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[bookmark: _Toc54624025]Résumé en français
La connaissance de l'état de la fonction microvasculaire dans le cerveau par une quantification absolue de la perfusion cérébrale à l'aide de méthodes non invasives, robustes, reproductibles et ne nécessitant pas l'injection d'un agent de contraste est d'un intérêt significatif. L'IRM de perfusion basée sur le marquage du spin artériel (ASL) présente de nombreux avantages : c'est la seule modalité permettant de caractériser la perfusion du tissu cérébral de manière non invasive et non irradiante, à un coût relativement faible. Toutefois, de nombreux défis restent à relever pour intégrer cette solution dans la routine clinique et la positionner comme la solution idéale pour bilanter, classifier et effectuer le suivi les maladies cérébrales.
Ce manuscrit résume les développements méthodologiques et leur évaluation rigoureuse,  réalisés dans le domaine de l'ASL pour faire progresser l'état des connaissances en matière d'IRM de perfusion dans le but d'un transfert clinique effectif. L'originalité et la complexité de cette thèse réside dans le développement, l'optimisation et la comparaison de plusieurs méthodes quantitatives d'ASL pour l'investigation de la perfusion cérébrale dans un contexte clinique 3T.  
La première partie du manuscript décrit le contexte médical et technique de la quantification de la perfusion cérébrale à l'aide du marquage du spin artériel, en fournissant un état de l'art pour comprendre les questions critiques liées à la quantification de la perfusion sans agent de contraste. Le premier chapitre traite de la physiologie et des techniques de modélisation de la perfusion ASL. Le deuxième chapitre présente les techniques d'acquisition adaptées à l'imagerie de perfusion ASL, le troisième chapitre présente les méthodes de post-traitement. 
La deuxième partie décrit notre première contribution originale dans ce domaine : nous avons proposé une méthodologie pour évaluer la technologie 2D multi-coupes simultanées, récemment mise à disposition pour l'ASL dans le cerveau. Les résultats précliniques de cette étude ont montré que la solution de SMS accélérée présente des avantages importants, comme sa capacité à augmenter la couverture spatiale de la séquence sans augmenter sensiblement le temps de lecture, et/ou à offrir une résolution temporelle plus élevée que les séquences de lecture 2D et 3D classiques. Le premier est d'une importance cruciale dans les cas de mesure de perfusion cérébrale complète avec un nombre élevé de coupes lors de l'utilisation séquence EPI 2D. Elle permet de réduire l'écart d'état des spins entre les tranches, en réduisant le délai Post labelling (PLD) entre la première et la dernière tranche acquise. Néanmoins, le pCASL 3D GRASE a montré la plus faible variabilité et donc la plus grande robustesse pour l'imagerie de perfusion ASL dans le cerveau par rapport aux alternatives EPI 2D dans la population de sujets sains. Tous les protocoles EPI 2D avec SMS peuvent probablement être considérés comme équivalents, même si des différences régionales dans les valeurs du CBF peuvent être observées de l'un à l'autre, ce qui ajoute un facteur de variabilité qui devrait être pris en compte dans les études multicentriques.
La troisième partie décrit notre deuxième contribution originale au domaine : la mise en œuvre d'une séquence 3D Blade GRASE (3DGB) dans un scanner clinique, la validation de la méthode par la simulation d'un large éventail de mouvements et de tests chez des volontaires, avant son transfert à la clinique pour une évaluation plus approfondie de son potentiel sur une cohorte de patients référés pour un examen cérébral. Les simulations et les résultats obtenus chez 5 volontaires et 50 patients envoyés pour un IRM du cerveau à 3T pendant trois mois ont confirmé la supériorité du ss3DGB en termes de SNR, de ses capacités uniques d'estimation et de correction du mouvement. Le ss3DGB a également montré une réduction du flou dans le plan par rapport au 3D cartésien GRASE (3DGC), sans pour autant augmenter le temps total d'acquisition ni affecter la sensibilité à la perfusion. Les valeurs quantifiées du CBF chez les volontaires acquises sans mouvement à l'aide de 3DGB diffèrent des valeurs 3DGC. La correction de distorsion intrinsèque offerte par la technique de la lame n'a pas montré de robustesse au mouvement et ne peut être utilisée dans ce contexte.

Mots clés : imagerie médicale, IRM, accident vasculaire cérébral, perfusion, ASL, simulation numérique, acquisition de la résistance au mouvement, correction du mouvement 

[bookmark: _Toc54624026]Summary in english
The knowledge of the state of microvascular function within the brain by an absolute quantification of cerebral perfusion using non-invasive, robust, and reproducible methods that do not require the injection of a contrast agent is of significant interest. Arterial spin labeling (ASL) based perfusion MRI has many advantages: it is the only modality to offer an advanced characterization of brain tissue in a non-invasive, non-irradiating manner at a relatively low cost. However, many challenges remain to be overcome to make this application part of the clinical routine, and position this solution as the ideal solution to grade and monitor brain diseases.
This manuscript summarizes methodological developments and their evaluation carried out in the field of ASL to advance the state of knowledge in perfusion MRI with the objective of the clear clinical transfer. The originality and complexity of this thesis lie in the development, optimization, and comparison of several quantitative ASL methods for the investigation of brain perfusion in a 3T clinical context.  
The first part describes the medical context and technical background of brain perfusion quantification using arterial spin labeling, providing state of the art for understanding the critical issues related to quantifying perfusion without a contrast agent. The first chapter deals with the physiology and modeling techniques of ASL perfusion. The second chapter presents acquisition techniques adapted to ASL perfusion imaging, the third chapter presents post-processing methods. 
The second part describes our first original contribution to the field: we proposed a methodology to evaluate the simultaneous multi-slice (SMS) 2D technology, made recently available for ASL in the brain. The pre-clinical results of this study showed that the accelerated SMS solution has some important advantages, such as its ability to increase the slice coverage without substantially increasing the readout time and/or to offer a higher temporal resolution than conventional 2D and 3D readout sequences. The first one is of crucial importance in cases of whole-brain perfusion measurement with a high number of slices when using the single-slice 2D EPI readout. It diminishes the discrepancy in spin status across slices reducing the Post Labelling delay (PLD) between first and last acquired slice. Nevertheless, 3D GRASE pCASL showed the lowest variability and thus the highest robustness for ASL perfusion imaging in the brain compared to the 2D EPI alternatives in healthy subject population. All 2D EPI protocols with SMS can probably be considered equivalent even though regional differences in the CBF values can be observed from one to the other, which in turn adds a factor of variability that should be considered in multicenter studies.
The third part describes our second original contribution to the field: the implementation of a 3D Blade GRASE sequence (3DGB) in a clinical scanner, the method’s validation through simulation of a large range of motion and tests in volunteers, prior its transfer to the clinic for further evaluation of its potential on a cohort of patients referred for a brain examination. Simulations and results obtained in 5 volunteers and 50 patients referred for a brain MRI at 3T along three months confirmed the superiority of ms3DGB in terms of SNR, its unique motion estimation and correction capabilities. 3DGB showed also reduced through-plane blurring compared to 3D cartesian GRASE (3DGC) while neither increasing total acquisition time nor affecting perfusion sensitivity. Quantified CBF values in volunteers acquired without motion using 3DGB differ from 3DGC values. Distorsion correction intrinsically offered by the blade technique failed to show robustness to motion and cannot be used in this context.

Résumé
Keywords : medical imaging, MRI, stroke, perfusion, ASL, numerical simulation, motion-robust acquisition, motion-correction
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[bookmark: _Toc54624027]General introduction
The knowledge of the state of microvascular function within the brain by an absolute quantification of cerebral perfusion using non-invasive, robust, and reproducible methods that do not require the injection of a contrast agent is of major interest. 
Perfusion describes the amount of blood delivered to an organ over a period of time. It differs from blood flow, which describes flows in the main arteries.  It, therefore, defines the quality of the microcirculatory network at the level of the blood capillaries, which indirectly depends on the condition of the vessels and arterioles upstream and reflects the ability to provide the cells with the nutrients they need to perform their function. Knowledge of the reference values of cerebral perfusion in humans would be a valuable tool for understanding the evolution of pathologies, for comparing cohorts of patients who have undergone different interventional therapies, and thus for advancing management. In clinical practice, it would also make it possible to objectively monitor the patient's pathology longitudinally. In addition, recent studies conducted in several centers have already demonstrated the usefulness of contrast free quantitative perfusion imaging in the brain [Blake et al 2012, ]. 
Arterial spin labeling (ASL) based perfusion MRI has many advantages: it is the only modality to offer an advanced characterization of brain tissue in a non-invasive, non-irradiating manner at a relatively low cost [Ajna & Iris, 2012]. However, many challenges remain to be overcome to make this application part of the clinical routine.
Several minimally invasive imaging modalities already offer ways to visualize cerebral perfusion. Widespread, CT offers high spatial resolution, low artifacts but substantial exposure to significant radiation, which does not preclude it from being an acceptable tool for monitoring cerebral perfusion [youngho et al, 2008 ]. Positron emission tomography (PET) imaging combined with quantitative measurements  has demonstrated a crucial interest in therapy choice, tumor monitoring [Doot et al 2014 ]. Like CT, PET is also radiant. 
To date, contrast-enhanced dynamic perfusion magnetic resonance imaging is only recognized as a reference method for screening for brain ischemia jointly, in the same way as CT, with the significant advantage of its total absence of irradiation. In the current clinical routine, brain perfusion MRI produce non absolute quantitative indexes. Nevertheless, they allow the visual detection of hypo-perfused areas in the territory of the culprit artery territory, whose stenosis is responsible for the clinical symptoms observed on the patient. 
However, if all the previous techniques offer the possibility of a diagnosis, they cannot be deployed ethically to enable repeated scans, thus longitudinal and non-invasive follow-up due to the necessary injection of contrast agent and/or radiations.
Absolute quantification of the perfusion using ASL requires specific preparation of the magnetization collected by MRI and mathematical modeling of the collected perfusion-weighted signal, to allow the extraction of quantitative cerebral blood flow. This technique requiries averaging the perfusion signal through repeated acquisition and along several minutes, hence condemning the technique to be extremely sensitive to subject’smotion. Then, acquiring high-resolution images in confused and non-cooperative patients is challenging. Moreover, the most advanced and robust ASL implementation are still reserved for few expert sites, with various variants existing and few multi-centric studies that pointed a crucial need for standardization. Consequently, ASL techniques remain complicated and often time-consuming, explaining that this quantification remains confidential, with mainly research studies reported [Blake et al 2012]. However, it represents a worthy challenge for the health field since it could provide the perfusion status, a crucial information for stratification, prevention, and personalized care design. 
This manuscript summarizes the work carried out during this doctoral studies, which aimed at advancing the state of knowledge in perfusion MRI using ASL with the objective of the clear clinical transfer.  
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[bookmark: _Toc22736448][bookmark: _Toc54624030][bookmark: _Toc22720018]Chapter 1 – Cerebrovascular Physiology and Pathophysiology, brain perfusion

The medical problem of evaluating brain perfusion in MRI requires the knowledge and understanding of concepts related to anatomy, physiology, and brain pathophysiology. The objective of this chapter is to present brain medical terminology, to provide a brief introduction to the human cerebral circulatory system’s physiology, to discuss the notion of microcirculation in the brain and the pathophysiological phenomena leading to main brain disease, particularly in the context of stroke or chronic disease or aging. 
We will also present the constraints and details of the protocol required for the perfusion studies. We will then conclude this chapter by placing these concepts in the context of brain perfusion MRI and quantification.
1.1. [bookmark: _Toc22720019][bookmark: _Toc22736449][bookmark: _Toc54624031][bookmark: _Toc501196751][bookmark: Cerebrovascular_Ischemia]Cerebral Circulation System

The brain is the best-protected organ in the human body, including mechanisms to protect its blood supply. A mature healthy person’s brain weighs approximately 3 pounds accounting for about 2% of total body mass but consumes 17 % of cardiac output and 20% of total body oxygen consumption at rest. There are two paired arteries called Vertical arteries (VA) and internal carotid arteries (ICA) responsible for blood supply to the brain. These supply arteries deliver the required nutrients and oxygen to maintain its function and wellbeing. 

                  [image: ] 
Figure 1. 1 (left) Human cerebral vascular network after injection of an emulsion into the vessels and dissolution of the cerebral parenchyma (Zlokovic & Apuzzo, 1998) (Right) Anatomy of the cerebral arteries (Cantin et al, 2011)).

Veins carry deoxygenated blood containing carbon dioxide, lactic acid, and other metabolic products back to the heart. Delivery of blood to a capillary bed in tissue is called perfusion which is necessary to maintain tissue health and viability.  Perfusion is measured as a rate at which blood is delivered to the tissue and generally measured in units of ml/100g/min. Brain perfusion is also referred to as cerebral blood flow (CBF) ranges from 20ml/100g/min in the white matter (WM) to 70 ml/100g/min in the gray matter (GM) region of a healthy human brain.
Any compromise on the blood supply to the brain tissue even for a few hours would lead to severe damage and permanent loss of tissue and its underlying function. Abnormalities in perfusion are indications of neurovascular diseases such as stroke, carotid stenosis, vasospasm, and tumor. Quantitative Regional perfusion maps can be generated by measuring the CBF and used to highlight the vascular or brain tissue diseases.

1.2. [bookmark: _Toc22720020][bookmark: _Toc22736450][bookmark: _Toc54624032]Cerebrovascular Ischemia

Cerebral Vascular Ischemia or Ischemic stroke is a pathology resulting from disruption of blood supply to the brain [1]. Moreover, Stroke is not only an acute pathology but also a chronic disease that often causes permanent disability and requires follow-up of the patient over a long period of time. In France, around 130,000 strokes are reported each year and by 2020, representing the second leading cause of death in industrialized countries. In order to improve the management of stroke patients, it is important to have efficient methods for identification of brain tissues at risk of infarction (thus of patients eligible for different therapies) but also for assessing the benefit/risk ratio associated with these therapies. In this context, magnetic resonance imaging (MRI) that offers non-invasive and non-contrast perfusion imaging based on a technique called Arterial Spin Labeling (ASL), is a modality of choice for assessing the status of cerebral perfusion at all crucial time points. However, the entire chain of treatment, from acquisition to analysis and interpretation of perfusion MRI remains routinely difficult to use, with several limitations remaining: most of them related to the long acquisition time and intrinsic sensitivity of MR to motion. This thesis deals with technological developments aiming at improving ASL perfusion MRI techniques, with the final objective of obtaining a better evaluation and thus the prediction of the evolution of the ischemic lesion in stroke.
Ischemic stroke is an acute medical condition in which poor or no blood flow is sent to the brain due to the presence of clot in the main brain feeding arteries. 
                           [image: D:\lakshmi_pics\stroke.jpg] Source: Ischemicstroke.org

Figure 1. 2  Blood clot formed in brain feeding artery shown by the arrow

[bookmark: Treatment_and_Management]One of the major reasons to cause ischemic stroke is the narrowing of blood vessels in the head or neck regions caused by atherosclerosis or by gradual deposition of cholesterol. Once the arteries narrows then the blood cells may start accumulating and form a clot which may lead to complete obstruction to blood flow, this condition is called thrombosis.   In case these clots displace from the region of formation and move towards closer to the brain and get trapped in the narrow arteries, this condition is referred as an embolism. Not only narrow arteries, but there are also many other causes that could lead to obstruction. Regardless of the cause and origin, ischemic stroke requires immediate surgical intervention to solve the problem and retain the blood supply to the brain tissue. 
More severe and the longer the occlusion resulting decrease in blood supply, the greater the number of neurons that will die, whereas a complete interruption of blood flow may lead to irreversible sequelae even in a few minutes.  At first, when the decrease in blood flow is not too severe, the neurons fold back into a dysfunctional but viable state. Then the "cerebral" activity of these neurons gradually stops (electrically silent neuron), which corresponds to the onset of stroke symptoms in patients, but cellular activities essential to the integrity of neuronal cells continue to work properly. Secondly, if blood flow continues to fall, essential cellular activities will also begin to fail. The cells will then initiate morphological changes, once a certain stage is passed, will lead to the inevitable death of the cell, whether or not correct blood flow is restored later on.
[image: ]
Figure 1. 3  There are two categories of stroke, ischemic stroke and hemorrhagic stroke. ©Adapted from www.coeuretavc.ca/avc/questce-quun-avc

1.3. [bookmark: _Toc501196752][bookmark: _Toc22720021][bookmark: _Toc22736451][bookmark: _Toc54624033]Treatment and Management

Acute ischemic stroke treatments are based on the principle that tissues located in a zone of diminished flow called “penumbra” and oxygen supply is missing to them because of collateral arteries which are feeding this part of the brain, are in an ischemic but reversible state and can be saved from necrosis if blood circulation is restored quickly (Figure 1. 4). At present, the treatments used in the acute phase are thrombolysis (dissolution of the blood clot by injection of thrombolytic agents) and / or Thrombectomy (removal of the blood clot by an interventional procedure) [2].
The most frequently used and gold standard thrombolysis treatment for ischemic stroke is plasmignon activator ((tPA or IV rtPA) this is the only FDA-approved treatment for Ischemic stroke in which tPA dissolves the blood clot and improves the blood flow to the brain infarcted tissue. tPA administered through intravenous in the arm, If the patient receives it within 3- 4.5 hours of stroke occurrence there is a chance to recover the affected tissue and become functional again. In most cases worldwide a significant percentage of stroke-affected patients don’t reach the hospital on time, that’s the reason many patients don’t benefit from the aftermath treatment. 
[image: ] Source: Giacalone Mathilde , CREATIS 


[bookmark: _Ref53656076]Figure 1. 4 Schematic illustration of the necrotic process in stroke: when an ischemic stroke occurs (80% of strokes), a blood vessel becomes blocked and local blood flow is stopped. At the site of the stroke, neurons die, causing irreversible necrosis (red zone). Around this necrosis, blood flow is significantly reduced and oxygen is lacking. To compensate for this, the neurons go into dormancy in this area, known as the dark zone (blue zone). Action is required quickly to prevent this necrosis from expanding and setting in. ©Adapted from emiliegillet.fr/dossier-les-avc-vascular-accidents-cerebraux-frm145

The endovascular procedure, called mechanical Thrombectomy, is another treatment option that is strongly recommended. This surgical procedure is conducted in the operating room where the large brain clots were removed from the blocked blood vessel by using wired-caged devices known as stent retriever. The doctors send the catheter through the arteries in from the lower limp up to the blocked site in the brain where the stent retriever opens and grabs the blood clots; this enables the doctor to remove the clots without large incision or opening up the skull, makes minimal invasive-procedure thanks to the new technological developments.
[image: ]Source: Giacalone Mathilde , CREATIS 

(a)                                             (b)                                               (c)
Figure 1. 5  Removal of blood clot by thrombolysis (a); Brain artery image before and after ischemic surgery (b); stent retriever used in thrombectomy procedure (c). © adapted from Giacalone Mathilde, thesis presentation (CREATIS) 

[bookmark: Role_of_MRI_imaging]However, both treatments carry significant risks and are contraindicated in hemorrhagic stroke. Stroke is also a diagnostic and therapeutic emergency and the rapid and effective evaluation of the benefit/risk ratio of treatment is a major issue in the management of patients.
1.4. [bookmark: _Toc501196753][bookmark: _Toc22720022][bookmark: _Toc22736452][bookmark: _Toc54624034] Role of MRI imaging

	The main goal of imaging is to better triage patients since only the patients with reversible ischemia will benefit from treatment (Figure 1. 6). MR diffusion and perfusion imaging techniques that provide measures of infarct core and penumbra respectively, could be considered for selecting patients for acute reperfusion therapy beyond IV fibrinolytic time windows. 
	Only patients those who exhibit large ischemic region shown by perfusion deficit (blue) and small diffusion lesion (red) will really benefit from the reperfusion treatments. The diagnosis and initial treatment are crucial to the patients suffering from ischemic stroke and should be done expeditiously, a minimum number of diagnostic protocols or tests are recommended due to the importance of time. 
     [image: ]
[bookmark: _Ref53656055]Figure 1. 6 Schematic diagram of time points (green text) at which perfusion imaging should be performed according to the AHA guidelines (8)

	MR Imaging could confirm the nature of the stroke (ischemic/hemorrhagic), presence of ischemic injury, and also substantially useful to assess the risk of hemorrhagic transformation (HT) and potentially recoverable tissue following effective reperfusion. 
	Other imaging modalities are of interest for stroke, including Xenon-enhanced Computed Tomography (Xe-CT), Positron emission tomography (PET), Single Photon emission computed tomography (SPECT), and Dynamic perfusion computed tomography imaging, but only MRI can provide the non-invasive longitudinal follow-up required on patients. An MR enriched protocol with endogenous ASL perfusion techniques could provide additional information that may improve diagnosis, mechanism, and severity of ischemic stroke which paves way for more informed clinical decision-making [7]. 
	According to the current recommendations of the research societies [8] Image-guided selection of stroke treatment that aims to better evaluate the efficacy of reperfusion therapies, Imaging should be performed on patients at least 3-4 time points. Therefore at each of these evaluation time points, the perfusion status is of major interest:
a. Detection of the initial parenchymal and vascular state (area of abnormally perfused tissue i.e. hypoxic tissue to be saved)
b. Estimation of the biological effect of the intervention: quantification of the salvage area.
c. The occurrence of early hemorrhagic transformation and hemodynamic impact 
d. Final tissue outcome.

