’s thorax irrespective of body type. The two traps on the coil at 47.81 MHz and 63.86 MHz (1H trap) generated three resonant modes at 17.65 MHz (129Xe Larmor frequency), 48.62 MHz (3He Larmor frequency) and 79.2 MHz. The stray resonance at 79.2 MHz does not affect the performance of the coil at 17.65 MHz and 48.62 MHz for two reasons; firstly the frequency is far-off and secondly, the high-pass matching circuit is optimised to match at 17.65 MHz and 48.62 MHz, but does not have a good match at 79.2 MHz (-1.5 dB).  The design was optimised to a typical subject (Male, 31 Years, 89 kg). As the shape/form deviates from the optimal design with other body types, the distributed inductance and the T-R efficiency of the dual-tuned coil changes accordingly. The field homogeneity of the dual Helmholtz design is inherently less than that of a birdcage design (179). Considering the typical anatomy of a torso, the distance between the RF coil and lung air spaces generally increases from superior (upper) to inferior (lower). This means that sensitivity in the lower lung is reduced for two reasons, firstly due to proximity of the conducting elements to the lungs and secondly as the parallel condition for a Helmholtz pair is disrupted. Despite these factors the observed  transmit homogeneity (variation in flip angle, 3% for 129Xe and 9% for 3He) is comparable to the coil described in (223) and is better than the coil described in (16) studies reported previously using single-tuned flexible T-R coils for 3He and 129Xe lung imaging.
As the RF switches are currently manually operated and the spectrometer has an inherent delay time for gain pre-calibration for each nucleus, the method is not currently compatible with repetition time interleaved imaging as demonstrated in an earlier study with same breath 3He-1H lung imaging (82). It should be noted that this limitation is nothing to do with the RF coil design or configuration, but is from the MR system which currently supports only one spectrometer T-R switch (single-nucleus) to be actively connected at any given point in time (in addition to 1H). Both the dual-tuned RF coil (Section 4.2) and the nested 1H array (Section 2.3) are capable of operating simultaneously. If we consider the coil’s operation as part of the system for triple-nuclear imaging, 50~60% of the time (18~20 s of the breath-hold) is consumed by switching the spectrometer between the nuclei. This can be reduced with the appropriate spectrometer software engineering and using electrically driven RF switches like PIN diodes or FETs.
The difference in experimental imaging parameters (such as voxel size) between 3He and 129Xe are due to the difference in the SNR of the two gas images. For the same gas polarisation, at the same B0 (static magnetic field strength), image SNR scales roughly with γ (gyromagnetic ratio) assuming equivalent coil sensitivity. The experimental parameters such as voxel size were optimised accordingly (242). 
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Figure 4.4.1: Illustration of line of interest (LOI) to inspect SNR variation of a particular hyperpolarised gas and its corresponding variation in the flip angle. (a) 3He and (b) 129Xe.
The variation in the flip angle measured is 9% for 3He and 3% for 129Xe (see section 4.2). Any observed asymmetry beyond what can be attributed to the variation/asymmetry in the flip angle is due to the dynamics of distribution and diffusion of the gas mixture as shown in Table 4.3.1.  Though the distribution and diffusion dynamics of 3He and 129Xe in a gas mixture needs further investigation, the observed inhomogeneity can be explained as follows considering the 3He and 129Xe images from Figure 4.3.2(b) and 4.3.2(c). Consider a line of interest (LOI) across the 3He and 129Xe images where the asymmetry is observable as shown in Figure 4.4.1.
Inspecting the variation of signal to noise ratio (SNR) and flip angle along the LOI, we arrive at the profile shown in Figure 4.4.2. As we observe in Figure 4.4.2 (a) (b), the flip angle variation along LOI is 6.8% for 3He and 2.4% for 129Xe (for the 8°~9° flip angle for the ventilation pulse sequence as mentioned in Table 4.3.1). Considering the dual tuned coil is a transmit and receive coil, the sensitivity profile of the received images is modulated twice by the sensitivity, once during transmit and once during receive. The variation in the sensitivity profile of the coil can be approximated as the square of the flip angle ().  Thus, the variation in sensitivity profile of the dual-tuned coil is 13% for 3He and 4.8% for 129Xe (for 8°~9° flip angle for ventilation pulse sequence as mentioned in Table 4.3.1). 
Interestingly, when we compare the  normalised SNR profile of 3He and 129Xe along the line of interest, we observe that the SNR profile is comparable in the right lung. However in the left lung, the SNR profile of 3He and 129Xe are mutually complimenting each other. Where the 129Xe SNR reduces as we move towards the left direction (45-55mm, reference in Figure 4.4.2 (c)), the 3He SNR increases. This indicates a variation in the local concentration of the gases.
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Figure 4.4.2: Signal to noise ratio, flip angle profile and sensitivity profile (considering the dual-tuned coil is a transmit and receive, the sensitivity profile is approximated as square of the flip angle). (a) 3He and (b) 129Xe. (c) Comparing SNR profile of 3He and 129Xe along the line of interest.
For the purpose of illustration of gas distribution in the lung, the SNR profile of 3He and 129Xe was normalised using the maximum signal intensity along the LOI. Further, when the normalised SNR profile of 3He and 129Xe was summed along the LOI we observe a homogenous gas distribution from right to left direction as shown in Figure 4.4.3 (a).
The peak in the signal (right lung) is attributed to the right main bronchus and void in the signal (left lung) is due to the presence of the heart. When the SNR profile along the LOI of 129Xe in a mixture with 3He (as mentioned in Table 3.4.1) is compared with the SNR profile along the LOI of 129Xe imaged when imaged separately as a single inhaled gas (without 3He in the mixture), we observe that the SNR profile is homogenous and the gas is evenly distributed as shown in Figure 4.4.3 (b). Similarly, 3He SNR profile along the LOI is homogenous and the gas is evenly distributed as a single gas (without the 129Xe) when compared to the SNR profile along the LOI of the image of the mixture with 129Xe as shown in Figure 4.4.3 (c). Thus, we attribute the asymmetry observed in the 129Xe image to be primarily due to gas distribution. These findings are highly interesting from the perspective of lung physiology and would never have been elucidated without a custom dual-tuned lung RF coil allowing same-breath imaging of a 3He-129Xe gas mixture. These findings are currently being investigated in future work studying the physiology of gas mixing in the lung with the two gases.
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Figure 4.4.3: (a) Summation of normalised 3He and 129Xe SNR accounted for the volume fraction indicating homogenous gas distribution, (b) comparison of SNR profile of 129Xe in a mixture with 3He and as a single gas and (c) comparison of SNR profile of 3He in a mixture with 129Xe and as a single gas.
The free diffusion coefficient of 3He in air is 0.88 cm2s-1 (53,244), in this study of same-breath ADC of the gas mixture we report 0.85 cm2s-1 for 3He in the trachea (approximated for free-diffusion). The free diffusion of 129Xe is 0.14 cm2s-1 (53), in this study we report 0.22 cm2s-1 for 129Xe in the trachea. It is assumed that the higher measured ADC value for 129Xe in the trachea, we presume is due to its mixture with the highly diffusive 3He (245). Future work is to study the diffusion coefficients of 3He and 129Xe with the variation in gas mixture and multi-nuclear multi-breath washout.
In contrast to previous triple-nuclear same-breath lung imaging experiments which were demonstrated at 3T on a Philips system using the 1H body T-R coil, a 3He birdcage T-R coil and a nested 129Xe T-R vest coil (82), the design used in this study at 1.5T has several potential benefits. Mainly from the coil perspective, the use of the dual-tuned 3He-129Xe coil minimises the number of individually tuned coils and the nested 1H array improves the 1H SNR by closer proximity to the lung than the system body coil. Future applications of this triple-nuclear RF system for clinical lung MRI and research on lung physiology are manifold and allow the different physical and physiological properties of the two gases to be explored in the same time course with added provision of high-quality and co-registered 1H structural images.


5. [bookmark: _Toc448424579]Spectroscopy and MR imaging of hyperpolarised 129Xe dissolved in human brain
5.1. [bookmark: _Toc448424580]Introduction
Hyperpolarised (HP) 129Xe when inhaled in the lungs, promptly dissolves (diffuses) into the blood by diffusive gas exchange across the alveolar-capillary membrane (4,29,55,246,247). The fraction that dissolves in the blood is determined by the blood-gas partition coefficient of xenon (24,248) and the ratio of ventilated (tidal) volume to pulmonary blood volume (47). In addition, the amount of HP 129Xe dissolved also depends on the capillary perfusion and the gas exchange surface determined by factors such as alveolar structure and lung inflation state. Dissolved HP 129Xe is then transported to distal organs through the systemic circulation. The  relaxation of HP 129Xe in the human blood is sufficiently long to be detected in distal organs (30,31). Typical values for  relaxation of HP 129Xe in the human blood are 7 s and 2.8 s for arterial (oxygenated) blood and venous (deoxygenated) blood, respectively (31). Figure 5.1.1 provides an illustration of xenon delivery to the brain tissues from the lung.
To understand the kinetics of xenon delivery to the brain tissues, it is necessary to understand the cerebral blood circulation. Ibaraki et al (249) have summarised the measurement of mean transit time () of blood in the brain through tracer kinetic theory. Though earlier studies (250-256) have reported a wide ranges of values for the cerebrovascular from 2 s to 8 s, recent studies (249,257,258) have measured more consistent values for the cerebrovascular between 3.5 s and 4.5 s. The is sufficiently long to allow 129Xe to diffuse (dissolve) into different compartments of the brain from the cerebral blood supply. When dissolved in the human brain, 129Xe exhibits a wide range of chemical shift providing distinct resonances that have been attributed to brain tissue (grey matter, white matter), fluids (cerebrospinal fluid, body interstitial fluid), lipids, muscle and blood (29,34-36,120-123).
Exploiting the chemical shift property of 129Xe, this chapter compiles novel experimental methodology and results that establish HP 129Xe as an imaging agent for imaging brain tissue gas uptake (HP 129Xe dissolved in grey and white matter).  As the 129Xe is delivered to the brain by cerebral blood circulation, applications of dissolved xenon brain imaging could be in the evaluation of brain ischemia, vascular abnormality and brain tumour perfusion.
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Figure 5.1.1: Schematic representation of xenon (HP 129Xe) inhaled in the lungs and transferred to the brain tissue. Legends: (1) HP 129Xe inhaled, (2) HP 129Xe reservoir in the lungs, (3) HP 129Xe dissolved in blood, (4) HP 129Xe transferred to the distal organs through systemic circulation, (5) HP 129Xe dissolved in cerebral blood, (6) HP 129Xe dissolved in grey matter and (7) HP 129Xe dissolved in white matter.  is the  relaxation time of HP 129Xe (gas-phase) in the lung reservoir.  is the  relaxation time of HP 129Xe dissolved in arterial blood. and   are the  relaxation times of HP 129Xe dissolved in grey matter and white matter respectively.  is the cerebral blood flow for grey matter.  is the cerebral blood flow of white matter.  is the mean transit time for cerebral blood in the brain.  is the Oswald’s solubility blood-gas partition coefficient of xenon.  and  are the Oswald’s solubility grey matter - blood and white matter – blood partition coefficient of xenon.