1.5. [bookmark: _Toc51328025][bookmark: _Toc54624035]MR Perfusion Imaging

	MRI cerebral perfusion characterization requires differentiating static brain tissue from the constantly moving blood. This can be achieved by introducing a contrast bolus into the bloodstream. The MRI perfusion measurement techniques are commonly divided into two separate groups. One is based on Arterial spin labeling (ASL) using blood water as an endogenous tracer and another one based on Dynamic contrast susceptibility (DSC). MR perfusion measurement techniques are capable of provides a quantitative evaluation of perfusion indexes at the pixel scale.
Important terms used in perfusion imaging are:
Time to Peak (TTP): time taken in seconds to reach peak voxel enhancement after the injection of a bolus. TTP serves as an indicator of delayed flow in the setting of stenosis or occlusion. Increased TTP in a voxel or region also indicates an abnormality.
Cerebral blood volume (CBV): Volume flow rate through cerebral vasculature per unit time (ml/100g of brain tissue).  The existence of Penumbra may demonstrate normal or increased CBV with autoregulation.
[image: ]
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Figure 1. 7  Illustration of perfusion parameters and their behavior

Cerebral blood flow (CBF): measure of the amount of blood flowing through capillaries per unit time per unit tissue (ml/min/100g brain tissue). CBF is significant to identify areas of low blood flow (hypoperfusion). Infarct core in a brain tissue displays decreased CBF by <30%. 
[image: ]
Mean Transit Time (MTT): time taken in seconds for blood to move from arteries to veins through the capillary bed. Increased MTT indicates a vasodilatory response to reduced flow. MTT is calculated as a ratio of CBV to CBF.

1.5.1. [bookmark: _Toc51328026][bookmark: _Toc54624036]Dynamic Susceptibility Contrast (DSC)
DSC techniques rely on the injection of MR contrast agent based on Gadolinium substrate (Gd) as a tracer because the paramagnetic effect of the Gd ions results in shortening relaxation time T1 and T2 of water in its close neighborhood. In DSC bolus of tracer were injected intravenously.  During the passage of bolus through the bloodstream, a series of T2* weighted images were acquired till the point at which the contrast agent is equally mixed with the total blood pool. Modeling of the tissue can further provide quantitative perfusion parameters such as the Cerebral Blood Flow (CBF), Cerebral Blood Volume (CBV), the Mean Transit Time (MTT), and Tmax, the time at maximum, and signature of how delayed is the bolus arrival time in the tissue. A Tmax>6sec is a generally admitted threshold for the definition of tissue at risk to be injured.
Since contrast agent is injected through an antecubital vein and then this bolus travels through cardiac and pulmonary circulation before it reaches the brain. So, when the bolus reaches the brain feeding arteries, its concentration profile (beginning and end) is no longer similar to that of the injection site. To quantify the perfusion it is necessary to have a reference measurement of the concentration profile closer to the brain tissue. This measurement of concentration as a function of time is called the arterial input function (AIF). AIF is very crucial for obtaining all the above mentioned hemodynamic parameters reliably. 
In order to be able to catch the signal variations induced by the tracer in the brain, the readout imaging technique should be as fast as possible. Echo Planar Imaging is the fastest gradient-echo readout technique, and it is generally used for this application using either de Spin-Echo (SE-EPI) or an FID preparation [3]. 

[image: ]
[bookmark: _Toc51328303]Figure 1. 8  Graph of signal vs time in the brain during the passage of gadolinium bolus
                   
The in-plane spatial resolution reached with this 2D imaging technique is ~4.0x4.0 mm2, it can cover the whole brain with 24 slices of 4 mm in less than 2sec. (Total readout time per slice =700ms) Contrast uptake in the tissue is followed over ~80sec. 
            
1.5.2. [bookmark: _Toc51328027][bookmark: _Toc54624037]Dynamic Contrast-Enhanced (DCE) 
DCE is another exogenous contrast-based perfusion technique widely used in the clinical routine. This technique provides information about physiological tissue characteristics. In DSC, injection of the contrast agent is followed by an acquisition of T2 weighted images whereas in DCE T1 weighted images were acquired.  Gadolinium ion chalets interaction with water causes a decrease in the relaxation time of water protons. This leads to a higher signal in T1weighted images reflecting the presence of the contrast agent. The signal changes induced by the paramagnetic tracer in the tissue as a function of time can be recovered from the DCE-MRI repeated T1-weighted images. Pharmacokinetic modeling help deriving quantitative perfusion parameters such as CBF, CBV but also more advanced parameters such as the extracellular volume (Ve), the exchange rate constants (Ktrans and Kep) between the blood compartment and the cerebral injured tissue.
Extravasation of the contrast agent in the tissue is slower than the first pass arrival of blood to tissue, thus a higher spatial resolution can be achieved and is generally preferred using a 3D Gradient Echo Sequence.  The in-plane spatial resolution reached with this 3D imaging technique is 4x4mm2; it can achieve a whole brain with 24 partitions of 4mm less than 2sec. The Total readout time per partition= 330ms. Contrast uptake in the tissue is followed over ~80sec. 
             [image: ]
Figure 1. 9  Schematic illustrations of  DCE imaging. dynamic curves obtained over several minutes (>5min) can be modeled assuming equilibrium of the contrast media between the plasma and the extravascular-extracellular space (EES). The fractional volume of EES per unit volume of tissue (Ve)  can be estimated, as well asdDirectional permeability through the capillaries: KTrans , the influx forward volume transfer constant (into EES from plasma), and (Kep=KTrans /Ve) the efflux rate constant from the EES to plasma.
Table 2.1 summarizes the main differences between the previously described MRI method. 
	
	DSC
	DCE
	ASL

	Bolus handling
	Bolus tracking
	Bolus passage
	Bolus tagging

	Acquisition point
	First pass of contrast agent
	Accumulation of contrast agent
	Accumulation of tagged blood

	Exogenous or endogenous
	Exogenous method
	Exogenous method
	Endogenous method

	Contrast media
	Intravenous bolus injection of Gd-based contrast agent
	Intravenous bolus injection of Gd-based contrast agent
	Without contrast agent

	Tracer
	Non-diffusible blood pool tracer
	Flow or permeability-limited diffusible tracer
	Diffusible tracer

	Relaxation mechanism
	T2/T2* relaxation
	T1 relaxation
	Magnetic labeled blood T1 relaxation

	Effect
	Increased susceptibility effect
	T1 shortening effect
	Blood magnetization inversion	

	Signal behaviors
	Decreased signal
	Increased signal
	Subtracted signal


Table 2. 1 Comparison of three types of MRI Perfusion techniques ©Source (Korean J Radiol 15(5), Sep/Oct 2014)

1.6. [bookmark: _Toc51328028][bookmark: _Toc54624038]PET Perfusion Imaging  

Positron Emission Tomography (PET) is another modality that provides an accurate quantitative regional measurement of CBF with excellent reproducibility and has an added advantage over other techniques to provide measurements of metabolism as well. In PET contrast agent is directly imaged, unlike MRI techniques where the indirect effect of contrast agent on the water is imaged. [15O]H2O PET is considered as the gold standard technique to measure quantitative CBF noninvasively to date. In a typical PET experiment, radiotracers such as [15O] were injected into the subject and modeled as a freely diffusible tracer that enters into the cerebral tissue but is not metabolized. Equilibrium is achieved within a few minutes, such that the integrated PET signal reflects the perfusion status of the brain. [15O]-water PET imaging usually requires a cyclotron at the imaging site due to the short half-life (_2 min) of oxygen-15. 
[image: ] Source:Institut Douglas/douglas.qc.ca

[bookmark: _Toc51328305]Figure 1. 10 The figure shows MRI, and typical [18F]FDG images from a healthy volunteer and an Alzheimer's Disease (AD) patient. The color scale expresses the rate of glucose utilization (from minimum to maximum). In these PET (Positron Emission Tomography) images (columns 2 and 3), the white and red colors represent the regions of the brain with the highest glucose utilization rates while the green and blue represent the hypometabolic brain areas. The arrows show the posterior temporo-parietal junction (lower row) and the posterior cingulate gyrus (top row).
Patients must also undergo arterial cannulation to determine an arterial input function (AIF) and other PET disadvantages are that it provides low spatial resolution images comparing other modalities. These complexities significantly hinder the measurement of CBF in clinical settings. As an alternative, arterial spin labeling (ASL) is a promising magnetic resonance imaging[4]. Though PET is the gold standard for the quantitative assessment of hemodynamic parameters [5]. Financial constraints and limited availability, however, have restricted the availability of PET and have led to the reliance on other technologies. 

1.7. [bookmark: _Toc51328029][bookmark: _Toc54624039]Computed Tomography (CT) Perfusion Measurement 
Computed tomography perfusion (CTP) is an X-rays based functional imaging technique that provides important information about capillary-level hemodynamics of the brain parenchyma. CTP is a natural complement to the strengths of unenhanced CT and CT angiography in the evaluation of acute stroke, vasospasm, and other neurovascular disorders. CTP is critical in determining the extent of irreversibly infarcted brain tissue (infarct “core”) and the severely ischemic but potentially salvageable tissue (“penumbra”). This is achieved by generating parametric maps of cerebral blood flow (CBF), cerebral blood volume (CBV), and mean transit time [6].
[bookmark: _Ref51280041]CTP imaging techniques are relatively new compared with MR imaging−based methods; their clinical applications are, therefore, less thoroughly reported in the literature. Despite this, because the general principles underlying the computation of perfusion parameters such as CBF, CBV, and MTT are the same for both MR imaging and CT, the overall clinical applicability of perfusion imaging by using either of these techniques is similar. Differences in technique create several important distinctions, is summarized in below table. 

[bookmark: _Toc51328484][bookmark: _Toc51328585]Table 2. 2 Comparison of merits and demerits between the CT and MR imaging methods
	                                          CT Perfusion 
	                              MR Perfusion

	CTP advantages
	MRP disavantages

	Linear relation of signal changes with contrast concentration; quantitative maps
	Nonlinear relation of signal changes with gadolinium concentration; non-quantitative maps

	Higher spatial resolution
	Lower spatial resolution

	More readily available
	Not as readily available

	CTP disavantages
	MRP advantages

	Ionizing radiation
	No ionizing radiation

	Limited z-direction coverage
	Whole-brain coverage

	Iodinated contrast–related concerns
	Gadolinium contrast concerns 

	Complex postprocessing
	Less labor-intensive postprocessing


The most important advantage of CTP is the linear relationship between contrast concentration and attenuation in CT, which facilitates the quantitative (versus relative) measurement of CBF and CBV. MR perfusion imaging (MRP) relies on the indirect T2* effect induced in the tissue by gadolinium; the T2* effect itself is not linearly related to the gadolinium concentration, making absolute measurement of CBF and CBV difficult. One disadvantage of CTP is, until recently, the relatively limited coverage, whereas MRP is capable of covering the whole brain during a single bolus injection. For making stroke-related treatment decisions, CTP coverage must be sufficient to scan the entire ischemic territory at risk of infarction. A second disadvantage of using CT rather than MR imaging for stroke assessment is the decreased sensitivity for the detection of cerebral microbleeds compared with gradient-echo sequences. Microbleeds detected on T2*-weighted MR imaging, however, have been shown not to be a contraindication to thrombolysis.
Much like MR perfusion, CT perfusion follows the tracer kinetic model and provides qualitative data that can be deconvolved mathematically into semiquantitative parameters of cerebral perfusion. Unlike MR perfusion, the arterial input function is identified reliably, an essential attribute if the quantitative data are to be believed.  Most importantly the CT enables differentiation of salvageable ischemic brain tissue (the penumbra) from the irrevocably damaged infarcted brain (the infarct core).  This is useful when assessing a patient for treatment (thrombolysis or clot retrieval). Although MRI is more sensitive to the early parenchymal changes of infarction its clinical application has been limited by difficulties in accessing MRI in a timely fashion in many institutions; this is especially important in this clinical setting as rapid imaging and treatment are crucial to successful intervention.
The concept of using dynamic CT to measure CBF is not recent; Axel first investigated the idea in 1980. Since then technology has evolved, and scanning is now faster and data manipulation more robust. Consequently, this technique has migrated from the laboratory to the clinical setting. CT perfusion is based upon the tracer kinetic model and assumes a non-diffusible tracer.  This first-pass technique monitors changes in density as a function of time.  ROI or pixel-based time attenuation curves are produced by deconvolution.  From these data, quantitative cerebral perfusion maps, including CBF, CBV, and MTT, are constructed.
[image: https://www.barrowneuro.org/wp-content/uploads/Figure-3.-A-Digital-subtraction-angiogram-shows-an-occluded-proximal-right-internal-carotid-artery..jpg]Source:Barrow Neurological institute

[bookmark: _Toc51328306]Figure 1. 11  (A) Digital subtraction angiogram shows an occluded proximal right internal carotid artery. (B) Computed tomography (CT) perfusion image shows decreased perfusion in the right frontal lobe. (C) CT perfusion means transit time image confirms prolonged blood transit time through the same territory. The prolonged transit time indicates brain tissue at risk of ischemia because the oxygen extraction fraction has already increased to compensate for the slower transit time. This territory has decreased perfusion “reserve.”

Patients who have undergone extracranial-to-intracranial bypass surgery have been evaluated postoperatively and even followed with CT perfusion imaging [7]. Anatomic studies may show an anastomosis to be patent and can provide a sense of perfusion, but they cannot quantify perfusion parameters. CT perfusion, however, can assess whether MTT is prolonged, which may suggest a relative mechanical delay of blood flow. The status of collateral circulation, such as delayed MTT but normal CBF and CBV values, also can be inferred. 

Figure 1. 12 give an idea of the collected signal per techniques. 

[image: ]
[bookmark: _Ref54604330]Figure 1. 12   illustrations of perfusion signal amplitudes originating from ASL, CT and DSC-MRI.
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[bookmark: _Toc425179650][bookmark: _Toc22736453][bookmark: _Toc54624040]Chapter 2 – Image Acquisition in Perfusion MRI

Image formation using magnetic resonance is a complex process based on the magnetic properties of tissue components, particularly hydrogen present in large quantities in the human body. The principle of MRI is to exploit the magnetism of the proton - the nucleus of hydrogen - present in the water molecule, which is the fundamental element that constitutes the living and in particular the human body. MRI images are obtained from sequences that orchestrate over time the placement of radiofrequency (RF) pulses (or B1 radiofrequency field), and magnetic field gradients controlled in duration and intensity. These are triggered according to very precise timing and will excite the magnetization of the proton, modifying its alignment with the imposed magnetic field B0 by taking into account precisely its evolution time in the medium with respect to its realignment properties with the magnetic field B0, and characterized by so-called relaxation times T1 and T2 (relaxation rate R1 =1/T1 and R2=1/T2). All sequences have at least two parameters in common: the repetition time (TR), and the echo time (TE). The choice of the sequence type and its parameter setting radically affect the formation of the NMR signal and the contrast of the resulting image. This chapter focuses on the gradient echo acquisition sequence or FLASH [8] and the Turbo-FLASH. FLASH is probably the most popular gradient echo sequence, and its understanding is crucial to understanding the more complex gradient echo sequence variants that are derived and proposed later.  The Turbo-FLASH sequence immediately aroused a major interest in cerebral perfusion imaging since it is a rapid imaging technique favoring T1 weighting, which is the property that we are seeking to exploit in this context of injection of a tracer (the Gadolinium) that will precisely modify the distribution volume of the water molecule T1. 
Creating an MRI image consists in amplifying the contrasts between the different tissues. Three types of contrasts can be exploited:
· Proton density (PD): this property is the easiest to understand. It simply makes it possible to differentiate tissues by collecting their signal, which depends, as its name suggests, on their proton density. With this type of imaging, more signals will be obtained from water- or fat-rich tissue (e. g. kidneys) than from tissue where the amount of hydrogen is less important such as bones or teeth.
· T1 weighted imaging exploits the spin-lattice relaxation properties of tissues. Tissues with a short T1 are represented by a high intensity. 
· T2 weighted imaging exploits the spin-spin relaxation properties of tissues. Unlike T1 imaging, long T2s are represented with the highest intensity
The images acquired in MRI are always a combination of the contributions of these 3 types of contrasts. By using different sequences and according to their settings, it is possible to promote the contribution of one or the other of these characteristics.
In our case, the perfusion sequence is configured to optimize the signal difference in time and space directly related to a variation in the quantity of tracer injected.



[bookmark: _Toc22736454][bookmark: _Toc54624041][bookmark: _Toc425179651]2.1.	NMR Experiment, T1 and T2 relaxations 

	The R1 and R2 relaxations can be characterized by two NMR experiments that we describe in the following. The magnetic behavior of an individually observed hydrogen nucleus can be explained by quantum mechanics, but classical mechanics are used to describing the evolution of the magnetization of a larger sample of spins. Here we will focus on classical mechanics using Bloch's equations [9] to explain the principles of excitation and relaxation that we exploit for the quantification of perfusion.


The Protons, as composite particles of atomic nuclei, are endowed with an angular momentum jn, to which a magnetic moment is connected by the gyromagnetic ratio γ
	
	(2.1)



The gyromagnetic ratio of the hydrogen nucleus is  
	This magnetic moment indicates that the hydrogen nucleus naturally produces a very weak rotating magnetic field. This rotating magnetic field is called spin and we speak of precession to qualify its rotation which is done around an axis. In a sample of protons, the orientation of this axis for each spin is random. The magnetic resultant of this set is therefore zero. If this sample is immersed in a sufficiently strong B0 magnetic field, the orientation of the axis of the spins conforms to the direction of B0. The sense of orientation can be the same as B0, and we speak of parallel orientation or opposite to B0 for antiparallel orientation. By convention, the direction and the sense of B0 form those of the Z-axis of the spatial benchmark of the laboratory. The Larmor spin precession rate is controlled by the field strength and the gyromagnetic ratio.
	
	(2.2)



ω0 represents the angular frequency. The resonance frequency f0 which is associated with it is more commonly used. We have seen that the rotation of the spins forms a precession cone around the Z-axis as shown in Figure 2. 1. In order to simplify the calculations later, we introduce a coordinate system (xyz) rotating around the Z-axis at the frequency f0 = 2π ω0. For an observer placed in this frame of reference, the magnetization, therefore, appears immobile.
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[bookmark: _Ref53656008]Figure 2. 1 Precessional movement of the macroscopic magnetization M, and of the rotating frame (xyz) around the field B0. The laboratory coordinate system is defined by the axes (XYZ). Mz corresponds to the component of the magnetization projected on the Z-axis, and Mxy to that projected in the transverse plane. The coil in the extension of the x-axis collects the signal emitted by the sample in the transverse plane.

If we introduce an RF pulse orthogonal to Z with frequency ω0 in this system, the pulse will then be perceived in the rotating frame of reference as a static field B1 orthogonal to B0. In this rotating frame of reference, this RF pulse will have the effect of tilting   in the direction of the transverse plane by an angle θ = γB1 τB1, with τB1 the duration of the pulse. We speak of a 90 ° or π / 2 pulse when   is completely tilted in the transverse plane, and of a 180 ° or π pulse when the duration of the pulse is doubled leading the magnetization in the direction opposite to the axis initial precession. 
A second effect caused by the B1 pulse is that it causes the spins to proceed in phase coherence. In other words, each spin of the sample is at the same position on the precession circle.
When the B1 pulse is stopped, the spins will gradually return to their precession state of equilibrium around the main static field B0. This is called free induction decay. Figure 2. 2  illustrates the relaxation phenomenon.
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[bookmark: _Ref53655967]Figure 2. 2 Relaxation phenomenon following the release of the B1 pulse by 90 °. The macroscopic magnetization vector returns to its equilibrium state according to the free precession movement. The coil (in X) in the transverse plane measures the signal emitted by the relaxation of the sample. The coil placed very precisely on the Y-axis allows the phase to be defined

The transverse component of    gradually decreases while it’s Z component increases until it reaches its initial value.  By placing a receiving coil in the transverse plane, it is possible to detect the macroscopic signal emitted by the relaxation of the sample. This relaxation phenomenon is described by Bloch's equations [10]. There are two types of relaxations: longitudinal relaxation R1 (or spin-lattice) characterized by the relaxation time T1 and transverse relaxation R2 (or spin-spin) characterized by the relaxation time T2.
[bookmark: _Toc54624042]2.1.1.	Longitudinal Relaxation (T1)

The variation of the longitudinal component of the magnetization MZ is described by the differential equation
	
	(2.3)



Solving this equation by taking into account the initial conditions makes it possible to define that the return of MZ to its equilibrium state is governed by the law
	


	(2.4)



The signal regrowth is therefore controlled by the relaxation time T1. 
Figure 2. 3  shows the simulation of the T1 magnetization regrowth along the Z-axis for different tissue samples with different T1 values. In order to clearly distinguish the tissues from one another on T1-weighted images, the principle is to maximize the signal difference between the tissues by exploiting their T1 properties. This principle will be discussed in more detail when describing the turbo-FLASH sequence.
[image: repousseMz]







[bookmark: _Ref53655983]
Figure 2. 3 simulation of the relaxation R1 of the magnetization of three sample spins with relaxation times T1 = 600ms (blue), T1 = 180ms (green), T1 = 800ms (red) after a 90 ° pulse. These relaxation times are characteristic of muscle, blood, and fat, respectively. At t = T1 the value of the Z component of the magnetization has recovered 63% of its magnetization at equilibrium. In a T1-weighted image, these T1 relaxation time differences are characterized by a signal difference that will be higher for a short T1 and lower as the T1 lengthens.

[bookmark: _Toc54624043]2.1.2.	Transverse Relaxation (T2)

We have seen that the application of RF results in phase consistency between the spins of the sample. When the B1 field is released, the exchange of energy between the nuclei of the sample causes the rapid loss of this coherence. In the rotating frame (xyz) this loss of coherence is perceived as a phase shift of the spins in the clockwise and anti-clockwise directions. This phenomenon is faster than longitudinal relaxation and is characterized by the relaxation time T2. Likewise, this phenomenon is governed by a first-order differential equation:
	
	(2.5)



With the solution of this equation being:
	
	(2.6)


[bookmark: _Toc425179652]

2.2. [bookmark: _Toc22736455][bookmark: _Toc54624044]From NMR to MR Imaging, Basic Sequence

The previous section presented the possibility of collecting the NMR signal emitted by a sample after receiving radiofrequency excitation. However, the resulting signal represents the synthesis of the signals emitted by all the spins, without spatial distinction. At this stage, it is therefore not yet possible to establish an image based on this information. In this section, we use what has been presented above to apply it to the formation of an image. MR imaging technique is presented through the spin-echo and gradient echo acquisition sequence, whose diagrams are presented in Figure 2. 4 and Figure 2. 5 respectively. Before presenting the sequence, we introduce some basic concepts necessary for understanding magnetic resonance imaging.
Gradient: Additional linear variation to static field B0 in a given direction (unit: mT/m). Gradients allow to modify the precession frequency of spins according to their spatial positions. In an MRI, the windings of the gradients Gx, Gy, and Gz are arranged along the spatial axes with Gz in alignment with field B0. However, the direction of the gradients can be achieved in all directions of space by combining the three windings. This allows images to be acquired in all orientations without the need to move the patient.
Gradient moment: The gradient moment is the product of the amplitude of the gradient by the time during which the gradient is applied. The notion of gradient moment makes it possible to control the phase of the spins by playing on these two factors. Thus, the same phase shift of the spins can be obtained either with a high amplitude and a short duration or with lower amplitude and a longer duration.
K-space or Fourier space: A frequency space in which the frequency distribution of an image is represented. It is in this space that NMR signals are collected. The transition from the representation of k-space to the spatial domain is performed using the Fourier transform.
Slice: A slice represents the plane of the patient's spatial area to be imaged. In MRI, the cut has a thickness. In addition, unlike some modalities such as CT scanning, the orientation of the sections can take all the orientations of the possible space.
[bookmark: _Toc22736456][bookmark: _Toc425179653]
2.2.1. [bookmark: _Toc54624045]Spin Echo sequence

In order to fully understand the mechanisms involved in the principle of acquiring an MRI image, it is very important to keep in mind that when encoding each line, it is the contribution of the signals of all the protons in the slice that is collected. The spin-echo (SE) sequence is one of the simple, earliest developed, and widely used MR pulse sequences till today. All spin-echo sequences include a slice selective 90-degree pulse followed by 180 degrees refocusing pulse. There are four main steps in the spin-echo imaging sequence as shown in the Figure below.
[image: ]
[bookmark: _Ref53655889]Figure 2. 4  Chronogram of spin-echo imaging sequence. The four main steps of the sequence are indicated by the letters A, B, C, D, and E.

A. the RF pulse of 90 degrees is applied while the slice selection gradient Gz is activated that sets a precession speed of the spins belonging to the slice at the Larmor frequency while accelerating or slowing down the spins outside the slice. In this way, only the spins within the slice are sensitive to the application of the RF pulse emitted during the activation time of Gz, and thereby the Mxy signal is at its maximum. 
B. the Gy phase encoding gradient is activated in an orthogonal direction to the slice selection. It should be noted that at each repetition required to encode each line of the k-space, the amplitude of the Gy gradient is different.  
C. Due to the T2* or free induction decay the Mxy signal decays rapidly and during this decay process, some proton vectors are fast and lead while some proton vectors slow and lag as they dephase.   Therefore after a time (t), a 180 degree RF pulse is applied in the transverse place. This makes the lagging protons to become leaders and vice versa.
D.	When the signal is acquired, a GX gradient of moment equivalent to twice the one used in step 2 is activated with a smaller amplitude, and with reverse polarity. Spins with a higher precession rate are slowed down, and conversely for those with a lower precession rate. This inversion leads to a rephasing (hence the name of this sequence "gradient echo") when balancing the gradient moments, which makes it possible to obtain the reading signal echo representing a line in the k-space.
E.	Once the k-space line is acquired, the gradients are all deactivated and the spins continue their relaxations R1 and R2 to reach their equilibrium state. This phase lasts up to t = TR, where the sequence is repeated for the acquisition of the next line. It is therefore understood that the T1 contrast between the fabrics is conditioned by the choice of the TR. Indeed, a short TR will limit the regrowth of the MZ component for tissues with a long T1. During subsequent repetitions, the signal from these tissues will therefore be weaker. In the final image, the intensity of these tissues will also be lower. The TE echo time must also be short to avoid T2 relaxation effects.

2.2.2. [bookmark: _Toc22736457][bookmark: _Toc54624046]FLASH or Gradient Echo sequence

Gradient echo (GRE) sequence is another basic and alternative MR image acquisition technique to the spin-echo sequence. The GRE is differing from SE on two primary points, GRE works on flip angles of less than 90 degrees and utilizes gradient fields to generate transverse magnetization. There are three main steps in the gradient echo sequence shown in the Figure below.
[image: gradientEcho]
[bookmark: _Ref53655855]Figure 2. 5  Gradient echo imaging sequence chronogram. The three main steps of the sequence are indicated by the letters A, B, C and D.

A.	The application of the slice selection gradient Gz allows to set a precession speed of the spins belonging to the slice at the Larmor frequency while accelerating or slowing down the spins outside the slice. In this way, only the spins within the slice are sensitive to the application of the RF pulse emitted during the activation time of Gz.
B.	The Gy phase encoding gradient is activated simultaneously in an orthogonal direction to the cut selection. It should be noted that at each repetition required to encode each line of the k-space, the amplitude of the Gy gradient is different.  This variation in amplitude is represented here by the factor g, with -1 ≤ g ≤ ≤ 1. The frequency encoding gradient is also applied in the third x-direction. The spins are therefore momentarily immersed in a field whose value depends on their spatial position in the cutting plane. A simplified representation of the field value as a function of the position in the cut is shown in Figure 2. 5 Their precession rate is therefore dependent on the strength of the local field and therefore on their position. This effect causes a phase shift of the spins. The phase shift angle depends on the amplitude of the gradient and its duration, this notion is summarized by the term gradient moment, defined above.
C.	When the signal is acquired, a GX gradient of moment equivalent to twice the one used in step 2 is activated with a smaller amplitude, and with reverse polarity. Spins with a higher precession rate are slowed down, and conversely for those with a lower precession rate. This inversion leads to a rephasing (hence the name of this sequence "gradient echo") when balancing the gradient moments, which makes it possible to obtain the reading signal echo representing a line in the k-space.
D.	Once the k-space line is acquired, the gradients are all deactivated and the spins continue their relaxations R1 and R2 to reach their equilibrium state. This phase lasts up to t = TR, where the sequence is repeated for the acquisition of the next line. It is therefore understood that the T1 contrast between the fabrics is conditioned by the choice of the TR. Indeed, a short TR will limit the regrowth of the MZ component for tissues with a long T1. During subsequent repetitions, the signal from these tissues will therefore be weaker. In the final image, the intensity of these tissues will also be lower. The TE echo time must also be short to avoid T2 relaxation effects.


2.2.3. [bookmark: _Toc51328038][bookmark: _Toc54624047]Two-Dimensional Echo planar imaging (2D-EPI)

2D-EPI is the fastest acquisition method in MRI which was first described by Mansfield in 1977. EPI enables one to acquire the complete image very rapidly with one or more excitations.  Image contrast in EPI depends on the excitation pulse and prior magnetization preparation used. Depending on how the refocusing echo is produced, EPI is sub-divided into gradient echo (GRE-EPI) and spin-echo (SE-EPI) sequences. Spin echo is produced by a pair of 90 and 180 degrees RF pulses whereas in gradient echo produced by a single RF pulse in conjugation with gradient reversal. In 2D spin-echo EPI multiple k-space lines are acquired by multiple –echo readout train and the basic pulse diagram is shown in Figure 2. 6. While the slice selection gradient is applied, RF pulse is transmitted to excite (tilt) the protons typically by 90 degrees. After a short delay (t) another 180 degrees refocusing RF pulse is transmitted to cause the spin-echo to occur 2t. This echo is sampled to create an image. The spatial resolution of the image is achieved by frequency encoding in one direction during the sampling of echo and in for other direction by preparing spins prior to readout using phase encoding gradient. Multiple echoes corresponding to each phase encoding line are generated with alternative gradients.
                              [image: ]
[bookmark: _Ref53655821][bookmark: _Toc51328336]Figure 2. 6  2D EPI pulse diagram, In this diagram show five MRI signals are phase-encoded and frequency encoded (and measured) after one excitation pulse

 	The EPI sequence offers significant benefits including reduced imaging time, reduced motion artifacts, and more importantly offers the ability to image the rapid physiological processes of the human body.  However, EPI also comes with a set of drawbacks, as it is very sensitive to susceptibility artifacts and sensitive to magnetic field inhomogeneity and also the long echo gradient train causes high T2* weighting. Depending on how k-space traversed is using either a single or a small number of excitations, the sequence is termed as single-shot or multi-shot readout respectively. 2D EPI is susceptible to strong off-resonance effects in the phase encoding direction leading to geometric distortions and voxel shape variations yet offering fast imaging, simpler image reconstruction, and SNR efficiency making it suitable for ASL imaging. Two-dimensional single-shot readout methods are the preferred choice after 3D methods. Spirals and EPI were extensively used in ASL imaging and both are having similar performances to one another.  



[bookmark: _Toc22736462]

[bookmark: _Toc54624048]Chapter 3 – Arterial Spin Labeling (ASL) Based Perfusion Imaging

Arterial spin labeling (ASL) is a non-ionizing and completely non-invasive MRI technique that enables quantitative measurement of tissue perfusion. This technique was first proposed by Detre et al in 1992 [11]. Water transport across the blood-brain barrier is relatively unrestricted and water protons are considered diffusible tracers. ASL uses arterial blood water protons as an endogenous diffusible tracer by magnetically labeling them using radiofrequency (RF) pulses. This is a unique advantage that makes ASL suitable for perfusion studies in patients and healthy volunteers who need repetitive follow-ups. ASL is greatly appreciated for perfusion measurement in pediatric and renal insufficient patients where the usages of exogenous contrast agents and radio-active tracers may be restricted. Unlike other conventional bolus methods, ASL permits absolute quantification which enables the recognition of hypo or hyperperfusion states and allows making a comparison between multiple measurements in longitudinal studies.

[bookmark: _Toc22736463][bookmark: _Toc54624049]3.1.	General principle of Arterial Spin Labeling (ASL)


In ASL, labeling is performed on main brain feeding arteries such as internal carotid arteries (ICA) before labeled arterial blood water entering into tissue at the region of interest. After the labeling, sufficient delay is inserted into the sequence to allow the labeled spins to travel to the brain microvasculature and diffuse into the tissue. The spins at the microvasculature and brain tissue are either inverted or saturated. Images are acquired once the labeling is proton density-weighted by a short echo time in order to limit the transverse relaxation influence and these images are called ‘Labeled’. These labeled images sensitive to not only labeled spins but also to static spins in the brain tissue. Separate images of the same tissue were acquired without labeling the spins and called ‘Control’ Images.
   
[image: ]Source:Siemens/ Magnetom Flash

    Figure 3. 1 ASL imaging, Top Row: Tag image acquisitions Bottom Row: Control Image acquisition 

The Perfusion weighted image representing the signal only sensitive to labeling spins is obtained by subtracting the label images from the Control image, but this measured perfusion-weighted signal is very small and it’s about 1-2%. Therefore, the perfusion image is constructed by averaging several repetitions of paired Label-Control images, in order to accumulate more signals (increase SNR) and enable the physician to read the perfusion states reliably. Since the ASL is a completely non-invasive and repeatable technique that gives direct quantitative perfusion measurement values is highly recommended for patients with renal problems.  

The first ASL experiment was conducted on rat brain using a spin-echo sequence and acquired single slice coronal images [11]. This path-breaking experiment took 16 minutes to acquire two sets of label and control images of a single slice. Over a period of time through a number of methodological improvements ASL MRI technique has reached the clinic where whole-brain high-quality perfusion images can be acquired in a few minutes. 

Several ASL preparations have been proposed and a consensus white paper [12] identified the two most performing techniques and provides guidelines for robust MR protocols

[bookmark: _Toc22736464][bookmark: _Toc54624050] 3.2.	Labeling Approaches/ Magnetization preparation

A number of ASL variants are available today which are divided into three categories: i) Continuous/pseudo-continuous ASL (CASL/PCASL), ii) Pulsed ASL (PASL), iii) Velocity- Selective ASL (VS-ASL).  This classification is based on spatial location and inversion pulse duration (temporal layout) used to label the arterial spins. ASL perfusion technique is based on the assumption that the only difference between the label and control images are originating from the inflow of labeled spins. Therefore it is absolutely necessary to make sure that the influence of the labeling approach on the spins in the imaging slice is equal during label and control acquisition. 
 