5.2. [bookmark: _Toc448424581]Birdcage transmit-receive RF coil for 129Xe for brain (head) application
[bookmark: _Toc448424582]Design of birdcage RF coil
For the construction of the RF coil, a rigid mechanical former was recycled from an obsolete 1H birdcage head coil. An 8-leg birdcage coil of band pass topology was constructed with 289.5 pF (270 pF + 18 pF + 1.5 pF) on the legs and 1000 pF on the end ring as shown in Figure 5.2.1 (a). The birdcage coil was driven in quadrature mode. The end ring diameter was 305 mm and length of the legs were 300 mm as shown in Figure 5.2.1 (b). The capacitors used on the birdcage RF coil were of 10C package (Dalian Dalicap Technology Co., Ltd, Dalian, China). For the application a plastic foam was used to position the head in the centre of birdcage as shown in Figure 5.2.1 (c).
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Figure 5.2.1: (a) Schematic of the 129Xe head birdcage RF coil, (b) Photograph of the 129Xe head birdcage RF coil and (c) Application of the 129Xe head birdcage RF coil whereby, the subject’s head is positioned with help of a plastic foam. Manuscript accepted, DOI:10.1002/mrm.26241.

[bookmark: _Toc448424583]RF measurements of birdcage RF coil
RF measurements were performed with an Agilent 5061B Network Analyser (Keysight Technologies, Santa Rosa, CA). The Q factor of the birdcage RF coil in the unloaded condition was 270 and in the loaded condition was 86. Thus, the ratio of Q factor in the unloaded condition to loaded condition was 3.1. The isolation (transfer coefficient, Sij, (i≠j)) between the in-phase and the quadrature-phase ports of the birdcage RF coil was -15 dB.
[bookmark: _Toc448424584]Flip angle measurement of birdcage RF coil
The RF power required for the desired flip angle was calculated based on a standard calibration procedure, whereby the rate of depletion of polarisation is calculated from the decay of signal resulting from a set of hard RF pulse-acquires of equal amplitude. To calculate the variation in flip angle, a tube with 6 mm inner diameter was filled with HP 129Xe and positioned laterally to the RF coil as shown in photograph in Figure 5.2.2 (a).
[image: ]
Figure 5.2.2: Flip angle measurement of the RF birdcage coil. (a) A tube with 6 mm inner diameter filled with HP 129Xe and positioned laterally to the RF birdcage coil and (b) Depletion of polarisation at 5th, 15th, 25th and 35th RF pulse, and flip angle profile for a 90° RF pulse. Manuscript accepted, DOI:10.1002/mrm.26241.
The length of the tube was 36 cm and covered the whole width (diameter) of the RF coil. With spatial encoding applied only in the frequency encoding direction (anterior to posterior) using a fast spoiled gradient echo sequence, a flip angle profile along the diameter of the RF coil was calculated by measuring the depletion of polarisation of the HP 129Xe at each voxel (along the tube) as shown in Figure 5.2.2(b). Acquisition parameters were, 129Xe at 25% polarisation (87% of Xe is 129Xe), TE = 3.6 ms, TR = 18.9 ms, matrix = 1 (phase) X 44 (frequency), slice thickness = 200 mm, number of slice = 1 and field of view = 44. Flip angle was measured in the axial plane (2D) with a fast spoiled gradient echo pulse sequence that lasted 2.4 s. 39 repeated acquisitions were performed. relaxation and gas diffusion-related signal modulation was neglected when calculating the flip angle. Figure 5.2.2(b) shows the depletion of polarisation at the 5th, 15th, 25th and 35th RF pulse. For a 90° RF pulse, the standard deviation of the flip angle was 5.9° or 6.56 %.  The flip angle profile for a 90° RF pulse is shown in Figure 5.2.2 (b).
[bookmark: _Toc448424585]Discussion
This prototype birdcage RF coil did not have 1H traps fitted (or equivalent), which restricted the use of high power with the 1H body coil with this coil in situ. Future work is to add detuning circuits in order to make the coil compatible with a 129Xe receiver array RF coil.
5.3. [bookmark: _Toc448424586]Spectroscopy and Chemical Shift imaging of HP 129Xe dissolved in human brain
All of the in-vivo imaging with 129Xe was performed with approval from the National Research Ethics Committee under a protocol for the evaluation of novel MRI methods to image xenon in the lungs, brain and heart of volunteers. MRI experiments were performed on a GE whole body 1.5 T Signa® HDx system using a home-built quadrature birdcage coil described in the previous section. Experiments were conducted following inhalation of xenon from 1L Tedlar bags. The 129Xe gas was polarised with spin exchange optical pumping (237). In vivo experiments were conducted on 3 healthy make volunteers with the mean age of 29 years and standard deviation of 3 years.
[bookmark: _Toc448424587]129Xe gas-phase resonance frequency
To measure the chemical shift characteristics of the different compartments of hyperpolarised 129Xe dissolved in the brain (tissue, blood, interstitial fluid), it was first essential to establish the Larmor (resonant) frequency of 129Xe in the gas-phase (in vitro) under typical experimental conditions. With a FID pulse-acquire sequence, hard RF pulse, flip angle ≈ 90°  and 2.4 kHz bandwidth centred at 17657300 Hz, a 129Xe gas-phase spectrum was acquired. The Larmor frequency of 129Xe gas-phase under typical experimental condition was measured to be 17657302.4 Hz as shown in Figure 5.3.1. The chemical shift reported in this research are systematically expressed relative to the Larmor frequency of 129Xe measured in the gas-phase at 17657302 Hz (= 0 ppm). Under these typical experimental settings, it should be noted that the position of the gas-phase 129Xe Larmor frequency can change with the actual position of the sample within the MR system due to  inhomogeneity including magnet-object shim and the bulk susceptibility of human subjects.
[image: ]
Figure 5.3.1: Larmor frequency of 129Xe in the gas-phase measured from the HP 129Xe gas in the Tedlar® bag. A single-shot magnitude spectrum acquired with a centre frequency of 17657300 Hz, and the frequency offset of the Larmor (resonant) frequency of 129Xe gas-phase is indicated.