[bookmark: _Toc22720028][bookmark: _Toc54624051][bookmark: _Toc501196758][bookmark: pcasl25]3.2.1.	Continuous and Pseudo-continuous ASL (CASL/pCASL) 
Continuous arterial spin labeling (CASL) was the first true ASL technique developed by Williams et al. CASL labeling was performed using a constant, low amplitude, flow-driven adiabatic inversion radio frequency pulse combined with imaging gradient to produce spin inversion in the flow direction. CASL labeling pulse is applied a relatively longer period of about 1.5 to 2.5ms continuously on the small labeling plane through the brain feeding artery. This creates a sufficient long bolus of labeled blood which is essential to achieve perfusion images with a high signal to noise ratio. Because of long and continuous RF inversion pulse results in higher RF power deposition and this could potentially give rise to a phenomenon called the magnetization transfer effect.
 	Pseudo-continuous ASL (pCASL) is a hybrid implementation of continuous arterial spin labeling in which a long train of slice-selective RF pulses replaces continuous RF pulses applied at the labeling plane, along with a train of gradient pulses that have a small but non-zero mean value. The mean value of both RF and gradient pulses over time are similar to those used in CASL, and the mechanism of inversion is the same. PCASL is preferred over CASL for two reasons: 1) CASL produces significant saturation of brain tissue through magnetization transfer (MT) effects, leading to subtraction errors between label and control states. In addition to that, pulse sequence modifications that have been introduced to reduce these errors lead to decreased labeling efficiency. In PCASL, larger gradients are present during RF pulses, increasing the resonant offset of the pulses relative to brain tissue, and thereby decreasing MT effects and increasing labeling efficiency. 2) CASL requires continuous application of RF power, which most current RF amplifiers cannot provide without modification, while PCASL is compatible with existing RF amplifiers.
[image: ]
Figure 3. 2  Schematic diagrams of CASL and PCASL preparation and image acquisition sequence
In this study the Parameters (lambda, alpha, M0 threshold, T1a, blood) are used with a formula as described in Wang et al Radiology 235:218-228 (2005):
[image: ](2.7)



[bookmark: _Toc22720029][bookmark: _Toc54624052][bookmark: pulsed24]3.2.2.	Pulsed ASL (PASL) 

In PASL, an RF pulse inverts a slab of tissue, including arteries, proximal to the area of interest. Many PASL labeling methods, and associated acronyms, have been introduced to produce this inversion, but overall, the methods are more similar than different. Classic Pulsed-ASL labeling was achieved using Q2TIPS-FAIR implementation (4, 5). The selected ASL parameters are also summarized in Table 1. Briefly, saturation bands were applied along both sides of the imaging slab to minimize aliasing artifacts in the slice encoding direction, as well as to suppress the intravascular signals carried by both arterial and venous inflows. To allow blood to fully exchange with the tissue, an inversion time of 1500ms was chosen. Background suppression pulses were applied to null the stationary tissue signal and further improve perfusion SNR (6). are used with a formula as described in JJ-Wang et al. JMRI 18:404-413 (2003):


[image: ]
Figure 3. 3  Schematic diagrams of PASL and VASL preparation and image acquisition sequence
In our experiments Parameters (lambda, alpha, M0 threshold, CBF user scale factor, CBF upper cutoff, T1a,blood) 
             [image: ]


[bookmark: _Toc22720030][bookmark: _Toc54624053]3.2.3.	Velocity-Selective ASL (VSASL) 

	All the conventional ASL techniques are using spatially selective Radiofrequency pulses to label all the spins with a specified location whereas the velocity selective arterial spin labeling (VSASL) method labels all the flowing spins with a specified velocity range regardless of their location [13]. In principle, the nature of VSASL labeling radiofrequency pulses were designed in such a way that intravascular spins present in and around the imaging slice are tagged. Thus in theory the transit time is minimized. 

Just like conventional ASL methods VSASL too has a similar sequence of events begin with labeling pulse which modifies the magnetization of inflowing arterial water spins followed by a post labeling delay and then image acquisition. The labeling pulses modulate the longitudinal magnetizations (saturation) of inflowing spins with above certain velocity after delay images of all spins whose velocity below cutoff velocity are acquired. Such that VSASL is designed to be sensitive to blood as it’s velocity slows down during entry to the micro-vessels and in this way is sensitive to perfusion.
[image: ]Source: JINS 2007 May; 13(3):517-25

Figure 3. 4 Pulsed, continuous, and velocity-selective ASL methods use various techniques to either invert or saturate the magnetization of arterial blood. The difference ∆M between control and tag images is proportional to CBF

	Initial results were shown to be reasonably good in normal volunteers and in patients with cerebrovascular pathologies [13]. Further feasibility studies are also coming out with a positive picture with additional advantages such as VS ASL is inherently free from the intravascular signal of large vessels [14].  However, CBF quantification may be confounded by irregular vascular distribution to the tissue of interest and errors may be introduced if the velocity selective tagging is applied off the direction of blood supply [14]. VSASL is considered to be in the development stage as it still requires adequate clinical validations and optimizations.

However, thus far the SNR of this technique has been constrained as labeled blood could only be saturated rather than inverted. Wong et al., have reported preliminary results using a sequence of RF pulses to invert, rather than saturate, blood flowing in a certain velocity range [15].


[bookmark: _Toc22720031][bookmark: _Toc22736465][bookmark: _Toc54624054]3.3.	Background Suppression 

[bookmark: _Toc22720032][bookmark: _Toc22736466][bookmark: _Toc501196759][bookmark: Limitations_of_current_protocols]	All ASL implementations are using control-label image subtraction to separate perfusion signal from the static brain tissue. Blood contributes approximately 5% of total brain volume and perfusion replaces 1% of brain water by inflowing blood water every second.  Therefore perfusion signal induced by a 2-second bolus of labeled blood is typically 20 times smaller than the static tissue signal even in the best possible scenario. This indicates a small percentage of signal fluctuations of the static tissue would be proportional to that of total perfusion signal intensity and thereby leading to a decrease in SNR of ASL. 
[image: ]Source: JINS 2007 May; 13(3):517-25

Figure 3. 5 schematics of two pulse  Background suppression scheme
Physiological noise such as respiratory cycle and patient motion are major sources to signal fluctuations and intrinsic in nature. These signal fluctuations could be reduced considerably if we could decrease the native image intensity without decreasing the relative perfusion signal. Such a decrease in image intensity could be achieved by inserting additional non-selective inversion pulses into the sequence ideally after labeling and before the readout module. This static tissue signal nullification during the image acquisition is called as background suppression (BS). 

[bookmark: _Toc51328037][bookmark: _Toc54624055]3.4.	3D recommended readout with ASL-preparation

 ASL imaging consists of a magnetization preparation (labeling) scheme followed by a readout module, these two acquisition components are independent to a considerable extent. Any readout technique predominantly a proton density-weighted could be used but the choice of readout module plays an important role to achieve higher SNR, reduce overall acquisition time, and overcome patient motion-related artifacts. There is a wide range of readout strategies available in MR based on the difference in slice excitation, type of echoes recorded, and k-space trajectory. A combination of these parameters paved the way to introduce many hybrid readout techniques and the advent of parallel imaging made it even more complex and highly desirable due to its efficacy and efficiency. Low intrinsic SNR is a major limitation of the ASL perfusion method because of T1 decay of labeled blood and only about 1-2% of protons present in the brain water can be magnetically labeled (Aguirre GK,  Int Rev Neurobiol. 2005; 66:213–236.). Therefore improving an SNR of ASL MRI is a major challenge since its invention. The advent of high-field scanners contributed to improving the SNR by improving the sensitivity to ASL, increased raw image SNR, and longer T1 of protons due to the high field.  A number of previous studies demonstrated that about 3 time’s higher SNR of ASL images acquired by using 3D methods than 2D methods. Currently, 3D sequences with segmented readouts are preferred for ASL imaging thanks to its single excitation per TR, which is optimal for effective background suppression. Though 3D readouts tend to be preferred at this point in time yet still it needs to be well tested to make it universally acceptable.  2D spiral and echo-planar imaging (EPI) is the second preferred method because they are relatively less sensitive to patient motion and available in all the vendor systems.

[bookmark: _Toc51328039][bookmark: _Toc54624056]3.4.1.	3D GRASE Cartesian single-shot and multi-shot

Three-dimensional gradient and spin-echo (3D GRASE) or turbo gradient spin echo (TGSE) is a hybrid readout technique combining a series of alternatively acquired gradient echoes with spin echoes.  GRASE enables to acquire T2 weighted images at a very short acquisition time and maintains equivalent image contrast and spatial resolution to that of spin-echo sequence.  

                        
[image: ]Source: MRM 54:491– 498 (2005)


[bookmark: _Toc51328337]Figure 3. 6 Schematic display of the arterial spin labeling sequence with single-shot 3D-GRASE readout.

Advantages of GRASE
1. Reduced acquisition time 
2. Intermittent refocusing reduces image artifacts 
3. compatible with clinical whole-body MR 
4. Optimal for Background suppression which eliminates respiratory motion artifacts

3D GRASE protocol can be configured as either a single-shot or multi-shot (segmented) k-space acquisition. In single-shot, the entire raw data set is acquired  with a single excitation pulse followed by a number of 180° refocusing pulses equivalent to the number of slices in the 3D slab. As shown in figure 3.6 the phase-encoding  and readout gradients are played in between the 180°. In order to improve the signal-to-noise ratio, spatial resoluntion and field-of-view each required k-space is acquired over a number of sequence repetitions (TR) each collecting only a portion of the complete raw data set.  Single-shot is favorable when the subject movement is expected.  

[bookmark: _Toc51328040][bookmark: _Toc54624057]3.4.2.	3D GRASE Propeller or 3D GRASE Blade

Single-shot 3D GRASE with PROPELLER (Periodically Rotated Overlapping ParallEL Lines with Enhanced Reconstruction) readout trajectory (3DGP) has been proposed as an alternative to 3D GRASE Cartesian (3DGC) strategy to increase the robustness of 3D GRASE with regards to motion and reduction of through-plane blurring.  The PROPELLER sequence acquires a series of rectangular strips  or blades that rotate around the k space (Figure 3. 7), so every blade contains a portion of central k-space and therefore can be used to obtain a low-frequency average image. The presence of a central portion in each blade offers the ability to compute the shift (translation and rotation) and correct it. 3D GRASE BLADE (3DGB) offers an advantage of self-referenced patient bulk motion correction over other readout strategies that will be exploited in chapter 4.
                                           [image: ]
[bookmark: _Ref53655776][bookmark: _Toc51328338]Figure 3. 7 Graphical illustrations of 2D (left) and 3D (right) Propeller k space acquisition trajectories.

Comparable motion correction is difficult in multi-shot methods with Cartesian trajectory without acquiring additional navigator echoes which further reduces acquisition efficiency.   Patient motion correction can reduce motion artifacts, limit the loss of spatial resolution and improve the anatomical information which in turn makes pathological findings easier also this is especially helpful in non-cooperative patients such as stroke patients and pediatric patients. A disadvantage of the BLADE is an increase in scan time to fully sample k-space as a multi-shot technique. However, this disadvantage is inconsequential for ASL imaging where signal averaging is necessary to achieve adequate perfusion SNR.
Individual control and label images of ASL pairs across the time series may have a bulk transformation by different amounts and directions. If we subtract these misaligned images then the resulting perfusion-weighted image may contain artifact and become useless. To address this issue we have developed an algorithm to compute partition specific global reference image by which we align all the images of a given partition to a single reference image and nullify the subtraction error.
[bookmark: _Toc51328041][bookmark: _Toc54624058]3.4.3.	Spiral Trajectory Readout

The spiral acquisition is another widely used non-Cartesian readout module in fMRI imaging. CT spiral scanning where the X-ray tube and detector were continuously rotating while data is recorded is very different from MR spiral scanning referring a k-space sampling pattern. The spiral trajectory begins sampling data at the center of k-space then progresses along the Archimedean spiral which enables us to cover a larger portion of k-space for each radiofrequency excitation. Spiral readout could be either a single shot or a multi-shot. A single short spiral trajectory and gradient waveform is shown in Figure 3. 8. 
[image: ]Source: Cambridge University press pp 183-364

[bookmark: _Ref53655755][bookmark: _Toc51328339]Figure 3. 8  Illustration of spiral k-space acquisition trajectory (a) and its pulse sequence diagram (b). 

Similar to radial acquisition in spiral too there is no longer a phase encoding and frequency encoding concept is viable and the data is constantly sampled. The 3D spiral sequence also referred to as a 3D stack of spirals is also optimal for background suppression thereby making it suitable for ASL imaging.  Spiral also enables us to sample a large portion of k-space for a single RF excitation leading to greater scan efficiency than conventional Cartesian readout. Since adjacent k-space points are sampled at the close temporal proximity spiral images are tend to have lesser artifacts than images from EPI sequences.

[bookmark: _Toc22736470][bookmark: _Toc54624059]3.4.	Simultaneous Multi-Slice or Multi-Band  

Simultaneous multi-slice imaging is one solution to minimize the MRI measurement time and also makes it much easier to image moving anatomy. Simultaneous multislice (SMS) uses multiband radiofrequency (RF) pulses to simultaneously excite multiple spatially distributed slices and reads out these images in an echo train. The superimposed signals that are acquired from multiple slices are further unwrapped via un-aliasing image reconstruction [16]. This technique was further developed to reduce the acquisition time in diffusion or functional studies based on 2D single-shot EPI readouts [17]. The simultaneous acquisition of multiple slices enables a coupled reduction of the total acquisition time and accelerated through-plane coverage, if desired, or is improved through-plane resolution without a time penalty for whole-brain applications (although SNR/contrast-to-noise ratio(CNR) reduction in control/label pair will be proportional to the slice thickness reduction). SMS imaging appears as an attractive solution for whole-brain ASL to increase the spatial resolution in the slice direction using a 2D EPI readout. 
[image: ]
Figure 3. 9  Principle of simultaneous multiple slice (SMS)  imaging. Simultaneous excitation of multiple slice at once by a composite multiband radiofrequency (RF) pulse. The superimposed signals that are acquired from multiple slices are further unwrapped via un-aliasing image reconstruction (Slice GRAPPA+ in-Plane GRAPPA). 


[bookmark: _Toc22736471][bookmark: _Toc54624060]3.5.	Quantification of CBF in ASL

Quantification of cerebral blood flow indicating tissue health and neural activity is the most attractive feature of ASL. Perfusion weighted (PW) image obtained by subtracting label image from control reflects the number of labeled spins present at the time of imaging. Intensity values of PW image are only arbitrary and therefore translating it into absolute CBF metrics requires normalization. This can be achieved by the three-step process. 
1. Image preprocessing, filtering, and removal of artifacts
2. Separate proton density (PD) image or M0 image acquisition for scaling signal intensities.
3. Fitting values from the PW image into the mathematical model to obtain absolute flow values on a pixel by pixel basis.

Image Preprocessing and Filtering
ASL images are prone to physiological noise and rigid body motion commonly occurs between the control and label image acquisitions. Raw images are preprocessed to clean up as much as possible using de-noising methods followed by co-registration. Outlier analyses are often employed to remove image artifacts resulting from gradient malfunctions by eliminating the differences between the control and label images. For advanced regional studies, raw images are segmented into the grey matter and white matter in order to minimize partial volume effects.  


Mo Image
Measurement of absolute perfusion quantification by ASL is based on the idea to create a tracer in the brain feeding arteries and observe which brain tissue is fed by this tracer. In theory signal intensities in the calibrated perfusion-weighted image should be compared to the signal intensity of pure blood. This signal is maximum when the voxel is completely filled by the perfectly labeled blood. Therefore it is necessary to scale the arbitrary signal intensities of the perfusion-weighted image into equilibrium magnetization of the arterial blood (M0b). Theoretically, M0b value must be measured from pure arterial voxel but practically it is not possible because of limitations of image resolution, voxel size of vessels, and partial volume effects. There are various approaches proposed to measure M0b based on the temporal average of signal intensities form control images or MR signal intensities at the reference regions in the brain such as ventricles. In these approaches, M0b is calculated indirectly by measuring the equilibrium magnetization of brain tissue and CSF and then compensate by a correction factor.  For example, when using control images to measure M0b it is necessary to divide the image intensities by a brain-blood coefficient (𝜆) which is a ratio of M0(brain tissue) to M0(blood). 

3.5.1. [bookmark: _Toc51328043][bookmark: _Toc54624061]General Kinetic Model

This Buxton et al [19] proposed method is most commonly for ASL quantification because of its flexibility to include a broad range of systemic errors including variable transit time and T1 relaxation time variations caused by the exchange of labeled water between the capillary and tissue.  This model considers perfusion signal resulting from label and control image subtraction as a spatially localized tracer concentration delivered by arterial blood flow and present at the time of imaging. The amount of tracer presence at a given voxel would be influenced by the following factors.  
1. Arterial Input function C(t), amount of magnetization delivered by the arterial flow at the time of acquisition (t).
2. Residual function R(t) fraction of remaining labeled water present at t after reaching a given voxel
3. Magnetization Relaxation function M(t) fraction of remaining T1 carried by labeling water at t after arrival
3.6. [bookmark: _Toc51328045][bookmark: _Toc54624062] Artifacts 
[bookmark: _Toc51328046]
3.6.1. [bookmark: _Toc54624063]ASL specific Artifacts 

In ASL the labeling effect is very weak which necessitates multiple repetitions of label and control image acquisition and averaging in order to ensure the adequate SNR. Due to the longer imaging time, weak labeling effect, hardware sensitivity limitations, intrinsic nature of tracer, and image acquisition methods used in ASL in order to short the overall imaging time results in various artifacts. 
3.6.1.1. [bookmark: _Toc51328047][bookmark: _Toc54624064]Intravascular Signal artifact

These artifacts are related to the presence of labeled spins in the vessels. During the labeling process, if the inverted bolus is not sharply delineated or the inversion time (TI) is very short or delayed arrival of arterial bolus due to pathological conditions such as severe carotid stenosis makes the labeled protons to stay in the arteries longer. So at a time of image readout labeled spins were still may not have had sufficient time to diffuse into the tissue.  These larger vessels can be recognized as an exceptionally bright spot in the perfusion images.   This artifact may have clinical value as the abnormal pixel intensity is an indicator of the presence of pathological conditions for example moyamoya disease[Zaharchuk G, Do et al. Stroke 2011;42:2485—91.]. 
	[image: ]  Source :(http://mriquestions.com/asl-artifacts.html) 


[bookmark: _Toc51328340]Figure 3. 10 Signal in the right middle cerebral artery (blue arrow, left image) and in the superior sagittal sinus (white arrow, right image). 

One solution to reduce large vessel signals in a homogenous manner is by applying large bipolar crusher gradients in several directions (axes) during the acquisitions, just before the image acquisition in order to remove the rapid flow. Another solution is employing an optimal inversion time depending on the expected vascular flow rates.  For example, the TI should be long enough in elderly patients and considerably shorter in children.
	


3.6.1.2. [bookmark: _Toc51328048][bookmark: _Toc54624065]Signal loss in Distal Slices

In ASL imaging, the relaxation of labeled spins over time causes overall perfusion signal loss in the most distal slices from the inversion slab. This artifact is highly visible in lower field strength (1.5T) than the higher field strength (3.0T) because of the labeling duration in 1.5T is shorter due to the shorter T1 of the blood. Particularly with the caudocranial 2D acquisition method, this artifact is prominently visible in the upper slices.  3D image acquisition and advanced acquisition methods such as parallel imaging reduce this artifact by its shortened image acquisition time.
         [image: ]Source :J.C. Ferre et al,  DII (2013) 94, 1211-1223

[bookmark: _Toc51328341]Figure 3. 11 Loss of signal from the upper slices. These arterial spin labeling mappings demonstrate the progressive reduction in signal on the slices acquired later and later. This effect is less distinct at 3 T although still present and improved with a 3D acquisition and when the TE may be reduced by parallel imaging.

[bookmark: _Toc51328049] 
3.6.1.3. [bookmark: _Toc54624066]Physiological hyperperfusion/ hypoperfusion

Sometimes in the perfusion maps, some areas of hypoperfusion and hyperperfusion are normally visible which are related to the physiological modifications in the perfusion. The hyperperfusion related artifacts are considered normal in the young population and considerably decreases with age and cardiovascular risk [20]. Some studies suggest that the hyperperfusion is visible in the occipital region due to the activation of the visual cortex under the MR field while the visible hyperperfusion in the internal frontal region is related to transit time and vascular signal. 
[image: ]Source :J.C. Ferre et al,  DII (2013) 94, 1211-1223

[bookmark: _Toc51328342]Figure 3. 12 Zones of physiological hyperperfusion. These perfusion-weighted images, in three different subjects, show the internal bilateral occipital and frontal physiological hyperperfusion (circles).
Hypoperfusion is visible prominently in the arterial border zones specifically the areas extending from frontal and occipital horns to frontal and Perito-occipital regions. This aspect may be associated with the difficulty, in some situations, of obtaining a reliable CBF measurement in the white matter.
[image: ]Source :J.C. Ferre et al,  DII (2013) 94, 1211-1223

[bookmark: _Toc51328343]Figure 3. 13 Zones of physiological hypoperfusion. These perfusion-weighted images, in three different subjects, obtained with pulsed labeling, show the physiological hypoperfusion of the junctional territories (arrows).


3.6.1.4. [bookmark: _Toc51328050][bookmark: _Toc54624067]Post gadolinium ASL

It is not possible to perform the ASL perfusion imaging immediately after the injection of gadolinium (Gd) contrast media. This is because Gd significantly reduces the T1 relaxation time of blood and therefore using ASL labeling its simply not possible to detect the small signal difference between the control and label images.
[image: ]Source :J.C. Ferre et al,  DII (2013) 94, 1211-1223

[bookmark: _Toc51328344]Figure 3. 14  Arterial spin labeling after the injection of gadolinium. The arterial spin labeling mapping obtained after the injection of gadolinium are not analyzable, as in this case of secondary left parietal localization.

Considering the half-life time of the gadolinium contrast media, in order to nullify its effect on ASL labeling a minimum of twelve hours gap is necessary. This is the reason ASL is strictly always recommended to perform before the injection of any contrast media. 
3.6.2. [bookmark: _Toc51328051][bookmark: _Toc54624068]ASL Non-Specific Artifacts

There image artifacts that are not specific to ASL but have an impact on the quality of the perfusion maps. These are mainly related to MR hardware, readout methods used, and subject motion.
3.6.2.1. [bookmark: _Toc51328052][bookmark: _Toc54624069]Coil Sensitivity Artifact

The spatial variations of the sensitivity of the phased array coil elements may differ slightly and thereby mimic areas of hyper- or hypo-perfusion on ASL images.  If an element in an array coil is defective or its sensitivity differs greatly than others, this results in a peripheral focal area where the perfusion differs as shown in Figure 3.15.
[image: ]Source :J.C. Ferre et al,  DII (2013) 94, 1211-1223

[bookmark: _Toc51328345]Figure 3. 15 Sensitivity of a phased array coil element. These perfusion-weighted images, in three subjects, acquired with the same coil, show that the signal appears greater in all subjects when near one of the coil elements.
It is necessary to confirm this artifact by obtaining a second sequence acquisition by positioning the patient’s head differently in the coil. Coil artifacts may be mitigated by image filtering and other postprocessing techniques. A post-treatment correction may also be added by using M0 mapping.
3.6.2.2. [bookmark: _Toc51328053][bookmark: _Toc54624070]Motion Artifact

In ASL multiple repetitions of control and label image acquisitions are necessary to obtain a diagnostic quality perfusion map with satisfactory SNR. This makes the ASL sequence susceptible to patient movement artifacts. Patient movement between control and tagging sequences often appears as a halo around the area of interest. In brain ASL this is typically manifest by visualization of the scalp. Slice-to-slice variations in brightness may also occur.

[image: ]Source :J.C. Ferre et al,  DII (2013) 94, 1211-1223

[bookmark: _Toc51328346]Figure 3. 16 Movement artifacts. a—b: if the patient moves during the acquisition, the mapping appears more noised with a globally weaker signal (a), when compared with the images acquired without movement (b). 

 Post-processing motion correction is commonly performed to align the paired images and reduce these effects of gross patient motion. Slices with large position changes can even be discarded with little decrease in SNR.
3.6.2.3. [bookmark: _Toc51328054][bookmark: _Toc54624071]Susceptibility artifact

Magnetic susceptibility artifacts are generally related to the rapid image readouts and particularly visible with Echo planar imaging (EPI) based sequences. They are visible as a focal reduction in perfusion at the base of the skull, in the temporal and frontal region figure 3.17. They are also present in hematomas, calcifications, metal materials, or in contact with early post-surgical changes.
[image: ]Source :J.C. Ferre et al,  DII (2013) 94, 1211-1223

[bookmark: _Ref53655705][bookmark: _Toc51328347]Figure 3. 17 Artifacts of magnetic susceptibility. a: the artifacts of magnetic susceptibility are clearly visible (circles) on the native images;b: on the cerebral blood flow mapping, they are visible in the form of a focal reduction in perfusion; c—d: the same images acquired after the application of parallel imaging (GRAPPA with a factor 2), reveal a reduction in these artifacts on the native images (c) as well as on the CBF mapping (d).

One way to reduce these artifacts is to use less sensitive methods of image acquisition such as True-FISP or 3D GRASEand/or use parallel imaging [21].

3.6.2.4. [bookmark: _Toc51328055][bookmark: _Toc54624072] Parallel imaging artifact

These non-specific artifacts are less distinct on perfusion mapping than on the native imaging, due to the subtraction [22]. IN SENSE and mSENSE acquisition techniques, these artifacts appear as aliasing and in the GRAPPA technique, these artifacts produce a diffuse or even grainy image with high acceleration factors.
[image: ]Source :J.C. Ferre et al,  DII (2013) 94, 1211-1223

[bookmark: _Toc51328348]Figure 3. 18 Parallel imaging artifacts. Parallel imaging artifacts are above all visible in the native images (upper line). They increase with the parallel imaging factor (here factors 2 and 4). With the generalized autocalibrating partially parallel acquisitions (GRAPPA) technique, they are the cause of a grainy appearance of the image, while with the sensitivity encoding technique (SENSE), they provide aliasing. On the cerebral blood flow mapping (lower line), they are less clearly visible but are responsible for an increase in noise.
[image: ]Source :(http://mriquestions.com/asl-artifacts.html) 


[bookmark: _Toc51328349]Figure 3. 19 Failed background suppression in ASL image shows abnormal high signal in ventricles (arrows) due to T2-shine-through effects. The raw data images show how background suppression failed on the control image (middle) but not the tagged image (right).

The usual method is to apply additional slice-specific inversion or saturation pulses to stationary tissue while leaving the flow-sensitive component relatively unaffected. If background saturation fails during part of an ASL examination, postprocessing methods may identify and discard the affected slices, thus salvaging an otherwise unreadable exam.
3.7. [bookmark: _Toc51328056][bookmark: _Toc54624073]Challenges facing / Current limitations in ASL

As a technique, ASL has limitations. In general, ASL suffers from a relatively low signal-to-noise ratio, a problem which can be amplified in the clinical population because of patient lack of cooperation, vascular disease, and artifacts. Assumptions regarding tagging efficiency, delay time to imaging (TI2), and flow quantification are based on predominantly normal populations in the research setting, and their translation to disease states has not been rigorously tested. Finally, additional investigations are needed to define the impact of heart rate and cardiac output variations on image quality as well as how factors such as anemia may affect well-accepted parameters such as the T1 of blood used to quantify CBF. For these reasons, clinical ASL has been used largely as a semi-quantitative tool at our institution, though studies are currently in progress with the goal of defining ranges of tissue-specific perfusion in large clinical cohorts.
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[bookmark: _Toc425179670][bookmark: _Toc54624076]Chapter 4 – 1st contribution: SMS ASL Sequence Performance Evaluation

4.1. [bookmark: _Toc51328059][bookmark: _Toc54624077]Introduction

Stroke is a major global public health issue and the third leading cause of death in industrialized countries; early detection and treatment play important roles in limiting brain damage and improving patient outcomes. Thus, there is a need to improve both the timely identiﬁcation of stroke patients eligible for accessible therapies and the evaluation of the beneﬁt-risk ratio for patients. Longitudinal studies on cerebral blood flow (CBF) evaluation after stroke initially exhibited a reduced CBF response followed by an increased CBF after a month, which then progressively approximates the normal CBF response pattern over the next 3 months [23, 24] . In this clinical context, noninvasive, noninjected, fast and robust perfusion measurement techniques are essential to efficiently and sequentially monitor blood supply perturbations longitudinally in the brain and to broaden our understanding of how they relate to the resulting neurological deﬁcits. The need for and the impact of a quick medical response in stroke cases have clearly been restated in a comment by von Kummer and colleagues [25].

Arterial spin-labeled (ASL) perfusion magnetic resonance imaging (MRI) uses magnetically labeled arterial blood water as an endogenous tracer to obtain quantitative regional Cerebral Blood Flow (rCBF) measures [11, 12]. ASL is a repeatable and completely noninvasive technique that has a wide range of clinical applications and advantages over exogenous contrast-based methods. This technique is particularly useful in pediatric and renal failure patients, in whom the use of external tracer is restricted [26, 27]. ASL preparations can be combined with both two-dimensional (2D) and three-dimensional (3D) readout approaches.

Currently, the main challenges of ASL techniques that limit its widespread use in routine evaluations of brain tissue viability are as follows: 1) long acquisition times due to the intrinsically low signal-to-noise ratio (SNR), which requires the accumulation of a sufficient number of control-label image pairs to obtain perfusion maps of diagnostic quality; 2) a decreased SNR for high-resolution perfusion images when 2D ASL images are acquired with increased in-plane and through-plane resolution (i.e., those with a greater number of slices covering the same brain volume); and 3) increased susceptibility to patient motion-induced artifacts due to the long scan time. These limitations are addressed and mitigated by continued innovations in the image 2D and 3D readout [12, 21, 28–30] and labeling [27, 28] components of ASL sequences, which have recently enabled the technique to be employed in clinical routines.

Simultaneous multi-slice acceleration (SMS) uses multiband radiofrequency (RF) pulses to simultaneously excite multiple spatially distributed slices and to read out these images in a single echo train. The superimposed signals that are acquired from multiple slices are further unwrapped by unaliased image reconstruction [16]. This technique was further developed to reduce the acquisition time in diffusion or functional studies based on 2D single-shot EPI readouts [17, 18]. The simultaneous acquisition of multiple slices enables a coupled reduction of the total acquisition time and accelerated through-plane coverage, if desired, or is improved through-plane resolution without a time penalty for whole-brain applications (although the SNR/contrast-to-noise ratio (CNR) reduction in control/label pairs will be proportional to the slice thickness reduction). 
[image: ]
[bookmark: _Toc51328376]Figure 4. 1 : Illustrating various aspects of SMS EPI sequence including acquisition scheme and pulse diagram. (@)Siemens Magnetom Flash  (63) 3/2015 | www.siemens.com/magnetom-world 

SMS imaging appears to be an attractive solution for whole-brain ASL to increase the spatial resolution in the slice direction using a 2D EPI readout. Indeed, SMS has recently been implemented to improve the coverage of data acquisition within a given repetition time in pulsed ASL (PASL). 2D SMS-PASL was compared to the standard single-band (SB) 2D EPI reference technique [31] and to 3D GRASE [32] for brain perfusion imaging using the flow-sensitive alternating inversion recovery (FAIR) [33] labeling technique with a standard low image resolution. These studies found that perfusion signal differences between the SB and SMS readouts were minimal. More recently, Li et al. [34] also investigated PCASL combined with an SMS factor of six for high-resolution whole-brain applications. In this study, by combining simulations and experimental validation, the authors demonstrated that the amplified noise (which was given by the coil geometry factor, i.e., the g-factor) and slice leakage (i.e., slice-to-slice contamination which was expected to be more pronounced from the high through-plane acceleration factor used) had a minimal impact on CBF quantification. They demonstrated that 2D EPI with SMS greatly benefited to high-resolution whole-brain PCASL studies in terms of improved spatial SNR and temporal SNR (tSNR) efficiencies. It also showed an increased compliance with the assumptions of the commonly used single-blood compartment model, which resulted in improved CBF estimates.

While constituting important initial findings, none of these studies evaluated the impact of accelerated techniques using the statistical analysis that is generally used in clinical practice to address clinical issues and, specifically, using PCASL preparation and comparing the results to those of 3D GRASE with the same preparation. It has been shown in the past that slightly different combinations of ASL parameters can ultimately produce regional differences between ASL sequences that are acquired on the same scanner and from the same subjects [35]. These results highlight the need for preclinical studies to verify and validate a chosen technology and protocol before large-scale clinical trials are designed.

The goal of this study was thus to evaluate the performance of a 2D SMS single-shot PCASL sequence by applying i) 2D EPI without any slice acceleration, ii) 2D EPI with three different levels of increasing SMS acceleration factors and correspondingly increasing through-plane resolution, and iii) 3D GRASE with BS in healthy volunteers prior to decision making for a larger clinical trial. To this end, the analysis pipeline that would be used to statistically produce and mine CBF data in clinical or preclinical studies was tested for all PCASL variants. 
4.2. [bookmark: _Toc51328060][bookmark: _Toc54624078]Materials and Methods

This study was conducted in seven healthy human subjects (mean age, 38 ±7 years; one female). We obtained the approval from local ethical committee (French IRB, CPP Lyon Sud-Est II, IRB No: 2015-A01802-47) and  performed in compliance with the Code of Ethics of the World Medical Association (Declaration of Helsinki) and the standards that were established by the Institutional Review Board and National Institutes of Health. All subjects provided informed written consent for this study. 
4.2.1. [bookmark: _Toc51328061][bookmark: _Toc54624079]ASL Image Acquisition

MRI was performed using a 3-Tesla MAGNETOM Prisma MRI scanner (Siemens Healthcare, Erlangen, Germany) equipped with a 64-channel head/neck coil. The body coil was used for RF transmission, and the 64-channel phased-array coil was used for signal reception. The total acquisition time for the protocol was ~ 40 minutes. Individual sequence durations and the main MRI parameters of interest are listed in Table 4. 1.  All ASL methods were performed during the same scanning session.
The multiband technique allows the acquisition of more slices within a given volume coverage at higher SMS factors, enabling each slice to be thinner than the slices acquired using the SB technique.   This feature was utilized to increase the number of slices per volume when increasing the acceleration factor and reducing the slice thicknesses (4-6mm) and partial volume in the slice direction. A prototype 2D EPI sequence was used with SMS factors of 1, 3, 4 and 6, leading to the optimized number of slices and hence the achievable slice thickness and brain coverage, as shown in Figure 4. 2 Detailed MRI parameters are listed in. 
[image: ]
[bookmark: _Ref51274504][bookmark: _Toc51328377]Figure 4. 2.  Summary of study design illustrating brain coverage and acquisition strategies using optimized protocols, exploiting different simultaneous-multi slice acceleration factors (SMS). Number of colors in brain coverage indicates the SMS acceleration factor used in each case: for every excitation one slice in each color group is acquired simultaneously in an ascending order





[bookmark: _Ref51280292][bookmark: _Ref51280208][bookmark: _Toc51328621]Table 4. 1 Main MR and ASL preparation parameters
	
	Sequence 1
	Sequence 2
	Sequence 3
	Sequence 4
	Sequence 5

	Labeling approach
	3D-GRASE-PCASL
	2D-EPI-PCASL
	2D-EPI-PCASL
	2D-EPI-PCASL
	2D-EPI-PCASL

	Parallel imaging(grappa factor(P)) /Slice Acceleration factor(S)
	P2 (No Slice Acceleration)
	P1S1 (No Slice Acceleration)
	P1S3
	P1S4
	P1S6

	Number of Slices
	42
	21
	21
	28
	30

	Slice thickness 
	3 mm
	6mm
	6mm
	5mm
	4mm

	TE (ms)
	15.62
	22
	24
	24
	26.0

	TR (ms)
	4600
	5400
	4600
	4600
	4500

	Echo Spacing (ES)
	0.50ms
	0.49ms
	0.51ms
	0.51ms
	0.55ms

	Total scan duration
	6min02sec
	7min19sec
	6min20sec
	6min20sec
	6min12sec

	Turbo Factor
	14
	NA

	GRAPPA Accelerationwith iPAT
	2
	Not Used

	Partial Fourier
	OFF
	OFF

	 Flip Angle (degree)
	180
	90

	Bandwidth (Hz/pix)
	2694
	2442

	Readout approach Slices
	Multi-Shot GRASE: Turbo Factor 14 – EPI Factor 21 – 6 Segments (phase res 98%)
	
Single-Shot EPI

	Background suppression
	On  (2 pulses)
	off

	Label-control pairs
	6
	40

	Labeling position
	Fixed 3 cm below bifurcation ~ 10 cm below ACPC

	Labeling duration
	1800ms

	Post-Label Delay
	1800ms

	Matrix size 
	64x64

	Field of view 
	192x192


To achieve a fair comparison, the prototype 3D GRASE sequence was optimized to achieve a spatial resolution comparable to that of 2D EPI with the maximum acceleration factor used in this experiment (Table 4. 1), while to being in line with the recommended implementation of 3D PCASL [12]. The labeling parameters for the 3D sequence were identical to those for the 2D EPI sequences, except for the insertion of two-pulse BS with the timing optimized to suppress static tissue signals [29]. This setup yielded a calibration factor of 70% for 3D GRASE and 85% for 2D EPI, with no BS [12] [29, 36]. For the 3D protocol, an in-plane parallel acceleration factor of 2 was used to minimize the ETL, as recommended [12]. Inline M0-weighted images were acquired without the ASL preparation before the control/label series and with TR=4000 ms in all ASL protocols. The same acquisition order was used for every subject: the 2D techniques were sequentially scanned first, with an increasing acceleration factor, followed by the 3D sequence.
4.2.2. [bookmark: _Toc51328062][bookmark: _Toc54624080]Structural image acquisition

High-resolution sagittal T1 images were collected using a 3D magnetization-prepared 2 rapid acquisition gradient echo (MP2RAGE) sequence [29] with the following parameters: TR=5000 ms; TE=2.98 ms; GRAPPA acceleration with iPAT = 3; TI1/TI2=700/2500 ms; flip angles (FA1/FA2)= 4/5°; BW=240 Hz/pixel; voxel size=1.0x1.0x1.0 mm3; FOV=256x256 mm2; and 176 slices. The MP2RAGE sequence provides T1-weighted 3D brain images, as well as quantitative T1 maps. The prototype sequence used provided automated brain segmentation, quality control and morphometric reports generated directly on the scanner during image reconstruction. High-resolution T2 maps were obtained using the prototype GRAPPATINI multi-TE [30] sequence with TR=4000 ms, 16 TEs ranging from 10.9 to 174 ms, BW = 217 Hz/pixel, voxel size=0.75x0.45x3.0 mm3, FOV = 230x201 mm2 and 42 slices. This sequence provides T1-weighted 3D brain images, as well as automated brain segmentation, quantitative T1 maps, quality control and morphometric reports generated directly on the scanner during image reconstruction. High-resolution T2 maps were obtained using the prototype GRAPPATINI multi-TE [38] sequence.
4.2.3. [bookmark: _Toc51328063][bookmark: _Toc54624081]MRI preprocessing 

We developed a specific data processing and statistical analysis pipeline for both anatomical and ASL images using the command line tools from the FSL, www.fmrib.ox.ac.uk/fsl [47]. Preprocessing steps were performed on raw ASL image data to minimize subject motion prior to brain extraction using the FSL brain extraction tool (BET). Motion correction was performed by aligning each volume of the ASL series to its corresponding proton density image using the estimated 6-parameter rigid body transformation MCFLIRT and ASLtbx [41] [48]. Brain tissues were separated from nonbrain structures automatically using BET, and the corresponding brain masks were also generated for each of the series. Perfusion-weighted (PW) images were obtained by subtracting control-label image pairs and used for absolute CBF map generation. MP2RAGE provided inline brain-extracted structural images and tissue-classified masks used for rCBF calculation. The entire set of image processing steps is summarized in a flow diagram (Figure 4. 3).