[bookmark: _Toc448424588]High resolution spectroscopy of HP 129Xe dissolved in human brain in vivo
Two high-resolution spectra of HP 129Xe dissolved in the human (whole) brain were acquired with a FID hard pulse-acquire sequence without slice-selection on the RF pulse. For the first spectrum, the xenon gas dose of 1 L (87% of Xe is 129Xe with 25~30% polarisation) was administered to the subject by inhalation via a Tedlar® bag. The acquisition was performed under breath-hold commencing immediately after the inhalation of the gas and lasted for 20 s thereafter. After the inhalation of the gas from the bag, the bag with residual gas was placed on the neck (also near the end-ring of the RF birdcage coil) of the subject in order to obtain a reference HP 129Xe gas-phase spectrum. 20 discrete FIDs were acquired with a flip angle of 20° and TR of 1 s between any two consecutive acquisitions. The transmit RF pulse duration was 500 µs with the excitation bandwidth of 2 kHz. The centre frequency of the spectrum was set to 197.93 ppm downfield (17660800 Hz) from the 129Xe gas-phase resonance and the receiver bandwidth was 674.16 ppm (11.9 kHz). The spectral resolution was 0.16 ppm (2.9 Hz) with 4096 points in the spectrum. All the 20 spectra thus acquired were corrected for initial phase and averaged (complex spectra) to improve the signal-to-noise ratio (SNR). No spectral line broadening filters were applied. The resulting averaged whole brain spectrum of HP 129Xe dissolved in the human brain acquired with 675 ppm receiver bandwidth is shown in Figure 5.3.2 (a). 
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Figure 5.3.2: Magnitude spectra of HP 129Xe dissolved in human brain, acquired in vivo.
(a) Averaged spectrum with wide bandwidth (674.16 ppm) and a spectral resolution of 0.16 ppm.
(b) Averaged spectrum with higher resolution (0.033 ppm) and a bandwidth of 136.09 ppm. 
Note: (a) and (b) are two separate acquisitions in the same subject. Subject: Male, 31 years. Manuscript accepted, DOI:10.1002/mrm.26241.
The spectrum has two distinct peaks near 0 ppm. The peak at -0.7 ppm is from the Tedlar® bag containing the residual gas. The 129Xe gas-phase resonance differs by -0.7 ppm (instead of 0 ppm) due to  inhomogeneity as the Tedlar® bag is not positioned at the isocentre and due to bulk susceptibility shifts related to the subject’s head. The peak at -2.8 ppm is from 129Xe gas in the lungs is due to a combination of effects, including; bulk magnetic susceptibility shift effects (246), the chemical shift associated with mixing with oxygen (259),  and the fact that while an average adult head is positioned at the isocentre of the static magnetic field, the lung will eventually lie far away from the isocentre at a lower static magnetic field strength than the isocentre and would experience a lower Larmor frequency. Near the centre frequency of the spectrum, there are 5 distinct dissolved 129Xe peaks (188.4 ppm, 192.7 ppm, 195.6 ppm, 199.6 ppm and 217.2 ppm).
For the second spectrum, the xenon gas dose for the acquisition was 1 L (87% of Xe is 129Xe with 25~30% polarisation). The acquisition was performed under breath-hold, commencing 4 s after the inhalation of the gas and lasted for 20 s thereafter. 10 discrete FIDs were acquired with TR of 2 s between any two consecutive acquisitions. The flip angle was 45°. The transmit RF pulse duration was 500 µs with the excitation bandwidth of 2 kHz. The centre frequency of the spectrum was at 197.93 ppm downfield (17660800 Hz) from 129Xe gas-phase resonance and the receiver bandwidth was 136.09 ppm (2403 Hz). The spectral resolution was 0.033 ppm (0.58 Hz) with 4096 points in the spectrum. The 10 spectra were corrected for initial phase and the complex spectra were averaged. No spectral line broadening filters were applied. The averaged whole brain spectrum HP 129Xe dissolved in the human brain with 0.033 ppm resolution is shown in Figure 5.3.2 (b). The spectrum has several peaks at 216.2 ppm, 199 ppm, 195.4 ppm, 192. 5 ppm and 187.2 ppm. On closer inspection, it can be seen that the peak at 187.2 ppm is actually made up of two closely spaced peaks at 186.7 ppm and 187.7 ppm.
[bookmark: _Toc448424589]Chemical-shift imaging and association to chemical environment
In order to associate the observed chemical shifts to the particular dissolved-phase compartment in the human brain, the spectrum was spatially resolved with a 2D axial, sagittal and coronal chemical shift imaging (CSI) experiments. Phase-encoding was applied in the anterior-posterior and right-left direction for the axial plane, anterior-posterior and superior-inferior direction for the sagittal plane and right-left and superior-inferior direction for the coronal plane. FIDs were acquired for each of the phase-encode steps with a pulse-acquire sequence without slice selection. The transmit RF pulse duration was 500 µs with the transmitter bandwidth of 2 kHz. The delay time incurred by the phase encode gradient was 1592 µs (including 296 µs of ramp up and ramp down time each). The centre frequency of the spectrum was 197.93 ppm downfield (17660800 Hz) and the receiver bandwidth was 136.05 ppm (2403 Hz). The spectral resolution was 2.1 ppm with 64 sample points per spectrum. The flip angle was 10° and TR was 45 ms. The matrix size of 12 x 12 and FOV of 24 cm resulted in 144 phase-encoded spectra at an in-plane voxel resolution of 2 cm x 2 cm over the FOV.
The xenon gas dose for this acquisition was 1 L (87% of Xe is 129Xe with 25~30% polarisation). The acquisition was performed under breath-hold, commencing at 16 s after the inhalation of the gas and lasted for 6.4 s thereafter. For the purpose of illustrating that the SNR of the individual spatially resolved spectra is sufficient for quantitative and qualitative regional spectroscopy, one spatially resolved spectrum (at arbitrary locations) for each of the planes are shown in Figure 5.3.3. As can be observed in Figure 5.3.3, the SNR of individual spatially-resolved spectra is sufficient that the peaks observed at 188 ppm, 192 ppm, 196 ppm, 200 ppm and 217 ppm can be adequately distinguished from each other and are clearly prominent above the noise floor. A rough estimate for SNR, measured as the ratio of the signal of the prominent peak to the standard deviation of the noise floor was 45. The chemical shift values observed here (Figure 5.3.3) are marginally different from the chemical shift values reported in Figure 5.3.2. This is due to the considerable difference in the spectral resolution between the two acquisitions. In addition, it can be observed that some of the known five peaks seen in the whole brain spectrum (from Figure 5.3.2) are absent in each of the spectra in Figure 5.3.3. This is indicative that the particular solvent (compartment, chemical environment) that would provide that particular chemical shift value (peak) is not present at that particular voxel location. Spatially resolved spectra from 2D chemical shift imaging (axial, sagittal and coronal plane) of HP 129Xe dissolved in the human brain superimposed on reference 1H images are shown in Figure 5.3.4 (a), (b) and (c).
For the purpose of association of a particular chemical shift value to a particular brain compartment (solvent), the peaks (at chemical shift value of 188 ppm, 192 ppm, 196 ppm, 200 ppm and 217 ppm) from the spatially resolved spectra were used to produce a chemical shift image superimposed (using colour) on a reference 1H image. Each pixel of the HP 129Xe chemical shift image represents the maximum value of a particular chemical shift peak at that spatial location. A threshold (higher than noise floor) was applied on the 2D CSI images of dissolved HP 129Xe to eliminate background noise. The threshold for each of the 2D CSI images were determined and applied individually. 
1H brain images were also acquired (in each of the three planes) with an inversion recovery gradient echo pulse sequence in a separate scan with the same (24 cm) FOV as the 2D chemical shift images of dissolved HP 129Xe.  The imaging parameters were, TE = 5.2 ms, TI = 450 ms, TR = 12.4 ms, bandwidth = 15.6 kHz, slice thickness = 1.6 mm and matrix size = 512 X 512.
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Figure 5.3.3:  Individual spectra from the 2D chemical shift imaging experiment at different (arbitrary) locations in the head. (a) Axial plane spectrum, where peaks at 188 ppm, 194 ppm and 217 ppm were present, (b) sagittal plane spectrum, where peaks at 189 ppm, 196 ppm and 200 ppm were present and (c) Coronal plane spectrum, where peaks at 192 ppm and 196 were present. Subject: Male, 31 years. Manuscript accepted, DOI:10.1002/mrm.26241.
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Figure 5.3.4 (a): Spatially resolved spectra from axial 2D chemical shift imaging of HP 129Xe dissolved in the human brain superimposed on 1H reference image. Subject: Male, 31 years. Manuscript accepted, DOI:10.1002/mrm.26241.
[image: C:\Madhwesha\MyActivities\MyAbstracts\MRM3\ProofCorrections\SagSel_allspectra.tif]
Figure 5.3.4 (b): Spatially resolved spectra from sagittal 2D chemical shift imaging of HP 129Xe dissolved in the human brain superimposed on 1H reference image. Subject: Male, 31 years. Manuscript accepted, DOI:10.1002/mrm.26241.
[image: C:\Madhwesha\MyActivities\MyAbstracts\MRM3\ProofCorrections\CorSel_allspectra.tif]
Figure 5.3.4 (c): Spatially resolved spectra from coronal 2D chemical shift imaging of HP 129Xe dissolved in the human brain superimposed on reference 1H image. Subject: Male, 31 years. Manuscript accepted, DOI:10.1002/mrm.26241.
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Figure 5.3.5: Peak at 188 ppm (muscular tissue) spatially resolved and superimposed (colour) on 1H reference image (grey scale) in all the three planes. Colour bars represent arbitrary units normalized to the maximum NMR signal intensity of hyperpolarized 129Xe dissolved in the grey matter. Subject: Male, 31 years. Manuscript accepted, DOI:10.1002/mrm.26241.
Based on the anatomical distribution of the signals, we propose the association of each individual peak to a chemical environment (compartment of the brain) as follows:
188 ppm: From Figure 5.3.5, the peak at 188 ppm appears to be most intense in the anterior region in the axial plane. The sagittal plane image indicates that most of the signal from this peak arises from regions below the eyes, above the jaw and between the nose and ears. In the coronal plane image, it is clear that the intensity is approximately symmetric on both sides of the head (right and left). In addition, this image shows that some fraction is located at the midbrain/brain stem. From Figure 5.3.5, the peak at 188 ppm is made up of two closely spaced peaks. Thus, we allocate the peak at 188 ppm to HP 129Xe dissolved in the tissue in cheek muscle and the tissue in the midbrain/brain stem, consistent with earlier studies (34,36,37).
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Figure 5.3.6: Peak at 192 ppm (white matter) spatially resolved and superimposed (colour) on 1H reference image (grey scale) in all the three planes. Colour bars represent arbitrary units normalized to the maximum NMR signal intensity of hyperpolarized 129Xe dissolved in the grey matter. Subject: Male, 31 years. Manuscript accepted, DOI:10.1002/mrm.26241.
192 ppm:  From Figure 5.3.6, it can be observed that the peak at 192 ppm appears to be predominantly arising from 129Xe dissolved in the brain, both supra and infra-tentorial. In the axial plane, the peak at 192 ppm is most intense in the cerebral hemisphere with visible tracts. Similarly, in the coronal plane image, the peak at 192 ppm appears to be most intense in the central brain, again with visible tracts. In the sagittal plane image, in addition to cerebrum, the peak at 192 ppm arises from 129Xe dissolved in the nasal cavity and lip. Thus, it can be postulated that the peak at 192 ppm is contributed to by HP 129Xe dissolved in white matter (Commissural and Projection tracts) and cartilaginous soft-tissue, consistent with earlier studies (34-36).
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Figure 5.3.7: Peak at 196 ppm (grey matter) spatially resolved and superimposed (colour) on 1H reference image (grey scale) in all the three planes. Colour bars represent arbitrary units normalized to the maximum NMR signal intensity. Subject: Male, 31 years. Manuscript accepted, DOI:10.1002/mrm.26241.
196 ppm: Figure 5.3.7 shows that the peak at 196 ppm appears to be predominantly composed of 129Xe in the brain. It can be clearly seen in all the three planes that the peak not only emanates from the brain but also does not appear anywhere else in the head. Thus it can be concluded that the peak at 196 ppm pertains to HP 129Xe dissolved in the grey matter, consistent with earlier studies (34-36).
Figure 5.3.8 shows the spectrum from Figure 5.3.2(b) split into its constituent real and imaginary parts. The spectrum has been corrected for the initial phase of the real part of the spectrum using 195.4 ppm (grey matter) as reference. Unlike the case of an isolated bag of gas, in the human brain in vivo it is necessary to consider that 129Xe will continuously exchange with other compartments of the brain with which it shares a gas exchange pathway (cerebral blood, white matter, body interstitial fluid and cerebrospinal fluid). Existence of any such chemical exchange will broaden the line width of the peaks pertaining to the regions under exchange (20,260). Nevertheless, under these conditions the FWHM of the spectrum will provide a lower limit estimate of for the whole head. The FWHM of the peak (grey matter) was 36 Hz, which would mean.
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Figure 5.3.8: Phase-corrected real and imaginary parts of the spectrum of HP 129Xe dissolved in human brain in vivo with a spectral resolution of 0.033 ppm and bandwidth of 136.09 ppm. Manuscript accepted, DOI:10.1002/mrm.26241.
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Figure 5.3.9: Peak at 200 ppm (fluids, fat outside the brain) spatially resolved and superimposed (colour) on 1H reference image (grey scale) in all the three planes. Colour bars represent arbitrary units normalized to the maximum NMR signal intensity of hyperpolarized 129Xe dissolved in the grey matter. Subject: Male, 31 years. Manuscript accepted, DOI:10.1002/mrm.26241.
200 ppm: From Figure 5.3.9, the peak at 200 ppm appears to be predominantly due to 129Xe located in the anterior region of the head, as seen from the axial plane image. In the sagittal plane image, the peak at 200 ppm appears to originate from between the eyes and ears, and extends below towards the jaw. In the coronal plane image, the signal appears to arise from the centre of the head. In all of the three planes the signal associated with peak appears to be arise from the ventricles. The peak at 200 ppm represents HP 129Xe dissolved in interstitial fluid, cerebrospinal fluid and fat outside the brain, consistent with earlier studies (27,28,34,36).
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Figure 5.3.10: Peak at 217 ppm (red blood cells) spatially resolved and superimposed (colour) on 1H reference image (grey scale) in all the three planes. Colour bars represent arbitrary units normalized to the maximum NMR signal intensity of hyperpolarized 129Xe dissolved in the grey matter. Subject: Male, 31 years. Manuscript accepted, DOI:10.1002/mrm.26241.
217 ppm: From Figure 5.3.10, in all the three planes, the only location where the peak at 217 ppm shows considerable signal intensity is at the location of the Circle of Willis and its main branches. The peak at 217 ppm is therefore allocated to HP 129Xe dissolved in the RBC in blood, consistent with earlier studies (28-32). Note the broader line width of the peak from RBC is due to exchange with plasma due to the constant contact of the two compartments in the blood. A summary of the peaks observed along with their association is shown in Figure 5.3.11.
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Figure 5.3.11: Spectrum annotated with the peaks of 129Xe in the brain.
[bookmark: _Toc448424590]Discussion
	Chemical shift (ppm)
	Association in this study
	Earlier studies