[image: ]
[bookmark: _Ref51274562][bookmark: _Toc51328378]Figure 4. 3 Flow chart summarizing ASL post-processing analysis to compute CBF maps and extract regional CBF using Montreal Neurological Institute (MNI) and Morphobox (©Siemens Healthineers) masks. 




4.2.4. [bookmark: _Toc51328064][bookmark: _Toc54624082]CBF calculation

PW images were calculated by subtracting the label images from the corresponding control images; then, absolute CBF quantification was obtained using the general kinetic model [4,12,49]:           
    	.			(4.1)
In the above equation, Δ𝑀 is the control-label difference or PW signal, 𝜆 is the brain/blood partition coefficient in ml/g, and 𝛼 is the calibration factor representing the percentage of labeled blood spins present at the time of label image readout. 𝑀0 is the equilibrium magnetization of the brain, 𝜏 is the labeling duration, and R1a is the longitudinal relaxation time of blood. The assumed parameter values followed the recommendations in [4], with 𝜆= 𝜆mean = 0.9 ml/g (mean 𝜆 for GM and WM). Although all our protocols used identical labeling pulses, the labeling efficiency depended on both the labeling pulse and the BS scheme used. Therefore, the calibration factor for 2D EPI and 3D GRASE was assumed to be 0.85 and 0.70, respectively, based on [4][50]. R1a = 0.606 s−1 at 3 T.
For 2D techniques, 𝜏=1.8 s, and ω, the effective slicewise PLD time was further defined as:
ω = PLD + (Indexslice−1)* Tslice,				        	(4.2)
where PLD represents the nominal PLD defined in the 2D EPI sequence, Indexslice represents the chronological slice acquisition order for either SB or SMS, and Tslice is the imaging slice acquisition time. To minimize the bias on regionally quantified CBF emanating from structural effects, partial volume correction (PVC) was performed on absolute CBF maps using the spatially regularized method [31]. PVC was particularly essential in this study because the slice thicknesses across methods varied and was twice as large for some acquisitions compared to others, which would strongly affect the partial volume effects.
4.2.5. [bookmark: _Toc51328065][bookmark: _Toc54624083]Brain region segmentation

To extract the mean rCBF values, we used inline MP2RAGE-derived brain segmentation masks from the MorphoBox prototype [27] of 20 different cortical and subcortical regions of interest (ROIs) using a variational expectation-maximization segmentation scheme. Additionally, the mean CBF value from nine regions was obtained using the MNI structural atlas mask (MNI atlas mask) [28]. The segmented regions generated by the prototype and MNI atlas masks are listed and illustrated in Figure 4. 4.

The rCBF values extracted by these two masks, CBFMorphoBox and CBFMNI, were compared separately to, first, have a cross reference and, second, to perform additional statistical studies, such as on the tSNR or CNR, which require pairwise PW images and pixelwise standard deviation maps. These additional statistical results help to better compare the different protocol implementations.

[image: D:\SMS_ASL\Submission\SMS_Rev_11_Images-coverted to 300dpi\Slide4.PNG]
[bookmark: _Ref51274602][bookmark: _Toc51328379]Figure 4. 4 Color rendered masks from MNI structural atlas (left) and from the MorphoBox prototype (right). Tables below have the list of corresponding ROIs used for regional CBF measurements. Note: For the sake of clarity we have used only 20 ROI’s provided by the MorphoBox.

4.2.6. [bookmark: _Toc51328066][bookmark: _Toc54624084]T1 & T2 corrections

To account for incomplete T1 recovery [4] for the 2D acquisition strategies and T2*/T2 decay [51] in the case of both 2D and 3D acquisitions, ROI CBF values were corrected further by multiplication with K2D and K3D, which were calculated using the following equations:
	                ,		                (4.3)
	   .						(4.4)
Tissue-specific parameters were chosen based on whether the ROIs were in GM or WM. The first postprocessing procedure was performed using λGM/λWM = 0.98/0.82 and the following fixed T1, T2 and T2* values: T1,GM/T1,WM = 1331/832 ms; T2,GM/T2,WM/T2,blood = 110/80/186 ms; and T2*,GM/T2*,WM/T2*,blood = 44.2/44.7/43.6 ms [51-53]. For global CBF measurements, the average of the parameters for GM and WM was used. The goal of this step was to correct for the variable TR and TE across ASL sequences.	
The second postprocessing procedure was performed using intrasubject individual T1 and T2 images obtained from the MP2RAGE and model-based T2 GRAPPATINI sequences, respectively. Native T2 images were registered to the T1 image using affine transformation and then, for each subject, using the inline brain tissue classification mask obtained by MorphoBox. The regional T1 and T2 values were extracted, and the regional mean values (T1MorphoBox, T2MorphoBox) were calculated. Likewise,  and  were also calculated using the MNI atlas mask after affine-transforming the original T1 and T2 images into the MNI space. This enabled the subject- and region-specific T1- and T2-corrected CBF maps to be computed using equations c and d.
The evaluation of the respective performance of each method was conducted by extracting regional absolute CBF values using an inline morphometric segmentation prototype (MorphoBox) [43] and the commonly used Montreal Neurological Institute (MNI) structural atlas [44] implemented within the postprocessing platform FMRIB Software Library, www.fmrib.ox.ac.uk/fsl) (FSL), enabling comparisons at the regional and subregional levels. Partial Volume Correction (PVC) was performed using the spatially regularized method [42]. PVC was particularly essential in this study because the slice thicknesses across methods varied and was twice as large for some acquisitions compared to others.
4.2.7. [bookmark: _Toc51328067][bookmark: _Toc54624085]Comparison of the tSNR

A voxelwise tSNR was classically calculated for each approach using the mean CBF divided by a standard deviation across time points according to [29]:
			,					(4.5)
with 
  			,				               (4.6)

as the mean temporal CBF at each pixel coordinate (i,j), and
					              (4.7) 

as the standard deviation at each pixel coordinate (i,j). 

But to offer a fair comparison of the tSNR between 2D and 3D sequences, a second tSNR calculation method was required for optimal matching of the temporal resolution of the two series. To do so, every 5 consequent CBF images of the 2D time series were averaged (subset-averaged CBF) prior to using equation 1 was applied. The whole-brain mean classical tSNR and corrected tSNR were thus calculated for each ASL method. Spatial tSNR maps were produced to allow qualitative and visual comparisons.

Statistical analysis
The results from the statistical analysis were labeled according to the readout dimension (2D or 3D), followed by the use of BS, parallel acceleration and SMS factor. 3D-BS-P2 indicates the 3D PCASL sequence with BS acquired with iPAT 2 and no SMS. Likewise, 2D P1S1 refers to a 2D EPI sequence with no BS, no iPAT and no slice acceleration; 2D P1S3, SMS factor 3; 2D P1S4, SMS factor 4; and 2D P1S6, SMS factor 6. Indeed, for every subject, five CBF maps corresponding to each image acquisition approach were obtained, with CBF values extracted in 29 regions of each maps for comparison.
CBF obtained using each ASL method is provided as the mean ± standard deviation (M±SD) after normality testing with the Shapiro-Wilk test. To compare the CBF values that were obtained by each ASL method while accounting for grouping factors (segmentation masks, GM/WM subregions), we used a linear mixed-effects model (Stata mixed package, Stata College Station, Texas). We applied this model with the grouping factors, and their interactions were set as fixed effects while the subject variable was set as a random effect. A similar linear mixed-effects model was applied separately to the data with the MNI atlas mask but without the GM/WM grouping factor. Pairwise comparisons of the estimates were adjusted for multiple comparisons using the Bonferroni correction. Bland-Altman plots were generated for pairwise comparisons of the global CBF values that were obtained by the different methods, and the pairwise correlations were also computed and reported. To test the significance of differences in the correlation coefficient, we applied the method that was proposed by Lee and Preacher, 2013 [46], whereby each correlation coefficient is converted into a z-score using Fisher’s r-to-z transformation, and the asymptotic covariance of the estimates is computed. Calculation for a test of the difference between two dependent correlations with one variable in common was conducted using QuantPsy software (available from http: //quantpsy.org.).
The mean CBF within GM and WM was extracted from the mean CBF maps in native space, and their ratio was computed. Contrast differences among the methods were compared with a mixed linear model, with the methods defined as fixed effects and the subjects defined as random effects. Pairwise comparisons of the estimates were adjusted for multiple comparisons using the Bonferroni correction.
The mean tSNR values were compared using a linear mixed model, with the methods defined as fixed effects and the subjects defined as random effects. Post hoc comparisons were carried out using Bonferroni correction. Data analysis was conducted using Stata 15.1 (StataCorp, College Station, TX, USA). For all analyses, significance was accepted at p<0.05.

4.3. [bookmark: _Toc51328068][bookmark: _Toc54624086]Results

Using SMS acceleration, the image acquisition window was reduced from 1131 ms for 2D P1S1 to 386 ms for 2D P1S3 and 2D P1S4 and 288 ms for 2D P1S6. Representative control images for each protocol variant and the corresponding absolute CBF color maps from one subject are shown in Figure 4. 2. 

Comparison of the mean CBF values obtained using each ASL method
Individual analyses (subject-by-subject) were first conducted for quality control and to illustrate the variability between subjects (data not shown); then, using all seven subjects, the mean CBF maps per method were calculated. 
[image: ]
[bookmark: _Ref51274703][bookmark: _Toc51328380]Figure 4. 5 Triaxial color rendered Mean CBF maps (ml/min/100g) for each PCASL acquisitions obtained after post-processing (Mean of the 7 Subjects).
The MNI-registered triaxial color-rendered mean CBF maps (ml/min/100 g) that were calculated from all seven subjects are shown in Figure 4. 5. The absolute mean rCBF values that were calculated using subject-specific T1 and T2 pairs from all five methods are listed in Table 4. 2  and Table 4. 3. 
[bookmark: _Ref51280486][bookmark: _Toc51328622]Table 4. 2 Mean CBF obtained from 7 subjects and regional CBF values extracted using the MorphoBox mask 
	Brain Regions
	Mean Cerebral Blood Flow (CBFMorphoBox) 
(Units of all values is ml/min/100g)

	
	3D BS P2
	2D P1S1
	2D P1S3
	2D P1S4
	2D P1S6

	
	Mean
	SD
	Mean
	SD
	Mean
	SD
	Mean
	SD
	Mean
	SD

	Frontal
	
	
	
	
	
	
	
	
	
	

	1:Left Frontal GM
	61.5
	9.9
	74.4
	17.0
	76.3
	11.6
	70.1
	14.2
	73.1
	14.3

	2:Left Frontal WM
	15.6
	2.6
	24.3
	6.6
	22.3
	4.5
	24.0
	6.7
	22.2
	5.2

	3:Right Frontal GM
	62.5
	12.7
	74.1
	14.7
	74.4
	11.9
	69.2
	13.1
	70.7
	13.6

	4:Right Frontal WM
	17.8
	5.2
	24.0
	5.5
	22.0
	4.1
	24.0
	6.2
	21.7
	5.5

	Parietal
	
	
	
	
	
	
	
	
	
	

	5:Left Parietal GM
	63.7
	9.2
	77.7
	17.3
	82.5
	14.8
	75.2
	17.1
	79.3
	15.1

	6:Left Parietal WM
	15.1
	4.4
	23.6
	6.3
	21.5
	5.6
	23.8
	7.3
	22.3
	5.4

	7:Right Parietal GM
	68.4
	17.1
	77.5
	13.1
	81.1
	13.7
	74.7
	14.2
	78.7
	12.4

	8:Right Parietal WM
	17.4
	4.9
	24.3
	4.5
	21.7
	5.7
	24.1
	6.5
	22.6
	5.1

	Occipital
	
	
	
	
	
	
	
	
	
	

	9:Left Occipital GM
	54.6
	16.9
	60.2
	14.0
	60.9
	18.6
	61.0
	17.9
	67.4
	15.6

	10:Left Occipital WM
	14.7
	5.1
	23.6
	5.2
	22.9
	7.1
	28.5
	9.5
	25.5
	7.1

	11:Right Occipital GM
	57.0
	18.9
	63.6
	15.0
	65.4
	19.4
	65.0
	17.5
	73.1
	15.7

	12:Right Occipital WM
	16.1
	3.4
	24.6
	5.2
	24.5
	6.6
	30.0
	8.3
	27.0
	7.1

	Temporal
	
	
	
	
	
	
	
	
	
	

	13:Left Temporal GM
	59.0
	18.0
	47.4
	11.7
	47.6
	12.1
	45.7
	11.6
	47.7
	11.4

	14:Left Temporal WM
	19.3
	5.3
	23.1
	4.4
	21.4
	4.7
	25.4
	6.5
	24.1
	5.1

	15:Right Temporal GM
	53.7
	20.5
	46.8
	10.4
	47.8
	9.3
	45.1
	10.2
	47.8
	9.7

	16:Right Temporal WM
	15.1
	5.0
	23.3
	3.7
	22.5
	4.5
	26.4
	6.0
	24.5
	5.2

	Cerebellum
	
	
	
	
	
	
	
	
	
	

	17.Left Corpus Callosum WM
	24.9
	7.7
	20.5
	7.6
	20.4
	7.2
	24.0
	7.9
	25.0
	5.1

	18. Right Corpus Callosum WM
	21.9
	4.2
	21.8
	6.8
	20.6
	6.1
	25.0
	7.0
	25.3
	6.4

	19.Left Deep WM
	20.2
	6.5
	23.8
	5.4
	24.0
	5.3
	23.9
	6.8
	26.3
	4.2

	20.Right Deep WM
	17.1
	5.0
	22.7
	4.3
	23.1
	4.0
	23.6
	6.2
	25.4
	4.1

	
	
	
	
	
	
	
	
	
	
	

	Whole Brain Mean
	38.2
	9.9
	44.5
	9.7
	44.7
	9.6
	44.5
	10.8
	45.5
	9.6

	GM Mean
	60.1
	15.4
	65.2
	14.2
	67.0
	13.9
	63.2
	14.5
	67.2
	13.5

	WM Mean
	17.9
	4.9
	23.3
	5.4
	22.2
	5.5
	25.2
	7.1
	24.3
	5.5

	
	
	
	
	
	
	
	
	
	
	

	GM/WM Ratio
	3.35
	0.83
	2.80
	0.58
	3.01
	0.57
	2.51
	0.52
	2.76
	0.52


[bookmark: _Ref51280503][bookmark: _Toc51328623]Table 4. 3 Mean CBF obtained from 7 subjects and regional CBF values extracted using the MNI Atlas Mask 
	Brain Region
	Mean Cerebral Blood Flow (CBFMNI)
(Units of all values is ml/min/100g)

	
	3D BS P2
	2D P1S1
	2D P1S3
	2D P1S4
	2D P1S6

	
	Mean
	SD
	Mean
	SD
	Mean
	SD
	Mean
	SD
	Mean
	SD

	Caudata
	39.1
	10.1
	40.0
	11.2
	37.6
	11.1
	41.9
	11.6
	39.6
	7.7

	Cerebellum
	32.3
	10.6
	37.9
	11.4
	39.9
	11.0
	43.4
	9.7
	24.6
	10.2

	Frontal
	47.5
	11.0
	51.2
	11.9
	47.1
	10.6
	47.8
	16.3
	49.2
	13.8

	Insula
	58.4
	7.4
	58.8
	10.9
	58.6
	7.6
	59.3
	9.1
	48.1
	13.7

	Occipital Lobe
	48.0
	12.6
	51.1
	14.0
	51.7
	12.5
	55.1
	9.8
	44.9
	10.6

	Parietal
	50.4
	10.8
	55.2
	12.4
	52.1
	9.8
	53.7
	11.5
	53.0
	11.5

	Putamen
	46.4
	10.6
	45.2
	10.8
	45.8
	7.8
	48.9
	10.8
	42.4
	14.5

	Temporal
	41.2
	8.3
	45.2
	9.3
	42.1
	8.3
	43.3
	11.3
	43.5
	8.8

	Thalamus
	41.8
	15.7
	43.9
	15.7
	46.3
	11.8
	54.1
	11.7
	34.0
	10.6

	Whole Brain 
	42.1
	11.3
	45.0
	10.8
	47.6
	12.0
	46.8
	10.0
	49.7
	11.3



The mean CBF values for the whole-brain global GM or global WM did not differ significantly across the 2D methods and were slightly higher for the 2D methods than the 3D BS-P2 method, marginally either due to a higher noise level or vascular signal in the absence of BS in 2D. The subject-specific mean regional T1 and T2 values (used for the T1 and T2 corrections) are also offered in Table 4. 4  and Table 4. 5.