	187.2
	Cheek muscle and brain stem
	(34,36,37)

	192.7
	White matter and mucus or soft-tissue
	(34-36)

	195.6
	Grey matter
	(34-36)

	199
	Aqueous solution (cerebrospinal fluid, body interstitial fluid)
	(27,28)

	217.2
	Red blood cells
	(28-32)


Table 5.3.1: Assignment of different peaks of 129Xe dissolved in the human head to particular chemical environments, supported by references to previous works.
This is the first time 5 distinct 129Xe peaks have been observed in human brain spectroscopy, earlier studies have observed 5 distinct peaks in rats (34,36), however only one or two peaks have been previously detected from 129Xe in the human head at 3.0 T, using spectra of significantly lower SNR than in this study (29,35). In addition, in this study we have observed that one of the five peaks (187.2 ppm) is made up of two closely spaced peaks, a finding that has not been reported before. The association of the chemical shift values to the particular chemical environments in this study is consistent with earlier studies, including in vivo measurements of 129Xe in the human and rat brain and in vitro studies of 129Xe dissolved in the human blood. Earlier studies have suggested the following peak assignments: peak at 217.2 ppm to red blood cells (28-32), peak at 199.6 ppm to aqueous solution (cerebrospinal fluid, interstitial fluid in this study) (27,28), peak at 195.6 to grey matter (34-36), peak at 192.7 ppm to white matter (and mucus or soft-tissue in this study) (34-36) and peak at 187.2 ppm to muscle (34,36,37). A summary of our proposed peak assignments and relevant references is shown in Table 5.3.1.
The peaks seen in whole brain spectroscopy and their spatial distribution from CSI, were found to be consistent between the subjects as shown in Figure 5.3.12. The SNR of the obtained spectra was found to be somewhat variable between the subjects. Since SNR is limited by the quantity and polarization of  129Xe delivered to the brain by the systemic blood circulation, any variability in the polarization of the SEOP process, gas dose inhaled or losses related to different lung-to-brain transit times will affect the observed SNR. Assessment of these factors, their variability and their effect on measured spectroscopic SNR of dissolved 129Xe in the brain is the subject of future work.
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Figure 5.3.12: Chemical shift images of the spectral peak at 195.5 ppm assigned to 129Xe dissolved in gray matter, subject: (a) male 25 years and (c) male 30 years. Spectra (real part) of HP 129Xe dissolved in the human brain in vivo acquired with same acquisition parameter as high resolution spectrum. Subjects: (b) male 25 years and (d) male 30 years. Manuscript accepted, DOI:10.1002/mrm.26241.




5.4. [bookmark: _Toc448424591]Imaging hyperpolarised 129Xe dissolved in the human brain
The uptake of HP 129Xe into the brain tissue (grey matter) was investigated by acquiring several discrete spectra with low flip angle and low TR (fixed), and then by plotting the peak signal at 195.4 ppm for grey matter as a function of time. This acquisition was performed with an inhaled xenon gas dose of 500 mL (87% of Xe is 129Xe with 40~50% polarisation, note the improved polarisation levels to previous experiments due to a new high-power laser). The acquisition was performed under breath-hold, which commenced immediately after the inhalation of the gas and lasted for 50 s thereafter. Without any obligation to hold the breath throughout the acquisition the subject resumed normal breathing after 25 s, half-way through the acquisition. In total, 100 discrete FIDs were acquired with a TR of 0.5 s between any two consecutive acquisitions. The flip angle was 8°. The transmit hard RF pulse duration was 500 µs with an excitation bandwidth of 2 kHz. The centre frequency of the spectrum was at 197.93 ppm downfield (17660800 Hz) from 129Xe gas-phase resonance and the receiver bandwidth was 67.89 ppm (1199 Hz). The spectral resolution was 0.26 ppm (4.68 Hz) with 256 points in the spectrum.
The obtained signal from the grey matter peak as a function of time is shown in Figure 5.4.1 (a). During the first 25~30 s (until the subject resumed normal breathing), the signal time course has a cumulative decay which we believed to be determined by the combined mechanisms of  relaxation of HP 129Xe gas in the lung,  relaxation of HP 129Xe dissolved in the blood and grey matter along with polarisation destroyed by every RF pulse. (See next chapter for further details).
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Figure 5.4.1: Imaging HP 129Xe dissolved in the human brain in vivo. (a) Time course of signal from HP 129Xe dissolved in the grey matter (integrated over ±0.5 ppm), (b) Spectra of HP 129Xe dissolved in the brain acquired at 8 s, 16 s and 24 s after inhalation of the gas dose, (c) Spoiled gradient echo images of HP 129Xe dissolved in the brain acquired at 8 s, 16 s and 24 s after the inhalation of the gas dose, (d) Average of the three images shown in (c), (e) Image shown in (d) after application of certain thresholds (contours at noise, lower NMR signal intensity and higher NMR signal intensity) and (f) 1H brain image with contrast for the grey matter (and segmented) for anatomical reference acquired at approximately the same anatomical location as the image in (d). (a) and (b) are separate acquisitions.

	Table reference-column
	(a)
	(b)
	(c)
	(d)

	Subject
	M, 31 Y
	M, 24 Y

	Gas dosage (ml)
	800
	1000

	Polarisation
	87% of Xe was 129Xe with 40~50% polarisation

	Number of samples
	3
	4
	3
	4

	Time interval between samples (s)
	8
	6
	8
	6

	Plane (2D)
	Axial
	Sagittal
	Axial

	Pulse sequence
	SPGRE. Cartesian k-space, centric ordered. Slice selective sinc RF pulse.

	Centre frequency (Hz)
	17660800

	TE (ms)
	1.7
	1.5

	TR (ms)
	34
	8.5
	34
	8.5

	Flip angle
	12.5°
	14°
	12°
	12.5°

	BW (kHz)
	4
	8

	FOV (cm)
	22

	Slice thickness (mm)
	50

	Matrix (frequency X phase)
	32 X 32
	48 X 48

	Number of slices
	1

	Corresponding Figure (average)
	5.4.1 (c), (d)
	5.4.3 (b)
	5.4.3 (c)
	5.4.3 (a)


Table 5.4.1: Imaging parameters for the gradient echo sequence used for imaging HP 129Xe dissolved in the human brain.
To image the HP 129Xe dissolved in the human brain tissue (grey matter), a trade-off between allowing a sufficient time-interval for 129Xe to infuse into the brain tissue and the depolarisation of HP 129Xe through  relaxation (in the gas, blood and brain tissue compartment) is needed. Figure 5.4.1 (b) shows 3 discrete spectra acquired with a time-gap of 8 s between pulsing with a 90° flip angle. Other parameters are the same as in the spectroscopy experiments described earlier (Figure 5.4.1 (a)). It is noteworthy that Figure 5.4.1 (b) clearly demonstrates that the power in the spectrum is dominated by the peak of 129Xe in grey matter, hence we expect a frequency encoded image to be dominated by this signal. The experiment was then repeated with spatial encoding with the aim of imaging HP 129Xe dissolved in the grey matter. Three images of HP 129Xe dissolved in the grey matter were acquired with a gradient echo pulse sequence and time-gap of 8 s between the acquisition. The imaging parameters for the acquisition are detailed in Table 5.4.1 column (a). The three images acquired at 8 s, 16 s and 24 s after the inhalation of HP 129Xe gas dose under the breath-hold are shown in Figure 5.4.1 (c). To improve the SNR the three time-resolved images were averaged as shown in Figure 5.4.1 (d).
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Figure 5.4.2: Illustration of application of thresholds to the image of HP 129Xe dissolved in the grey matter. The plot is a histogram of signal intensities in the image. Distribution at lower signal intensities corresponds to noise and thresholding was applied to filter this.
For anatomical reference, 1H MR images with enhanced contrast for grey matter were obtained with an inversion recovery gradient echo pulse sequence. The imaging parameters were, axial plane, TE = 3.6 ms, TI = 300 ms, TR = 7.72 s (8 echoes), bandwidth = 25 kHz, FOV= 22 cm, slice thickness = 4 mm (38 slices) and matrix size = 352 (frequency) X 224 (phase). The images were further segmented by applying threshold. Of all the slices thus acquired, those slices that corresponded to the anatomical region of the slice acquired for the HP 129Xe brain imaging were maximum-intensity projected together to form a single thick slice, for ease of comparison with the HP 129Xe brain image as shown in Figure 5.4.1 (f). The axial image of HP 129Xe dissolved in grey matter in Figure 5.4.1 (d) and the anatomical reference 1H image in Figure 5.4.1 (f) are from the same subject, at the same (approximate) anatomical location. When particular thresholds were applied to the image of HP 129Xe dissolved in the grey matter (Figure 5.4.1 (d)) as illustrated in Figure 5.4.2, we arrive at the image shown in Figure 5.4.1 (e). By visual inspection, the thresholded image in Figure 5.4.1 (e) matches well with the segmented 1H anatomical image with contrast to grey matter in Figure 5.4.1 (f). 
The repeatability of the experiment was assessed with some variation in the imaging parameters (time-gap between the acquisitions) and additional 129Xe brain images were acquired in the axial and sagittal plane. The imaging parameters for additional HP 129Xe brain images are detailed in Table 5.4.1(b)-(d). In each of the HP 129Xe brain imaging exams, multiple 129Xe brain images acquired within the exams were averaged. The images are shown in Figure 5.4.3.
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Figure 5.4.3: Images of HP 129Xe dissolved in the human brain in vivo acquired in various planes. (a) Axial (subject:  male, 24 years), (b) axial (subject:  male, 31 years) and (c) sagittal (subject:  male, 31 years).
[bookmark: _Toc448424592]Discussion
Although previous studies have been conducted to image HP 129Xe dissolved in rat brain tissue, all the studies were conducted in the anaesthetised state (120-123) with the animals on a steady state constant inhalation of hyperpolarised xenon. It has been observed earlier that the cerebral blood flow (CBF) does not change in rats under stable-anaesthetised state (43,44), unlike in humans. In humans, as xenon infuses into the brain tissue, the cerebral blood flow reduces in grey matter and increases in white matter (25,45). However, a measurable/significant change in human CBF is only observed when the subject is in a stable anaesthetised state, which requires 30 minutes of continuous breathing of xenon (45). The reduction in CBF is mainly attributed to the decrease in metabolism in the cortex (grey matter) under stable anaesthesia. For the initial few seconds (30~40s) as in the case of the breath hold experiments here, CBF or autoregulation are not affected as the partial pressure of CO2 and the metabolism in the cortex is unaltered (25,44,46). Thus, it is neither possible to translate the results of earlier studies (120-123) conducted in rats for human clinical studies presented here, nor is it practical to conduct human studies using the same protocol as in the rat studies. The imaging in this study is therefore limited by the quantity of 129Xe that is transported and diffused into the brain tissue before the polarisation decays and the spectroscopic experiments performed here served as an empirical basis for the subsequent optimisation of these brain imaging experiments. Furthermore, the lung-to-brain transit time in rodents is much shorter than that in humans, meaning that  decay due to transit in the blood ( ≈ 7 s) is less (31). For these reasons imaging xenon in human brain is more challenging from a sensitivity perspective.
The described imaging experiments were weighted towards the detection of grey matter, firstly by weighting the imaging time to the time at which the signal from 129Xe in the grey matter peaked in the spectroscopic experiments and secondly by the fact that the signal from grey matter is the dominant peak in the spectrum that is dispersed by frequency encoding. Grey matter is more perfused than any other compartments in the brain (83). As can be observed in Figure 5.4.1(b), though the signal from grey matter (at 196 ppm) dominates the power in the spectrum, a prominent adjacent peak from white matter (at 193 ppm) is evident and these two peaks become spectrally dispersed by the applied imaging gradient. However, considering the imaging parameters shown in Table 5.4.1, bandwidth per pixel is 125 Hz and 166.5 Hz for column (a)-(c) and (d) respectively, and the frequency separation between grey matter and white matter is 53 Hz at 1.5 T, which implies that the spatial shift between the images of these two resonances (grey matter and white matter) is less than a pixel. Previous 129Xe studies in rodents were also only able to visualise 129Xe in grey matter (120-123). The study here is advantageous as it does not require either the subject to be anaesthetised or to be on respiratory apparatus.
This is the first hyperpolarised medium to be imaged in the human brain which is of a quality required for clinical diagnosis.
Future work is to develop a receiver RF coil array and to repeat the experiments with higher SNR and evaluate xenon brain imaging at 3.0 T. Future applications could have clinical relevance in the diagnosis of brain diseases such as stroke and cerebral ischemia.



6. [bookmark: _Toc448424593]Dynamics of hyperpolarised 129Xe dissolved in the human brain
6.1. [bookmark: _Toc448424594]Introduction
Xenon is highly soluble in cerebral tissues and fluids such as grey matter, white matter, blood and lipids (22,23,107) with the signal from the dissolved compartments having a discrete chemical shift signature. The movement of xenon between the cerebral blood and brain tissues is by passive diffusion (106,108), and the concentration of xenon in the brain is mainly driven by entropy and the difference in concentration of xenon in the blood and in the brain tissue. Exploiting the diffusivity and solubility properties of xenon, this chapter compiles novel experimental methodology and results that establish HP 129Xe as an inhaled hyperpolarised tracer to potentially quantify some of the intrinsic properties of the BBB such as permeability and total surface area. Measuring BBB permeability could shed insight into brain pathophysiology and may help customise drug delivery to the brain (115,261,262). 
In Chapter 5, the chemical shifts of xenon dissolved in the different chemical compartments of the human brain were assigned with high-resolution spectroscopy (Figure 5.3.2 (b)) and 3-plane CSI (Figure 5.3.5-10). These experiments were not temporally resolved and thus represent an ensemble average of dissolved xenon distribution in the human brain over a given acquisition time. The dynamics of HP 129Xe uptake into the human brain tissue have been studied previously by Kilian et al (35), where the time course of HP 129Xe signal in the grey matter and white matter were examined at 3 T with whole-brain spectroscopy, and estimates of the relaxation of HP 129Xe dissolved in these compartments were made. In this chapter, we examine in detail the dynamics of HP 129Xe signal uptake in the grey matter and cerebral blood pool and attempt to quantitatively model the transfer of HP 129Xe between the two compartments as a means to measure BBB properties.
All of the in-vivo imaging with 129Xe was performed with approval from the National Research Ethics Committee under a protocol for the evaluation of novel MRI methods to image xenon in the lungs, brain and heart of volunteers. MRI experiments were performed on a GE whole body 1.5 T Signa® HDx system using the home built quadrature birdcage described in Section 5.2. Experiments were conducted following inhalation of xenon from 1L Tedlar bags. The 129Xe gas was polarised to around 30% with spin exchange optical pumping (237).

6.2. [bookmark: _Toc448424595]Pulse sequence and characterisation of HP 129Xe dynamics
[bookmark: _Toc448424596]BUSAR (HP 129Xe Brain Uptake Saturation And Recovery) pulse sequence
In this study the HP 129Xe uptake kinetics is examined using the pulse sequence shown in Figure 6.2.1 (a) and (f). The acquisitions were performed whilst the subject maintained breath hold, which commenced immediately after the inhalation of a HP 129Xe gas dose. The acquisition was initialised by the application of two 90° hard RF saturation pulses followed by a spoiler gradient as shown in Figure 6.2.1(a). The purpose of this preparation saturation cycle of the sequence is to completely depolarise the initial amount of HP 129Xe dissolved in the brain and other parts of the head, including; mouth, nasal cavity and sinus as shown in Figure 6.2.1(b) and (c). Thereafter, as HP 129Xe accumulates in the cerebral blood due to systemic blood circulation from the gas exchange reservoir of the lungs, as shown in Figure 6.2.1(d), the concentration of hyperpolarised 129Xe increases in the cerebral blood and reaches its maximum level within the time interval equal to the mean transit time of cerebral blood ( (249)).
Thus, the time-delay after the preparation sequence and prior to the FID acquisition was chosen to be as shown in Figure 6.2.1(f). After the time-delay () the two compartment model of xenon in cerebral blood and xenon in grey matter separated by the BBB can be represented as shown in Figure 6.2.1(e). Cerebral blood is shown on the left of the BBB and grey matter is shown on right of the BBB in Figure 6.2.1(e). Although exchange of 129Xe between the cerebral blood and grey matter occurs during the  waiting period, for simplicity Figure 6.2.1 (e) depicts the 129Xe in cerebral blood as freshly infused hyperpolarised 129Xe and 129Xe in grey matter as depolarised 129Xe. The movement of Xe across the BBB is represented by the annotation C and D in the Figure 6.2.1 (b-e), the equation will be discussed in detail later. After the time delay (TR = ), six successive acquisitions were performed with a hard pulse-acquire sequence as shown in Figure 6.2.1 (f). The transmit RF pulse duration was 500 µs with an excitation bandwidth of 2 kHz. The flip angle for FID acquisition was 90° followed by two additional 90° saturation RF pulses with spoiler gradients as shown in Figure 6.2.1 (f). The purpose of these saturation pulses and spoiler gradients is to depolarise any unknown residual polarisation dissolved in brain tissue. There was no FID acquisition following the 90° destructive RF pulses. Thus, this sequence is referred to as a brain uptake saturation and recovery (BUSAR) pulse sequence. 
It is noteworthy that for the purpose of illustration of the efficiency of the depolarisation of residual polarisation following the 90° saturation RF pulse, a separate experiment was conducted in which FIDs were acquired after each 90° saturation RF pulses as shown in Figure 6.2.2. As seen in Figure 6.2.2, after the second saturation RF pulse, all the polarisation of HP 129Xe dissolved in all the compartments of the brain/head is destroyed.
[image: ]
Figure 6.2.1: Schematic of HP 129Xe infusing into human brain and illustration of the design of the BUSAR (HP 129Xe Brain Uptake Saturation And Recovery) pulse sequence. 
(a) Initialisation of BUSAR pulse sequence with two 90° RF destructive pulses. 
(b) Schematic representation of an initial (arbitrary) amount of HP 129Xe dissolved in the cerebral blood and grey matter before the beginning of the acquisition. 
(c) Schematic representation of the depolarisation of the initial (arbitrary) amount of HP 129Xe by the saturation pulses of the BUSAR pulse sequence. The dotted arrow indicates the end of the initialisation of the BUSAR pulse sequence, when the initial (arbitrary) amount of HP 129Xe is completely depolarised. 
(d) Schematic representation of HP 129Xe accumulating in the cerebral blood due to the systemic blood circulation and begins to transfer into the grey matter. 
(e) Diffusion of HP 129Xe from cerebral blood into grey matter across the blood brain barrier and vice-versa. 
In (b)-(e), The Solid circle represents HP 129Xe and a crossed circle represents depolarised (by 90° RF saturation pulse) 129Xe. The annotation ‘C’ and ‘D’ refer to the characteristics of movement of 129Xe across the blood brain barrier, representing the two contributions to a change in hyperpolarised 129Xe signal (net magnetisation density) in the grey matter. C refers to the movement of HP 129Xe from the cerebral blood to the grey matter driven by difference in concentration of xenon in the cerebral blood to the grey matter. This movement results in the increase of concentration of xenon in the grey matter. Although the net movement of xenon is down the concentration gradient, there are also some atoms that move against this gradient due to Brownian diffusion under dynamic equilibrium. D refers to the movement of depolarised xenon across the blood brain barrier against the concentration gradient (from the grey matter to the cerebral blood). In this movement, depolarised 129Xe in the grey matter is replaced (exchanged) with the same amount of hyperpolarised 129Xe in the cerebral blood. Under this movement, the concentration of xenon in both the grey matter and the cerebral blood is unaffected, however will result in an increase of the net magnetisation density in the grey matter. 
(f) Typical BUSAR acquisition. There is an initial time-delay after preparation () followed by a FID acquisition using a 90° hard RF pulse and then a spoiler gradient. This sequence of initialisation, delay and acquisition are then repeated 6 times (typical) over the course of the breath-hold.