[bookmark: _Ref51280541][bookmark: _Toc51328624]Table 4. 4 Regional Median T1 relaxation times were obtained using MP2RAGE from all 7 subjects and extracted using the MorphoBox mask. 
	T1 (ms)

	Brain Regions
	Sub 01
	Sub 02
	Sub 03
	Sub 04
	Sub 05
	Sub 06
	Sub 07
	Mean± SD

	Frontal
	
	
	
	
	
	
	
	

	1:Left Frontal GM
	1299
	1395
	1346
	1382
	1393
	1382
	1394
	1370±33

	2:Left Frontal WM
	843
	889
	820
	842
	851
	848
	810
	843±23

	3:Right Frontal GM
	1298
	1390
	1345
	1378
	1393
	1386
	1394
	1369±33

	4:Right Frontal WM
	842
	884
	824
	835
	847
	850
	808
	841±22

	Parietal
	
	
	
	
	
	
	
	

	5:Left Parietal GM
	1307
	1380
	1330
	1348
	1362
	1366
	1367
	1351±23

	6:Left Parietal WM
	873
	933
	863
	880
	896
	893
	847
	884±26

	7:Right Parietal GM
	1280
	1340
	1301
	1336
	1330
	1344
	1337
	1324±22

	8:Right Parietal WM
	821
	860
	811
	821
	820
	832
	787
	822±20

	Occipital
	
	
	
	
	
	
	
	

	9:Left Occipital GM
	1254
	1313
	1283
	1293
	1286
	1285
	1297
	1287±17

	10:Left Occipital WM
	841
	884
	841
	838
	848
	854
	808
	845±21

	11:Right Occipital GM
	1237
	1294
	1257
	1279
	1268
	1268
	1274
	1268±17

	12:Right Occipital WM
	826
	863
	823
	823
	830
	838
	795
	828±19

	Temporal
	
	
	
	
	
	
	
	

	13:Left Temporal GM
	1347
	1405
	1380
	1385
	1407
	1399
	1403
	1390±20

	14:Left Temporal WM
	844
	897
	838
	853
	859
	864
	818
	853±23

	15:Right Temporal GM
	1332
	1375
	1355
	1373
	1379
	1375
	1368
	1365±15

	16:Right Temporal WM
	825
	876
	819
	827
	843
	843
	791
	832±24

	Cerebellum
	
	
	
	
	
	
	
	

	17.Left Corpus Callosum WM
	804
	823
	770
	771
	784
	789
	754
	785±21

	18. Right Corpus Callosum WM
	808
	820
	776
	768
	783
	793
	751
	786±22

	19.Left Deep WM
	846
	896
	844
	864
	880
	862
	825
	860±22

	20.Right Deep WM
	835
	883
	836
	845
	864
	853
	813
	847±21

	
	
	
	
	
	
	
	
	

	Mean(GM)
	1294
	1362
	1325
	1347
	1352
	1351
	1354
	1341±22

	Mean(WM)
	834
	876
	822
	831
	842
	843
	800
	835±21





[bookmark: _Ref51280549][bookmark: _Toc51328625]Table 4. 5 Regional Median T2 relaxation times were obtained using GRAPPATINI from all 7 subjects and extracted using the MorphoBox mask. 
	T2(ms)

	Brain Regions
	Sub 01
	Sub 02
	Sub 03
	Sub 04
	Sub 05
	Sub 06
	Sub 07
	Mean± SD

	Frontal
	
	
	
	
	
	
	
	

	1:Left Frontal GM
	76
	80
	79
	80
	81
	80
	79
	79±1

	2:Left Frontal WM
	78
	83
	79
	83
	78
	78
	77
	79±2

	3:Right Frontal GM
	76
	81
	79
	78
	81
	80
	80
	79±2

	4:Right Frontal WM
	78
	82
	79
	81
	78
	78
	76
	79±2

	Parietal
	
	
	
	
	
	
	
	

	5:Left Parietal GM
	75
	77
	77
	79
	77
	79
	77
	77±1

	6:Left Parietal WM
	77
	80
	78
	82
	78
	79
	76
	79±2

	7:Right Parietal GM
	75
	77
	77
	76
	77
	78
	77
	77±1

	8:Right Parietal WM
	79
	82
	80
	85
	79
	80
	76
	80±3

	Occipital
	
	
	
	
	
	
	
	

	9:Left Occipital GM
	73
	74
	75
	75
	75
	76
	74
	75±1

	10:Left Occipital WM
	76
	79
	77
	79
	78
	79
	75
	77±1

	11:Right Occipital GM
	72
	73
	75
	74
	75
	76
	75
	74±1

	12:Right Occipital WM
	76
	79
	77
	78
	77
	78
	75
	77±1

	Temporal
	
	
	
	
	
	
	
	

	13:Left Temporal GM
	80
	82
	81
	82
	83
	82
	82
	82±1

	14:Left Temporal WM
	77
	79
	77
	83
	76
	77
	74
	78±3

	15:Right Temporal GM
	80
	81
	81
	80
	82
	81
	82
	81±1

	16:Right Temporal WM
	76
	79
	77
	79
	76
	78
	75
	77±1

	Cerebellum
	
	
	
	
	
	
	
	

	17.Left Corpus Callosum WM
	84
	81
	83
	72
	75
	82
	77
	79±4

	18. Right Corpus Callosum WM
	83
	81
	85
	73
	77
	81
	78
	80±4

	19.Left Deep WM
	82
	85
	85
	84
	83
	84
	82
	84±1

	20.Right Deep WM
	81
	86
	86
	85
	83
	84
	81
	84±2

	
	
	
	
	
	
	
	
	

	Mean(GM)
	76
	78
	78
	78
	79
	79
	78
	78±1

	Mean(WM)
	79
	81
	80
	80
	78
	80
	77
	79±1



Figure 4. 6 shows the MNI-registered mean CBF maps across the subjects, separately for each acceleration factor, and the mean differences from the reference. One can appreciate the mean regional differences in the relative CBF between the acquisition protocols. 2D EPI showed a higher relative CBF in most regions. Slightly lower perfusion was observed for 2D P1S1 (SMS=1) in the frontal lobes than for all other acceleration factor protocols. Lower perfusion was also noted in the frontal WM for 2D P1S6 than for the 2D reference protocol. Moreover, the variance distributions (Figure 4. 6, column SD) showed different spatial patterns between 2D and 3D acquisitions. 2D sequences displayed a higher SD in the structures with field inhomogeneity (orbitofrontal cortex, gyrus rectus, lower parts of the inferior and the middle frontal gyri), likely because of susceptibility-induced signal dropout in the 2D EPI images. On the other hand, the spatial variance of the 3D acquisition was more concentrated in deep brain structures. Consequently, the tSNR of 3D BS-P2 was reduced in the deep gray nuclei and surrounding structures compared to that of the 2D sequences, whereas the opposite behavior (3D BS-P2 superior to 2D) was observed in other brain regions.

[image: ]
[bookmark: _Ref51274799][bookmark: _Toc51328381]Figure 4. 6 Cartographies of Mean CBF and Difference between methods, standard deviation of CBF and standard deviation differences between methods mean CBF and Mean SNR for all 7 subjects.

The linear mixed-effects model analysis showed a systematic and significant effect of the ASL method on the estimated CBF value (p<0.001), as shown in Figure 4. 7. There were no interactions between the effect of the ASL method on the CBF value for other terms of the model, including the method used to obtain segmentation masks (FSL vs. MorphoBox) and/or the ROI position (GM/WM, frontal, temporal, etc.).

[image: ]
[bookmark: _Ref51274995][bookmark: _Toc51328382]Figure 4. 7 : a) CBF values and their 95% confidence interval obtained from the linear mixed-effects model across ASL methods. The modelling has used absolute CBF values obtained using subject specific T1 & T2. b) GW/WM ratio for all acceleration factors in 7 subjects derived based on mean CBF values.From these plots we can infer that there is no interaction between GM/WM regions and ASL methods. 

[bookmark: OLE_LINK8][bookmark: OLE_LINK9][bookmark: OLE_LINK6][bookmark: OLE_LINK7][bookmark: OLE_LINK10][bookmark: OLE_LINK11][bookmark: OLE_LINK12][bookmark: OLE_LINK13]When considering the GM regions, all 2D ASL methods produced higher CBF values than the 3D BS-P2 method. The largest difference in CBF was observed with 2D P1S3, reaching 9.5 ml/100 g/min, 95% CI [7.8, 11.3] (p<0.001). The difference in CBF with 2D P1S6 was 7.9 [6.2, 9.7] ml/100 g/min (p<0.001), whereas that with 2D P1S4 was 5.2 [3.4, 5.9] ml/100 g/min (p<0.001). The smallest difference in CBF was that of 2D P1S1, at 2.5 [0.7, 4.2] ml/100 g/min (p=0.005), as compared to 3D BS-P2 method.
Figure 4. 8 and Figure 4. 9 are showing the linear regressions and the Bland-Altman analysis comparing the mean CBF values obtained in all brain regions for all subjects enrolled in the study. As a statistical indicator, the reproducibility coefficient for each acquisition scenario shows identical trends that can be observed for both CBF extraction methods. The mean CBF values for whole GM and WM regions in the brain that were obtained using all the methods were highly correlated, with r2=0.998/0.990/0.980/0.916 for the 2D P1S3/2D P1S4/2D P1S6/3D BS-P2 methods, respectively. The values and correlation coefficients, corroborate the findings of previous studies that compared 2D and 3D strategies [47].
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[bookmark: _Ref51275077][bookmark: _Toc51328383]Figure 4. 8 Comparison of regional Mean CBF (ml/min/100g) obtained from all 7 volunteers using 2D EPI variants and 3D BS-P2 sequence. In each case, the Morphobox mask was used to extract the regional CBF values, numbered by regions according to Table in Figure 4. 4. 

Figure 4. 8 show that the global variability had the same order of magnitude for all methods. The Bland-Altman analysis also shows that the difference in CBF obtained using 2D P1S6 had a higher coefficient of variance (7.9%) than that obtained using lower acceleration factors, i.e., 4.8% for 2D P1S3 and 7.1% for 2D P1S4. Nevertheless, (as shown in Figure 4. 6) the regional variability in CBF was higher for SMS methods across the cohort of subjects than for 3D BS-P2.
Individual Bland-Altman plots reveal some variability of the CBF per region between subjects for the same acceleration factor and confirm the consistency of the analysis, whether the brain mask was obtained using MorphoBox or the MNI atlas. Identical trends can be observed for the two extraction methods, with similar bias and correlations obtained per subject.
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[bookmark: _Ref51275090][bookmark: _Toc51328384]Figure 4. 9 BLAND-Atman Comparison of Mean CBF (ml/min/100g) obtained using 2D EPI variants and 3D BS-P2 sequence on 7 subjects. In this case, the MNI Atlas mask was used to extract the regional CBF values, numbered by regions according to Table in and Figure 4. 4. 

Comparison of the GM/WM CBF contrast ratio
The GM/WM CBF ratios calculated with all of the methods are reported in Table 4. 2 and are also illustrated in Figure 4. 7(b). A higher GW/WM CBF contrast ratio of 3.35 ±0.83 was obtained for 3D BS-P2 than for all 2D EPI methods due to optimized BS. 
GW/WM CBF contrast ratios of 2.80±0.58, 3.01±0.57, 2.51±0.52 and 2.76±0.52 were obtained for 2D P1S1, 2D P1S3, 2D P1S4 and 2D P1S6, respectively. T-test calculations showed that the GM/WM CBF contrast ratio was significantly higher for 3D BS-P2 than 2D P1S1 (P<0.02), 2D P1S4 (P<0.0007) and 2D P1S6 (P<0.006) but not 2D P1S3 (P>0.06). There were no significant differences (P<0.05) in the GW/WM CBF ratio among the 2D EPI sequences.
Comparison of the tSNR
Classical and corrected tSNR values for all ASL methods are reported in Figure 4. 10. Detailed tSNR values calculated for each approaches are reported in Table 4. 6 and Table 4. 7 . The mean classical tSNR for the 3D BS-P2 method was 3.32±1.62, and that for 2D P1S1, 2D P1S3, 2D P1S4 and 2D P1S6 was 1.10±0.65, 1.18±0.68, 1.18±0.68 and 1.06±0.61, respectively. 
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[bookmark: _Ref51275418][bookmark: _Toc51328385]Figure 4. 10 Temporal SNR (tSNR) for all acceleration factors in 7 subjects derived based on CBF values. a) Classical tSNR calculated using native mean CBF maps directly. b) Corrected tSNR calculated from subset-averaged CBF maps (the average of every 5 consequent CBF images of the 2D time series).
[bookmark: _Ref51280649][bookmark: _Toc51328626]Table 4. 6 Classical Temporal SNR (tSNR) for all protocols were calculated by dividing the voxel wise mean CBF maps of the corresponding time series by its voxel wise standard deviation maps and obtained over all 7 subjects.
	Classical Temporal Signal to Noise Ratio (tSNR)

	Subject
	3D BS P2
	2D P1S1
	2D P1S3
	2D P1S4
	2D P1S6

	
	Mean
	SD
	Mean
	SD
	Mean
	SD
	Mean
	SD
	Mean
	SD

	1
	2.87
	1.26
	1.13
	0.62
	1.18
	0.63
	0.81
	0.48
	1.09
	0.58

	2
	3.06
	1.45
	1.04
	0.66
	1.19
	0.79
	1.22
	0.68
	0.98
	0.63

	3
	3.69
	2.11
	0.97
	0.60
	1.02
	0.61
	1.18
	0.68
	1.00
	0.54

	4
	3.77
	1.78
	0.91
	0.49
	1.20
	0.66
	1.24
	0.75
	0.95
	0.57

	5
	3.78
	1.91
	1.65
	1.02
	1.75
	0.95
	1.88
	1.03
	1.47
	0.84

	6
	3.55
	1.61
	1.06
	0.64
	0.90
	0.55
	0.94
	0.56
	0.91
	0.51

	7
	2.55
	1.23
	0.93
	0.57
	1.02
	0.60
	1.00
	0.60
	1.03
	0.59

	Mean
	3.32
	1.62
	1.10
	0.65
	1.18
	0.68
	1.18
	0.68
	1.06
	0.61


Values reported are Mean values and Standard Deviation (SD)


[bookmark: _Ref51280657][bookmark: _Toc51328627]Table 4. 7 Corrected Temporal SNR (tSNR) for all protocols were calculated from subset-averaged CBF (the average of every 5 consequent CBF images of the 2D time series) by dividing the voxel wise mean CBF maps of the corresponding time series by its voxel wise standard deviation maps and obtained over all 7 subjects. 
	Corrected Temporal Signal to Noise Ratio (tSNR)

	Subject
	3D BS P2
	2D P1S1
	2D P1S3
	2D P1S4
	2D P1S6

	
	Mean
	SD
	Mean
	SD
	Mean
	SD
	Mean
	SD
	Mean
	SD

	1
	2.87
	1.26
	2.69
	1.70
	3.11
	1.91
	1.98
	1.32
	2.85
	1.77

	2
	3.06
	1.45
	2.86
	2.00
	3.43
	2.54
	3.13
	2.13
	2.63
	1.89

	3
	3.69
	2.11
	1.85
	1.32
	1.75
	1.23
	2.03
	1.34
	1.57
	1.07

	4
	3.77
	1.78
	2.77
	1.79
	3.79
	2.57
	3.59
	2.48
	2.41
	1.71

	5
	3.78
	1.91
	2.04
	1.43
	2.16
	1.42
	2.34
	1.48
	2.09
	1.39

	6
	3.55
	1.61
	2.70
	1.79
	2.40
	1.64
	2.23
	1.56
	2.04
	1.38

	7
	2.55
	1.23
	2.42
	1.76
	3.27
	2.11
	3.62
	2.45
	3.31
	2.18

	Mean
	3.32
	1.62
	2.48
	1.69
	2.84
	1.92
	2.70
	1.82
	2.41
	1.63


Values reported are Mean values and Standard Deviation (SD)

Post hoc comparisons of classical tSNR values by T-test also showed a significantly higher tSNR for 3D BS-P2 than for all of the 2D methods (P<0.001). 3D BS-P2 showed an almost 3-fold greater tSNR than the 2D EPI methods, while no significant difference in the tSNR could be proven among all 2D EPI sequences (P>0.7). Identical tSNR values for 2D P1S3 and 2D P1S4 were found, which could be due to similar image acquisition parameters, such as the number of slices per band, TE, TR and echo spacing. The 2D P1S6 method, with the highest acceleration factor among all 2D methods, showed the lowest tSNR, which is in line with previous studies [32, 34]. 
Alternatively, corrected tSNR values calculated from subset-averaged CBF images (the average of every 5 consequent CBF images of the 2D time series) are reported (in Figure 4. 10(b)) and Table 4. 7. The mean tSNR for 2D P1S1, 2D P1S3, 2D P1S4 and 2D P1S6 was 2.48±1.69, 2.84±1.92, 2.70±1.82 and 2.41±1.63, respectively. T-test showed that only non-multiband 2D P1S1 and 2D P1S6 had a tSNR significantly lower than that of 3D BS-P2, with P<0.003 and P<0.008, respectively, whereas the other two 2D EPI methods did not show a tSNR significantly lower than that of 3D BS-P2, with P>0.05. Among the 2D EPI methods, 2D P1S3 and 2D P1S4 showed a tSNR nonsignificantly higher than that of 2D P1S1 and 2D P1S6.
For every series the MCFLIRT calculate the mean rotation and translation of the brain along the time series enable to know the level of subject motion. The level of random motion was very similar along the different time series acquired and remained lower than 0.82 degree and 0.78 mm of rotation and translation motion respectively. The outputted rotation and translation parameters of the MCFLIRT routine used for retrospective motion correction (MCFLIRT) are reported in Table 4. 8  and Table 4. 9.
[bookmark: _Ref51280807][bookmark: _Toc51328628]Table 4. 8 Estimated rotational motion by the MCFLIRT routine used for retrospective motion correction (MCFLIRT) in each time series acquired.
	Rotational Motion Estimated by MCFLIRT (Degree)

	Subject
	3D BS P2
	2D P1S1
	2D P1S3
	2D P1S4
	2D P1S6

	
	Max
	Mean
	SD
	Max
	Mean
	SD
	Max
	Mean
	SD
	Max
	Mean
	SD
	Max
	Mean
	SD

	1
	0.12
	0.05
	0.04
	0.31
	0.07
	0.05
	0.32
	0.08
	0.04
	0.17
	0.04
	0.04
	0.24
	0.07
	0.05

	2
	0.18
	0.05
	0.04
	0.32
	0.07
	0.05
	0.46
	0.13
	0.07
	0.80
	0.06
	0.09
	0.82
	0.10
	0.13

	3
	0.20
	0.05
	0.04
	0.23
	0.06
	0.04
	0.66
	0.07
	0.06
	0.14
	0.05
	0.03
	0.36
	0.04
	0.04

	4
	0.17
	0.05
	0.04
	0.18
	0.05
	0.03
	0.22
	0.04
	0.03
	0.15
	0.05
	0.03
	0.37
	0.05
	0.06

	5
	0.05
	0.01
	0.01
	0.29
	0.09
	0.05
	0.28
	0.04
	0.03
	0.13
	0.02
	0.02
	0.12
	0.02
	0.02

	6
	0.25
	0.06
	0.04
	0.21
	0.05
	0.03
	0.17
	0.04
	0.02
	0.35
	0.08
	0.04
	0.16
	0.03
	0.02

	7
	0.27
	0.06
	0.06
	0.20
	0.03
	0.03
	0.08
	0.02
	0.02
	0.09
	0.02
	0.02
	0.12
	0.02
	0.02


Values reported are Maximum, Mean values and standard deviation (SD). 
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Table 4. 9 Estimated translation motion by the MCFLIRT routine used for retrospective motion correction (MCFLIRT) in each time series acquired.
	Translation Motion Estimated by MCFLIRT (mm)

	Subject
	3D BS P2
	2D P1S1
	2D P1S3
	2D P1S4
	2D P1S6

	
	Max
	Mean
	SD
	Max
	Mean
	SD
	Max
	Mean
	SD
	Max
	Mean
	SD
	Max
	Mean
	SD

	1
	0.14
	0.05
	0.03
	0.40
	0.07
	0.06
	0.23
	0.06
	0.04
	0.19
	0.04
	0.03
	0.30
	0.06
	0.04

	2
	0.18
	0.04
	0.03
	0.47
	0.09
	0.06
	0.37
	0.09
	0.06
	0.45
	0.05
	0.06
	0.18
	0.08
	0.09

	3
	0.34
	0.06
	0.05
	0.43
	0.08
	0.06
	0.27
	0.09
	0.07
	0.23
	0.04
	0.03
	0.39
	0.04
	0.04

	4
	0.13
	0.02
	0.02
	0.31
	0.06
	0.04
	0.25
	0.04
	0.03
	0.12
	0.03
	0.02
	0.22
	0.04
	0.03

	5
	0.04
	0.01
	0.01
	0.64
	0.11
	0.07
	0.42
	0.06
	0.05
	0.34
	0.05
	0.05
	0.78
	0.06
	0.07

	6
	0.14
	0.03
	0.03
	0.41
	0.07
	0.06
	0.68
	0.09
	0.04
	0.56
	0.09
	0.08
	0.73
	0.08
	0.05

	7
	0.25
	0.07
	0.06
	0.28
	0.06
	0.05
	0.16
	0.05
	0.03
	0.17
	0.04
	0.03
	0.21
	0.05
	0.04


Values reported are Maximum, Mean values and standard deviation (SD). 