[bookmark: _Toc448424597]Time course of signal of HP 129Xe
The time course of the signal of HP 129Xe dissolved in each compartment (grey matter, white matter, cerebral blood, muscle, CSF, interstitial fluid, as assigned in Chapter 5) was obtained by plotting the spectral peak at the chemical shift relating to the certain brain-compartment along the time axis. The principal compartments of interest in our model outlined in Figure 6.2.1 are HP 129Xe gas in; the lung, dissolved in the cerebral blood and dissolved in grey matter. It should be noted that the signal time course obtained in this way presents the dynamics of hyperpolarised 129Xe with a sampling interval (TR). This is because once the HP 129Xe is depolarised with a 90° RF pulse, the RF coil and receiver system are not sufficiently sensitive to detect the signal from thermally polarised 129Xe at these concentrations in the brain.

[image: ]
Figure 6.2.2: The result of an atypical acquisition using the BUSAR pulse sequence, whereby FIDs were acquired after each successive 90° saturation RF pulses, in order to demonstrate the depolarisation efficiency of the sequence.
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Figure 6.2.3: Time series of magnitude spectra of HP 129Xe acquired with the BUSAR pulse sequence, using a wide receiver bandwidth (674.16 ppm, 11.9 kHz) and centred at 197.93 ppm downfield (17660800 Hz) from the 129Xe gas-phase resonance
[bookmark: _Toc448424598]Characterisation of the time course of signal of HP 129Xe in cerebral blood
The sensitivity of the RF coil employed in this work is such that with the excitation bandwidth of 2 kHz (transmit RF pulse duration of 500 µs) and a 90° flip angle, the RF coil has a stray  field that produces around a 4° flip angle in the upper lung and airways of the neck. A wider spectral bandwidth would therefore allow us to detect dissolved-phase HP 129Xe in the brain and some gas-phase 129Xe signal originating in the upper airways. Using the BUSAR pulse sequence a time series of spectra was acquired at TR = 4 s with a centre frequency of 197.93 ppm downfield (17660800 Hz) from the 129Xe gas-phase resonance. The receiver bandwidth was 674.16 ppm (11.9 kHz), which is sufficiently wide to detect the 129Xe gas-phase resonance. The spectral resolution was 0.6 ppm (11.62 Hz) with 1024 sample points in the spectrum. The xenon gas dose used for this acquisition was 800 mL (87% of Xe is 129Xe with 25% polarisation). 
The acquired spectra are shown in Figure 6.2.3, exhibiting 5 distinct peaks which we attribute to blood-RBC (216.7 ppm), CSF/interstitial fluid (199.4 ppm), grey matter (195.4 ppm), muscular tissue (187.5 ppm) and gas-phase in lung (-2.3 ppm). The waterfall plot thus shows the dynamics of the time course signal of HP 129Xe in each of the compartments.
As mentioned in Chapter 5, the observed dissolved HP 129Xe signal experiences a cumulative polarisation decay which has a contribution from the  relaxation of the gas-phase reservoir of HP 129Xe in the lung, and the ensuing  relaxation when the xenon is dissolved in the blood enroute to the brain and into the grey matter. Thus we can express the total decay in polarisation due to these cumulative relaxations pathways as ,  and 
for HP 129Xe gas-phase in the lung, HP 129Xe dissolved in the blood and the grey matter respectively, where  is the  of HP 129Xe gas-phase in the lung,  is the  of HP 129Xe dissolved in the blood (note that  is an effective , considering that the blood is a  mixture of RBC and plasma),  is the  of HP 129Xe dissolved in the grey matter,  is the circulation transit time of blood from the lungs to the brain through the left side of the heart, and  is the repetition time and  is the time interval between HP 129Xe diffusing into the grey matter from cerebral blood  and the occurrence of the FID acquisition. From these expressions, we observe that  and  are constants if we assume that the blood oxygenation stays constant during these short periods of apnoea and any effect of slight change in blood oxygenation upon  is negligible. Thus, the signal decay with time experienced by all of the compartments has a term that is proportional to. Figure 6.2.4 (a) shows the time course of the signal of HP 129Xe in the gas phase in the upper airways of the lungs and dissolved in the RBC normalised to their respective initial values. We observe that the signal time course from both the compartments follow each other, from which we can deduce that the observed of 129Xe in the cerebral blood is equivalent to  and the concentration of HP 129Xe in the cerebral blood is identical (over the measured time duration).
[bookmark: _Toc448424599]Repeatability study (Pulse sequence and gas dose)
The dynamics of HP 129Xe uptake in the brain was studied by repeated examinations on three healthy subjects with various gas doses as detailed in Table 6.2.1. For all of the acquisitions the centre frequency of the spectrum was observed at 197.93 ppm downfield (17660800 Hz) from the 129Xe gas-phase resonance and the bandwidth was 67.89 ppm (1199 Hz). The spectral resolution was 1.06 ppm (18.7 Hz) with 128 number of points in the spectrum. The BUSAR pulse sequence was again acquired with TR of 4 s.
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Figure 6.2.4: (a) The time course of signal of HP 129Xe in the gas-phase in the lungs and 129Xe dissolved in blood normalised to their respective initial values (b) The mean of the time course of signal of HP 129Xe dissolved in blood, normalised to the initial value of all the individual examination performed on subject 2 (see Table 6.2.1) along with its standard error. The mean time course of the signal is fitted with by an exponential decay with decay time constant of 15 s.

	Subject
	Detail
	Gas dose
	Number of repeated examination

	1
	Male, 32 Years
	250ml Xe + 750ml N2
	3

	
	
	500ml Xe + 500ml N2
	3

	2
	Male, 31 Years
	250ml Xe + 750ml N2
	3

	
	
	500ml Xe + 500ml N2
	4

	
	
	800ml Xe
	1*

	3
	Male, 24 years
	500ml Xe + 500ml N2
	2

	
	
	700ml Xe
	1*


Table 6.2.1: Details of the subjects, their inhaled gas dose and the number of repeated examinations. (87% of Xe is HP 129Xe with 25~30% polarisation). *Bandwidth of the spectrum was 674.16 ppm (11.9 kHz) with the spectral resolution of 0.6 ppm (11.62 Hz) and 1024 points.

[bookmark: _Toc448424600]Characterisation of time course of signal of HP 129Xe in grey matter
The time course of signal of HP 129Xe dissolved in the blood and the grey matter was obtained by plotting the area under the peaks in the phased spectrum integrated over a range of ± 0.5 ppm from both HP 129Xe dissolved in cerebral blood (129XeB) and grey matter (129XeG) along the time axis. The mean of the spectral signal course of 129XeB from all of the examinations performed on subject 2 (normalised to the initial value) along with the standard error is shown in Figure 6.2.4 (b). The was estimated to be 15 s, as illustrated in Figure 6.2.4 (b). 129XeB is modulated by two factors, firstly, the and secondly, any variation in the blood flow (concentration of 129XeB) would manifest as a deviation from a mono-exponential decay. Thus when 129XeG is de-convolved with the blood signal time course, 129XeB, we arrive at the de-convolved signal 129XeG*, which is compensated for  and any variation in the blood flow (concentration of 129XeB). Thus this time course signal (129XeG*,) is the quantity (amount) of hyperpolarised 129Xe which has diffused from cerebral blood into the brain tissue in the BUSAR sequence repetition time (TR), 129XeG* = 129XeG/129XeB. It should be noted that the ratio of the detected spectroscopic signals 129XeG/129XeB does not indicate the volume fraction by itself, but is proportional to it. The mean of 129XeB, 129XeG and 129XeG* (129XeG* normalised to their initial value), of all the examinations performed on subject 2 along with their standard error is shown in Figure 6.2.5. The mean and standard error of 129XeG* is calculated with 129XeG* obtained by de-convolving 129XeG with 129XeB independently for each of the examination.
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Figure 6.2.5: The mean of 129XeB, 129XeG and 129XeG* (normalised to their respective initial values), of all examinations performed on subject 2 (see Table 6.2.1), along with the corresponding standard error values.
6.3. [bookmark: _Toc448424601]Tracer kinetics model for HP 129Xe transported across the blood brain barrier
[bookmark: _Toc448424602]Derivation of tracer kinetics model for HP 129Xe dynamics
The 129XeG* signal time course (Figure 6.2.5) can be modelled with tracer kinetics theory developed by Kety et al (248), where in HP 129Xe is the tracer and grey matter is the target distal organ. It should be noted that only hyperpolarised 129Xe is viewed as the active tracer as depolarised 129Xe cannot be detected within the sensitivity limits of the experimental setup.
Within the BUSAR pulse sequence, during the repetition time (TR), fresh (arterial) blood carrying HP 129Xe fills the cerebral volume as shown in Figure 6.2.1 (d). Although hyperpolarised 129Xe can transfer from the cerebral blood to grey matter at any time, we consider the time instant prior to a new FID acquisition from the perspective of a two compartment model as shown in Figure 6.2.1 (e), where the left compartment is the cerebral blood containing hyperpolarised 129Xe and the right compartment is grey matter containing depolarised (DP) 129Xe. There will be a diffusive movement of 129Xe across the blood brain barrier driven by the xenon concentration gradient from cerebral blood to grey matter. However, since we are measuring the hyperpolarised 129Xe signal only, rather than the overall concentration, we must consider two separate contributions to increasing 129Xe signal represented by annotations C and D in Figure 6.2.1 (e).
The term C represents the net increase in HP 129Xe signal in grey matter due to xenon diffusing down the concentration gradient from the cerebral blood to the grey matter, which results in an increased concentration of xenon in grey matter. 
However, whilst the net motion is in the direction from higher concentration to lower concentration, there will be a fraction of xenon atoms that move against this gradient due to entropic Brownian diffusion under dynamic equilibrium. The term D represents the contribution of depolarised 129Xe atoms moving against the concentration gradient, which, when replaced by hyperpolarised 129Xe does not lead to an overall change in the concentration of xenon in the grey matter, but does lead to an additional increase in net magnetisation of HP 129Xe in the grey matter. It is important to note that the signal detected from the grey matter is always the hyperpolarised 129Xe magnetisation density, rather than the overall xenon concentration. Hence, the movement represented by term D is depolarised 129Xe in the grey matter that would exchange with hyperpolarised 129Xe in the cerebral blood leading to increases in HP 129Xe magnetisation density in the grey matter without altering concentration of xenon in either of the compartments.
For an alternative way to explain the movements represented by the term C and D, consider the two compartment model in Figure 6.2.1 (b)-(e) where in-flux is the quantity of xenon transferred from the cerebral blood to grey matter and out-flux is the quantity of xenon transferred from grey matter to the cerebral blood in a unit time. The in-flux of hyperpolarised 129Xe is the summation of term C and D. The out-flux of depolarised 129Xe which is not detectable as explained earlier is equal to the term D. The dynamics represented by terms C and D are thus summarised:
a. At the time, we have  and such that in-flux and out-flux.
b. Between the time and, we have  and such that in-flux, out-flux  and in-flux > out-flux. 
c. At time, we have we have  and such that in-flux, out-flux  and in-flux = out-flux.

We can now derive a mathematical model for the dynamics of hyperpolarised 129Xe in the human brain. The movement of hyperpolarised 129Xe into grey matter over time  can be broken in to two parts,  and, such that,
 					6.3.1
Where  and   denotes the two contributions causing a change in hyperpolarised 129Xe signal in the grey matter (Figure 6.2.1 (e)). The first part represents the diffusion of HP 129Xe from cerebral blood into grey matter driven by the difference in concentration of 129Xe (total 129Xe, both HP and depolarised) between cerebral blood and grey matter represented by term ‘C’ in Figure 6.2.1 (e). This is the amount of HP 129Xe transferred per time interval TR, i.e. the flux of xenon across the BBB. The second part represents the random exchange of 129Xe (both hyperpolarised and depolarised) between the two compartments by Brownian diffusion. By this mechanism, a certain amount of depolarised 129Xe in the grey matter is exchanged with an equivalent amount of HP 129Xe in the cerebral blood, without changing the net concentration of Xe (both hyperpolarised and depolarised) in the grey matter represented by term ‘D’ in Figure 6.2.1 (e). The amount of 129Xe exchanged is proportional to the total amount (concentration) of 129Xe in the grey matter. The total amount of 129Xe in the grey matter can then be derived from the time integral of the flux of HP 129Xe crossing the BBB. Thus we have,
 					6.3.2
Where  is the probability of the 129Xe transferred by random exchange from the grey matter back to the cerebral blood (against the concentration gradient) being a depolarised 129Xe atom. 
 						6.3.3
To reiterate as explained earlier, only hyperpolarised 129Xe is the detected tracer, thus net magnetisation will increase when depolarised 129Xe in the compartment exchanges with hyperpolarised 129Xe. The exchange fractions where hyperpolarised 129Xe exchanges with hyperpolarised 129Xe and depolarised 129Xe exchange with depolarised 129Xe do not contribute to the change in magnetisation represented by annotation D. The term  has been introduced in Equation 6.3.2 to represent the fraction of the total amount of 129Xe that is transferred from grey matter to cerebral blood under diffusive exchange movement, the exchange fraction.  is dependent upon several factors which are intrinsic properties of BBB, such as its permeability to xenon and its total surface area. Substituting equation 6.3.2 in 6.3.1, we have,
  				6.3.4
Solving for , from Fick’s law we have (248),
					6.3.5
 Where,  is the cerebral blood flow to grey matter,  is the volume of grey matter and  is Ostwald’s solubility partition coefficient between grey matter and blood. It should be noted that in Equation 6.3.5 the concentration of xenon in the cerebral blood is set to unity and the is the ratio of concentration of xenon in the grey matter to the concentration of xenon in the cerebral blood.    Solving the first order differential equation in Equation 6.3.5, we obtain, 
						6.3.6
In the BUSAR pulse sequence, after every acquisition the residual polarisation in the cerebral blood is depolarised. Fresh HP 129Xe then accumulates in the cerebral blood due to the circulation carrying hyperpolarised 129Xe from the lungs. The concentration of 129Xe in the cerebral blood reaches a maximum level at the cerebral blood mean transit time (), thereafter the concentration is approximately constant. This is the justification for choosing. Thus, the flow of the tracer (HP 129Xe) for every acquisition can be defined as. Thus, Equation 6.3.6 now becomes 
 			6.3.7
Where the constant terms have been collated with;. 
To arrive at an expression for, we can now evaluate the time integral of  as,
 		6.3.8
 					6.3.9
Substituting Equation 6.3.9 in Equation 6.3.8 and rearranging we have, 
 				6.3.10
Substituting Equation 6.3.10 and 6.3.7 in Equation 6.3.4, we arrive at the expression for the time signal 129XeG*, for the detected grey matter signal 129XeG following de-convolution with the blood input function 129XeB as shown in Equation 6.3.11.
 			6.3.11
Equation 6.3.11 is the derived tracer kinetics model we use to describe hyperpolarised 129Xe transport across the blood brain barrier. In the following section, this equation is employed to fit the in vivo 129Xe BUSAR data acquired from the human brain in order to determine the constant, which could be used to quantify fundamental properties of the BBB such as the permeability and total surface area. It should be noted that the  may not be directly proportional to permeability-surface area product but depends on it.
[bookmark: _Toc448424603]HP 129Xe – BBB tracer kinetics model illustration
A typical overview of the steps involved to estimate the exchange fraction  through tracer kinetics modelling is now provided. For this particular example the subject was 31 year old male.
(1) Preparing the xenon gas mixture. 500 ml of hyperpolarised xenon with the polarisation of 30% was prepared using SEOP as explained earlier. 87% of xenon polarised was 129Xe. Xenon was mixed with 500 ml of  in a 1 L Tedlar® bag. This was delivered to the subject for inhalation during the experiment.
(2) A typical BUSAR pulse sequence as shown in Figure 6.2.1 was used. Acquisition parameters were; TR = 4 s, centre frequency = 197.93 ppm downfield (17660800 Hz) from the 129Xe gas-phase resonance and bandwidth = 67.89 ppm (1199 Hz).
(3) The acquired spectra obtained using the BUSAR sequence are shown in Figure 6.3.1.
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Figure 6.3.1: Acquired spectra for a typical the BUSAS sequence.
(4) The signal from grey matter 129XeG and blood 129XeB – RBC plotted as a function of time is shown in Figure 6.3.2.
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Figure 6.3.2: Time course of signal from (a) grey matter and (b) blood - RBC
(5) The time course of signal from the grey matter 129XeG is de-convolved with the time course of signal from blood-RBC 129XeB as shown in Figure 6.3.3 (a). The de-convolved grey matter signal 129XeG* is fit with the tracer kinetic model in Equation 6.3.11. Typical values for the constants in the expression 6.3.11 are,  (25),  (249),  (83) and density of grey matter ≈  (83,263). . Using these typical values, the model was fit between the time period of 8 s and 24 s. This is because, before 8 s the value of  was much less () as shown in Figure 6.3.3 (b), estimated using Equation 6.3.3. The model was fitted only in regions of the curve where the probability ρ was higher because at lower probabilities the exchange of DP 129Xe with HP 129Xe is not well defined (ambiguous) and the differential equation is no longer homogenous.
129XeG* = MODEL,  				6.3.12
The subject resumed normal breathing after 24 s of breath-hold, thus the grey matter de-convolved signal after 24 s was ignored.
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Figure 6.3.3: (a) The tracer kinetic model fit to time course of signal from grey matter de-convolved with blood-RBC and (b) Estimation of probability  using Equation 6.3.3.
(6) For the example explained here, the tracer kinetic model was fit (as shown in Figure 6.3.3 (a)) using 0.38 as exchange fraction. This implies that 38 % of xenon dissolved in the brain tissue would exchange with equal amount of xenon dissolved in the cerebral blood every 4 s. Alternatively, the out-flux of xenon every 4 s from the brain tissue is 38 % of the total quantity dissolved in it. Thus, the exchange fraction provides physiological insight of the permeability and surface area of the blood brain barrier.
[bookmark: _Toc448424604]Repeatability study: Results
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Figure 6.3.4: Compilation of the derived exchange fraction, , for all repeatability studies performed on three subjects.
In order to assess the repeatability of measurements (Table 6.2.1) the tracer kinetics model was individually fitted to 129XeG* BUSAR data obtained from a number of repeat experiments in three volunteers. The mean of the obtained  values for each of the experiments for the three subjects (see Table 6.2.1) is shown in Figure 6.3.4 along with its standard error. In all of the three cases,  was calculated using typical values for,,  and  mentioned earlier. The  reported for each subject describes the BBB characteristics for that particular subject. Hence we propose  as a quantitative physiological indicator of the permeability of the BBB to xenon diffusion. As shown in Figure 6.3.4, subjects 1, 2 and 3 have a mean  (exchange fraction) value of 0.245, 0.4114 and 0.2167 respectively, meaning that 24.5 %, 41.14 % and 21.67 % of xenon in the grey matter exchanges with the cerebral blood for every mean transit time (,) respectively. These results are preliminary and a means of translating the estimated  to physiological information such as permeability, surface area or cerebral perfusion is yet to be investigated with more studies involving subjects of diverse age group, size, healthy-diseased and gender.
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Figure 6.3.5: Sensitivity simulation of exchange the fraction  as a function of the characteristic parameters:,,  and  (represented as density).
The estimated value for  is sensitive to the parameters of the tracer kinetic model:,,  and . Thus, for a known values of,,  and  for a particular subject,  provides an estimate of some of the intrinsic properties of the BBB and additionally, for a known (or pre-estimated) value of, variations in ,,  and  (due to temperature, auto-regulation, tissue density, diseases patho-physiology) could potentially be measured. Figure 6.3.5 summarises the sensitivity simulation of estimated value in  (exchange fraction) to changes in,, and. Sensitivity simulation in Figure 6.3.5 indicates the interdependency of variables,,, and .


6.4. [bookmark: _Toc448424605]Discussion
In this work we have examined the uptake kinetics of hyperpolarised 129Xe spectroscopic signals in the compartments of cerebral blood and grey matter in the human brain. By de-convolving the grey matter signal with the input signal from cerebral blood we are able to normalise the hyperpolarised signal for decay in polarisation in the gas exchange reservoir of the lungs allowing a quantitative tracer kinetic analysis of xenon uptake by diffusion across the BBB. We propose a parameter, the exchange fraction  for xenon exchange, which could reflect some of the intrinsic physiological characteristics of the BBB, such as the permeability to xenon and its total surface area.
We note that if it was possible to perform a free-breathing experiment, in which HP xenon was inhaled repetitively over the course of many minutes, the xenon concentration in both the cerebral blood and grey matter compartments (see Figure 6.2.1 (e)) would reach saturation level, and there would be no net movement of xenon down the concentration gradient (see C in Figure 6.2.1 (e)). However, under these circumstances, the term D, which describes the Brownian diffusion of depolarised and hyperpolarised 129Xe can still lead to a net influx of HP 129Xe (and hence a signal increase) in the grey matter. Thus the BUSAR measurement process and the derived exchange fraction () parameter described here could be used to determine parameters of BBB function in both short, breath-hold experiments and long free-breathing experiments. Indeed measurement of the exchange fraction parameter may allow better optimisation of experimental sequence acquisition parameters for MRI protocols for free breathing experiments of 129Xe dissolved in the brain. Moreover  could provide unique non-invasive insight into the BBB permeability and surface area in vivo, which could provide new physiological information on BBB function and aid in customising drug delivery to the brain tissues. As mentioned earlier, the measured  (exchange fraction), is not a direct measure of BBB permeability-surface area product by itself, but it does depend on these parameters. By accounting for the cerebral blood volume and grey matter (tissue) volume, it may be possible to estimate the BBB permeability-surface area product.
The uncertainties of the HP 129Xe BBB tracer kinetics model in the Equation 6.3.11 are summarised as below:
1. The BUSAR sequence relies on the complete performance of 90° saturation RF pulses to eliminate any unknown/residual polarisation in the head (brain, mouth, nasal cavity and sinus) and the tracer kinetics model assumes that the HP 129Xe is delivered to the brain tissue by cerebral blood flow only, thus ignoring any diffusive transport by gas diffusion from the air spaces direct to tissues in the nasal cavity or sinus.
2. Over time, the concentration of depolarised 129Xe increases in arterial blood due to depolarised 129Xe leaving the brain and being recycled after re-oxygenation of the blood in the lungs. The model assumes that all Xe in arterial blood is hyperpolarised 129Xe. Taking typical literature values for mean transit time of cerebral blood  as 4 s (47,264), pulmonary transit time  as 9 s (264), transit time for blood to circulate from lung to brain  as 4 s, the fraction of the cardiac output (arterial blood) delivered to brain   as 15% (84) and ignoring the gas-exchange in the lung, after 17 s  then only 2.25%  of the arterial blood would contain depolarised 129Xe. Since the acquisition time of the experiment is only slightly longer than this (24 s), we feel it is justifiable to ignore this fraction. Although the model could be corrected for the contribution of this fraction from the signal 129XeG*, in this study no correction has been applied for simplicity.
3. 129Xe atoms (either DP or HP) in close proximity to the BBB have a higher tendency to exchange (diffuse across the BBB) than the 129Xe atoms that are relatively further away from the BBB. It follows that the 129Xe atoms near the BBB are the ones that have diffused most recently. In the model described by Equation 6.3.11, gas transfer and exchange are approximated by a homogenous 1D differential equation so spatial distribution of xenon within the blood vessel itself is considered uniform. Furthermore we ignore hyperpolarised 129Xe that returns to the cerebral blood from the grey matter against the concentration gradient (due to exchange), which was already delivered to the grey matter from cerebral blood () within the same TR (≈MTT). The potential uncertainty due to this approximation was mitigated by discarding the initial part of the time course of signal where the probability  of a 129Xe atom in grey matter being depolarised was  as shown in Figure 6.3.3(b).
Contemporarily, cerebral blood flow and perfusion is measured using 15O positron emission tomography (PET), dynamic susceptibility contrast enhanced MR imaging following a bolus injection of Gadolinium chelated agents or γ-camera based 133Xe single photon emission computed tomography (SPECT) (118,233,258,265-274). Both 15O and 133Xe are not naturally occurring isotopes and they are both radioactive. Gadolinium-chelated contrast agents cannot be used in some patients due to the risk of nephrogenic systemic fibrosis (132,133), moreover the size of the chelate prevents the passage of these agents across the blood-brain barrier. In PET there are numerous other radiotracers which are targeted to bind with specific receptors or proteins (275-278). However, these tracers face challenges; such as delivery to the brain by crossing the blood-brain barrier (lipophilicity), surviving metabolism, nonspecific binding/interaction and clearance after use (275-278). In contrast, in the proposed method with HP 129Xe NMR, the isotope 129Xe is stable, naturally occurring and safe. 129Xe has unique signatures (chemical shift) for the chemical environments it reside in, making it possible to differentiate between specific and nonspecific binding/interactions. This is particularly advantageous because, the concentration of 129Xe in a particular brain compartment (for example grey matter) at a particular location can be determined by chemical shift, rather than estimated partial volume (predicted) of that particular brain compartment in that anatomical location. This eliminates potential uncertainty in the concentration of the tracer that arises from nonspecific binding in that particular location. Another crucial aspect of the proposed method is that the signal from tracer (HP 129Xe) once detected (by RF excitation) can be made invisible (depolarises to thermal equilibrium), enabling the study of dynamic behaviour of xenon uptake which are not readily observed by peak concentration measurements such as 17O NMR, 15O PET, 133Xe SPECT and Gadolinium chelated tracers. Table 6.4.1 provides a comparison of key factors related to xenon tracers: HP 129Xe NMR proposed in this study and γ-Camera based 133Xe SPECT.
	
	HP 129Xe NMR
	γ-Camera based 133Xe SPECT

	Measured parameter
	Global measurements: BBB diffusivity, cerebral blood flow, mean transit time and tissue density
	Reginal measurements: cerebral blood flow, mean transit time and cerebral blood volume.

	Modality
	Magnetic Resonance Imaging
	Computed Tomography

	Ionising radiation
	No
	Yes

	Clearance
	Rapid
	Rapid

	Temporal resolution
	4 s
	2 minutes

	Spatial resolution
	Global, 20 mm (CS Imaging)
	7 ~ 10 mm

	Scan duration
	20 s
	20 minutes

	Administration
	Inhalation
	Inhalation/Bolus injection

	Respiration
	Breath-hold
	Continues breathing

	Subject condition
	Awake
	Anaesthetised

	Determination of solvent
	NMR chemical shift
	Partial estimated volume (Predicted fraction)

	Disadvantages
	 relaxation in vivo
	Uncertainty due to Compton scattering

	References
	This study
	(18,25,267,268,271-274,279)


Table 6.4.1: Comparison between HP 129Xe NMR with γ-Camera based 133Xe SPECT.


7. [bookmark: _Toc448424606]Epilogue
7.1. [bookmark: _Toc448424607]Summary
Summarising the novel scientific contributions of this thesis:
In chapter 2, an accurate set of analytical equations to design RF coils for multi-nuclear MRI has been provided. These equations are applicable for the design of RF coils with one trap, two traps and for the design of dual-tuned RF coils.
For the purpose of obtaining co-registered lung images of 1H and hyperpolarised gases 3He and 129Xe, the imaging of these nuclei were performed back-to-back in a breath-hold. The limited time period available in a breath-hold constrains multiple 1H image averaging and the lower signal-to-noise ratio from the 1H system body coil inhibits reaching higher image spatial resolution. Thus, it was essential to develop a dedicated 1H RF coil receiver array compatible with being nested inside a 3He or 129Xe transmit-receive lung coil.
The design of such a 1H RF coil receiver array using passive-traps tuned to 3He and 129Xe has been described using the trap theory that we developed. The improvement in signal-to-noise ratio by a factor of 2 achieved using a dedicated 1H RF coil receiver array when compared to the system’s body coil for a same-breath multi-nuclear lung imaging exam is demonstrated. In vivo results show that 1H images acquired with the dedicated 1H receiver array can provide higher SNR from lung parenchyma and can help resolve finer structure in the lungs such as the small pulmonary blood vessels. This newly developed method for the design of 1H RF coil receiver arrays has clinical benefits, for example it will provide more structural information when estimating functional ventilated volume, detecting pulmonary emboli from 1H vascular MRI or when registering structural images from computed tomography to MRI. The 1H RF coil receiver array described in chapter 2 can be further improved with a lung-specific topology as illustrated in chapter 3, where one element (coil) of the array of RF coil is a volume figure-of-8 such that the arms of the subject can pass through and couples well to the chest.
In chapter 4, design and construction of a dual-tuned dual-Helmholtz quadrature transmit-receive coil is described. The dual-tuned coil is tuned to 35.3 MHz and 48.6 MHz for 129Xe and 3He Larmor frequencies at 1.5 T respectively. The dual-tuned coil with passive traps tuned to 1H Larmor frequency enables 1H imaging with the dual-tuned coil in situ. Triple-nuclear (3He-129Xe-1H) lung function-structure imaging and dual-nuclear (3He-129Xe) apparent diffusion measurement has been demonstrated. The visualisation and quantification of lung ventilation and diffusion with these two gases at the same time in the lungs will help address important physiological questions such as the position of the diffusion – convection front in the lungs. Measuring the diffusivity of both 3He and 129Xe gases in the same lung inflation level provides information for measuring and modelling lung micro-structure.
In Chapter 5, we depart from the lungs to the brain where the properties of 129Xe such as solubility (blood, lipid and tissue) and chemical shift have been explored in this thesis. High resolution 129Xe human brain spectra has been demonstrated which shows 5 distinct peaks for red blood cells, aqueous medium (cerebrospinal fluid and body interstitial fluid), grey matter, white matter and soft tissue. This is the first report of 129Xe brain chemical shift imaging in the human at 1.5 T and some of the resonances observed have been identified in human brain for the first time.
We then go on to image the perfusion of human brain in vivo with hyperpolarised 129Xe for the first time. These images demonstrate the feasibility of using hyperpolarised 129Xe as a safe and non-invasive inhaled contrast agent, thus providing a novel MRI contrast agent for functional imaging of the brain. 
In Chapter 6, we exploit the chemical shift of the hyperpolarised 129Xe resonances, to study the transfer of xenon between the cerebral blood and the grey matter compartment. Using tracer kinetic analysis a quantitative measurement of the intrinsic physiological characteristic of the blood brain barrier such as permeability and total surface area was derived, which may help improve understanding of cerebral hemodynamic and physiological control mechanisms. The method has many potential future clinical applications for all age groups, for instance monitoring the concentration of xenon while treating neonatal hypoxic ischemic encephalopathy, using xenon gas to enhance hypothermic neuroprotection.

[image: ]
Figure 7.1.1: A graphical summary of the thesis




7.2. [bookmark: _Toc448424608]Conclusion
1. This is the first time a dedicated 1H receiver array has been used in a multi-nuclear same breath lung imaging of 1H with hyperpolarised noble gases.
2. Dual-nuclear apparent diffusion coefficient mapping with hyperpolarised 3He and 129Xe in the same breath and same lung-inflation state has been demonstrated for the first time.
3. This is the first time 5 distinct peaks have been observed (with 1 peak made up of 2 closely spaced peaks) in 129Xe human brain spectra at 1.5 T. These (Figure 5.3.2-10) are the first chemical shift images of HP 129Xe dissolved in the human brain at 1.5 T.
4. This is the first time that the human brain has been imaged using HP 129Xe with a quality required for clinical diagnosis, thus establishing HP 129Xe as a possible contrast agent to image perfused brain tissue. The imaging of the human brain is performed under breath-hold, in awake-state, which bodes well for future application in a clinical setting.
5. Hyperpolarised 129Xe has been shown to have potential as a physiological indicator of blood-brain barrier integrity. Speculatively, the in vivo information of blood-brain barrier permeability and total surface area obtained from the HP 129Xe MR spectroscopy may aid in the customisation of drug delivery to the brain and quantifying sleep apnoea.
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