4.4. [bookmark: _Toc51328069][bookmark: _Toc54624087]Discussion

The results from the statistical analysis demonstrate that using SMS excitation in conjunction with PCASL labeling offers an increased number of slices to acquire per excitation, without major perceived penalties, such as reduced spatial SNR and tSNR efficiencies of distal slices in caudocranial 2D acquisitions[34]. The global CBF (mean of all subjects) values as well as the CBF values obtained at individual subject levels for different ASL schemes were in agreement with those of previous studies [4, 20, 33], and similar trends were found among different ASL imaging approaches. Nevertheless Figure 4. 7(a) shows that even if the difference in CBF between GM and WM remains equivalent among different strategies, the CBF values cannot be considered equal. Our results are consistent with those of the PASL study reported by Kim et al., who concluded that up to a 5-fold SMS acceleration factor and a 3 cm SMS slab distance, the SMS technique provided whole-brain coverage with perfusion signals and tSNR values similar to those of non-accelerated 2D acquisition methods. Furthermore, the differences across 2D EPI methods did not reach significance, which was also demonstrated by Feinberg et al. [32].
Figure 4. 7(b) shows that the GM/WM CBF ratio obtained for 3D BS-P2 was higher than that obtained for any of the 2D strategies. These differences in the GW/WM CBF ratio are likely to be related to differences in imaging, BS and magnetization transfer (MT) effects that cumulatively impact the degree of agreement between techniques. In 3D BS-P2, BS using spatially selective saturation and inversion pulses helps to minimize signal fluctuations that are induced by noise and subject motion, which, in turn, improves the ASL signal. 3D BS-P2 is a segmented k-space readout known to deliver higher SNR values, and well-timed BS attenuating static tissue signals would almost certainly be reasons for obtaining a high GM/WM CBF contrast ratio. The signal fluctuations and noise observed in the CBF images obtained by 2D EPI, especially in WM, might be likely due to MT effects associated with the application of the multiband RF pulse. Variations in CBF measurements were more evident as the acceleration factor increased, which can be observed in the SD images of 2D P1S6 shown in Figure 4. 6. However, future work should probably involve scrutinizing MT effects in detail, which is of special interest in the case of SMS, since rCBF values estimated using standard models that do not account for MT effects can be signiﬁcantly altered.
The nominal PLD in this study was identical for all techniques (PLD = 1800 ms) and was set as recommended in the ASL white paper [12]; thus, it was not optimized individually using multi-TI acquisition. A fixed PLD was chosen to ensure the same decay of the spin label during the PLD, which directly controlled the loss of sensitivity associated with the decrease in signal strength. Nevertheless, in the case of 2D EPI acquisitions without BS, the choice of a given PLD could influence the CBF results due to the presence of vascular transit artifacts, resulting in a possible underestimation of CBF if the PLD is too short compared to the bolus arrival time (BAT) [48]. We did not observe any visible transit artifacts when inspecting the mean CBF maps from each subject, even though the spatial distribution of CBF was different across protocols. Although all the methods showed a similar range of CBF in the posterior circulation, 2D methods showed higher CBF values than did the 3D method in the orbitofrontal cortex, the gyrus rectus, and lower parts of the inferior and middle frontal gyri regions. Such differences can probably be attributed to the different BS, labeling and acquisition schemes [35]; differences in an effective PLD concomitant with a BAT mismatch also likely contribute to methods for rapid BAT quantification [30], allowing an improved experimental measure of CBF, which is likely to better reflect the physiopathology but at the cost of significant extra acquisition time.

Moreover, for 2D EPI acquisitions, the image readouts were performed as groups of slices from inferior to superior, with intrinsic simultaneous and interleaved coverage of the lower and upper brain regions. The BAT is naturally longer in watershed regions than in other regions of the brain, which are supplied by the most distal branches of their arteries [12]. The most simultaneous coverage offered by the SMS protocols is hence likely to result in lower sensitivity to BAT effects and better specificity, i.e., ability to detect differences in a population and grades of disease. Indeed, with SMS techniques, the higher the SMS factor, the shorter the relative delay time between slices: this property allows for a more comparable time for labeled spins to perfuse through the target tissue.
Indeed, SMS excitation has the advantage of reducing the long PLD time with multiple slices collected simultaneously at the same PLD time but in different spatial locations. A necessary condition is that all images should be acquired after all labeled blood spins pass through the imaging slices, i.e., when SMS excitation is applied. Therefore, it is possible that the labeled blood reaches slices of the inferior band, but not those of the most superior band, if the PLD time is shorter than the transit time. The aforementioned condition may not be fulfilled in some categories of patients, and further work on whether this variability could affect a group discrimination analysis is needed [49, 50].
The mean CBF and SD maps across subjects are shown in the left and central columns of Figure 4. 6; 3D BS-P2 showed less CBF variability between subjects than the 2D EPI variants. Indeed, the 2D P1S1, selected as the reference for comparison, exhibited a higher SD and comparable mean CBF compared to 2D P1S3 and 3D BS-P2; consequently, the reference 2D P1S1 had a lower tSNR than its counterparts, as shown in the right column of Figure 4. 6. These observed patterns seem to indicate rather regional differences resulting from different temporal labeling dynamics in SB versus SMS or 3D methods, rather than typical g-factor-induced SNR leakage. The g-factor and induced SNR leakage was not investigated in this study, but has been reported to eventually result from simultaneously excited slices that are too close and an inherent incapacity to differentiate similarity in the received sensitivity profiles [51]. Additionally as shown in column 3 of Figure 4. 6 the SD, i.e., arterial signal fluctuations combined with noise, is by far the highest in the cerebrospinal fluid and vascular regions, suggesting that the pulsating motion is a major factor, with a potential impact of this noise on measures in adjacent cortical regions. In pathologies affecting deep gray nuclei, care should be taken to investigate the impact of such nonuniform noise distributions.

 Another factor that could influence the CBF values between techniques could be the differences in the recovery period between the control/label acquisitions due to differences in the marginal TE and readout duration. For example, 2D P1S1 images were acquired with a TE=22 ms and a total readout during of1131 ms, whereas 2D P1S3 images were acquired with a TE=24 ms and a readout of 386 ms. In this case, the shorter readout time for 2D P1S3 limits the signal dropout, thereby increasing the perfusion signal, especially if CBF is quantified using a fixed value of T1blood. Indeed, the known variability of T1 could introduce regional differences [52–54]. But this shorter readout time could also potentially increase the vascular signal for upper slices of the brain.  In our study, we carefully used subject-specific (T1, T2) pairs, as this procedure will be mandatory in patients, particularly to monitor CBF in longitudinal studies in which the status of the lesion and brain tissue can vary considerably. The SD of T1 and T2 values in our subjects was 18% and 6%, respectively. These biological differences show that interindividual differences in normal subjects are relatively small, as is their impact on CBF; however, for example, in stroke patients, the edema in the ischemic area-at-risk coupled with the presence of early/late hemorrhage would result in large T1 and T2 tissue changes over time. Similarly, in patients with tumors, in whom imaging will serve for treatment monitoring and follow-up, important tissue remodeling would most likely and importantly modify the local T1 and T2 values.

Overall, 2D EPI methods demonstrated lower classical tSNR values than the 3D BS-P2 method, and the sequence performance results that were obtained in our control population are generally consistent with those that have previously been reported in other control cohorts [29] [31, 32, 47]. The higher tSNR for 3D BS-P2 could be attributed to BS, which suppresses static brain tissue signals up to 85% and therefore improves the temporal stability of different images. However, the similarity of the different 2D results, also in terms of tSNR is not fully explainable. For example, the 2D P1S6 approach has a larger g-factor penalty and lower SNR from thinner slices, yet it was not proportionally reflected in the results compared to other variants and it may be indicative of a physiological noise dominated regime. 
Finally, the motion correction was performed using MCFLIRT (FSL) [39] for both 2D and 3D scans in our study with level of estimated motion reported to be less than 1 degree rotation and 1 mm translation motion, and very similar range of retrospectively evaluated random motion between the different acquired series. Indeed, since the sequences were always acquired in the same order, there was a potential for effects of possibly larger motion artifacts related to loss of volunteer compliance during the entire protocol, with the potential for better settling at the beginning and tiring at end. These offline motion corrections enable to compare the level of motion, and eliminate any possibility of causing CBF or tSNR variability due to control-label image subtraction error. Even though the scans with the highest SMS factor and the 3D GRASE scans were always performed last in this study, there is no evidence that they might have been more affected by increased subject fidgeting toward the end of the session. Note that between-shot motion in a segmented 3D GRASE acquisition will manifest not just as misregistration between imaging volumes but will also introduce ghosting due to k-space inconsistencies within in the multiple acquired sub-k-space shots. 
 Regarding the sensitivity to motion, it is worth noting that Murphy and Brunberg estimated that to obtain satisfactory images, approximately 14% of subjects require sedation or general anesthesia, which poses significant risks [55]. It is ethically impossible to perform such a preliminary study in the stroke patient population that we target and get a clear estimation of the expected level of motion. Nevertheless, it is likely that in such cases, which necessitate an imaging sequence with high motion robustness, 2D EPI sequences with a short acquisition window capable of acquiring more time points for a given scan time have the edge over their 3D counterparts and might be more suitable. However, the benefit for better motion management offered by SMS has not been directly studied or evaluated in this work and remains to be definitely shown in practice. One of the greatest advantages of the 3D sequence is the ability to achieve very good BS. 3D GRASE single shot readout with BS greatly reduces motion sensitivity and is especially valuable in patient studies, with benefits that tend to be greater in less cooperative populations [12]. However, 3D segmented readout having long scan time renders the sequence inherently more sensitive to motion though delivers higher SNR. For multisite and multiplatform studies using ASL as a biomarker, significant differences between ASL protocols may result from hardware differences that can severely affect the absolute CBF and should absolutely be considered in addition to previously reported findings [56].

One limitation but also the originality of the study is that the voxel sizes of the images across ASL protocols were different due to different slice thicknesses. This needs to be taken into account as it could affect the CBF comparisons of the methods, even though care was taken by using the same spin labeling (PCASL) scheme in all the acquisitions.  Additionally, the  analyses was performed on ROIs that were sufficiently large to yield unchanged mean CBF values within the ROI, as long as the blood that supplies the microvasculature arrived within the ROI [57]. Since our analysis was based on large brain ROIs and not at the individual voxel level, the mean CBF should be largely independent of the voxel resolution; however, some residual effects of the voxel size due to differences in partial volume contamination and physiological noise cannot be excluded. However, it is worth noting that testing various approaches and protocol implementations remains the best way to make sure that the best implementation is indeed transferred for further clinical use. 
A second limitation of the study is that of no in-plane parallel imaging acceleration was used in the 2D protocol: this study was designed to focus on the unique effect of the simultaneous multiband feature and through-plane accelerations. The main reason was motivated by the concern to warranty the exclusion of any additional spatial variation of the noise that could results also from iPAT implementation, further complexifying on the analysis. Note that in-plane parallel imaging could have allowed us to have more consistent slice thickness throughout the different protocols, which was explicitly not our goal here since we wanted to explore the effect of different slice thicknesses. Another reason was also that factor-of-6 SMS acceleration would not have been achievable in combinations with in-plane acceleration 2.  The reader can refer to the study from Ivanov et al. who investigated the effect of both acceleration factors in ASL (in-plane (PAT) and through-plane (SMS)) at 7T [58].
To summarize, SMS has some important advantages, such as its ability to increase the slice coverage without substantially increasing the readout time [32], which is of crucial importance in cases of whole-brain perfusion measurement with a high number of slices when using the single-slice 2D EPI acquisition method. In conventional 2D EPI techniques, the discrepancy in spin status across slices is high because the PLD of the last acquired slice is a few hundred milliseconds greater than that of the first slice, which causes a difference in the longitudinal decay of labeled blood [59]. 2D EPI sequences with SMS overcome this problem through their capacity to shorten the acquisition window using higher acceleration factors; therefore, it would probably be the most suitable technique by which to implement a multi-TI protocol aimed at scouting the most accurate BAT.

In conclusion, 3D GRASE showed the lowest variability and thus the highest robustness for ASL perfusion imaging in the brain compared to the 2D EPI alternatives in healthy subject population. All 2D EPI protocols with SMS can probably be considered equivalent even though regional differences in the CBF values can be observed from one to the other, which in turn adds a factor of variability that should be considered in multicenter studies. Whether motion correction is more efficient over a 2D longitudinal series than a 3D longitudinal series with powerful BS still needs to be investigated and will determine which of the two approaches is the most suitable technique by which to perform follow-up examinations in a large cohort of patients who are more likely to exhibit involuntary head movements, such as those suffering from brain injury or patients who are affected by neurodegenerative disorders, such as Parkinson’s disease. 
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[bookmark: _Toc54624089]Chapter 5 – 2nd Contribution: MR Sequence Development of a 3D GRASE BLADE ASL, simulations, validation and clinical evaluation


[bookmark: _Toc51328072][bookmark: _Toc54624090]5.1.	Introduction and Background

Arterial spin labeling (ASL) is a non-invasive Magnetic resonance imaging (MRI) technique that enables to measure of cerebral blood flow (CBF) using arterial blood water as an endogenous tracer [2][3]. For this reason, ASL could have a wide range of clinical applications and advantages over exogenous contrast-enhanced methods, especially in pediatric and renal failure patients, because of the restricted usage of external tracers [4] but also to follow disease progression or monitor therapy benefits. However, the ASL technique’s main drawback limiting its clinical usage and routine evaluation of brain tissue perfusion and viability, is its inherent low perfusion signal-to-noise ratio (SNR), imposing signal averaging as a prerequisite to obtaining diagnostic quality CBF maps with sufficient SNR and resolution. This necessity to acquire a decent number of label/control image pairs causes longer acquisition time while condemning the technique to be susceptible to patient motion [5]. Patients suffering from brain injury or affected by intracranial pathologies undergoing MRI imaging and who could highly benefit from the crucial interest of the ASL non-invasive technology are also more likely to generate head motion than others. A study estimated that about 14% of subjects require sedation or general anesthesia to obtain satisfactory images [6]; procedures that carry significant risks and lead to additional costs that negatively balance the clinical advantages of ASL.

The sensitivity to motion in ASL measurements is mostly related to the imaging readout module, leading the MR community to target efforts to improve k-space robustness to motion and perfusion sensitivity, thus labeling scheme. Widely used k-space readout in ASL measurements is echo-planar imaging (EPI), turbo spin-echo (TSE), spiral, or turbo gradient spin echo (TGSE or GRASE)[7][8]. Different combinations of labeling schemes and readout methods are available in both multi-slice 2D and 3D. 

The recommended implementation of ASL by the ISMRM perfusion study group and European consortium for ASL in dementia is Pseudo-Continuous ASL (PCASL) labeling with segmented 3D readout, using either stack of spirals or 3D GRASE combined with background suppression (BS)[2]. In general, 3D readout based ASL imaging methods such as 3D EPI and 3D GRASE has shown better perfusion sensitivity and more extensive spatial coverage than 2D methods. Additionally, 3D readouts have been shown to reduce physiological noise [9].  While 3D EPI has better slice coverage as a gradient echo method than the 3D GRASE, whereas 3D GRASE demonstrated lower sensitivity to magnetic susceptibility and field inhomogeneities. However, widespread usage of single-shot 3D GRASE sequence was limited by long acquisition window after a single excitation. This long acquisition window results in severe image blurring in the through-plane direction due to T2 decay. One solution to minimize blurring consists of shortening the acquisition window by reducing echo train length (ETL). It can be achieved either by parallel imaging at the cost of SNR loss or by segmented multi-shot acquisitions at the cost of increased acquisition time and thereby patient motion susceptibility. 

To tackle head motion sensitivity, Periodically Rotated Overlapping ParallEL Lines with Enhanced Reconstruction (PROPELLER) readout trajectory has been proposed [10] as an alternative to the Cartesian strategy. It has been combined with PASL labeling to propose a motion robust 3D GRASE PROPELLER ASL (3DGP)sequence [11]. However, to our knowledge, there was no study conducted on evaluating performance and accuracy of motion-correction by the PROPELLER acquisition and reconstruction method in ASL measurements or transferred to the clinic.  

The objectives of this work were i) to implement an improved 3D GRASE BLADE sequence, with PCASL, a more efficient preparation scheme [12], ii) reconstruct images by incorporating state-of-the-art features such as PROPELLER image reconstruction and image distortion correction optimization [13], iii) to perform a simulation with various ranges of motion, iv) to carry a comparative reproducibility study in volunteers with random motion in order to evaluate the performance of the approach, finally, v) to evaluate the solution in patients referred for brain imaging in order to provide evidence-based clinical outcomes. 

5.2. [bookmark: _Toc51328073][bookmark: _Toc54624091]Material and Methods
[bookmark: _Toc51328074]
[bookmark: _Toc54624092][bookmark: Blade_Readout]5.2.1. Sequence development and Data acquisition

A custom multi-shot 3D GRASE BLADE sequence (ms3DGB) sequence was implemented, the pulse sequence diagram developed for data collection is shown in Figure 5. 1. It consists of an excitation radiofrequency (RF) pulse followed by multiple refocusing RF pulses equivalent to the number of partitions in the excited 3D slab. Gradient echo readouts were inserted during the echo spacing intervals between the refocusing pulses with appropriate phase encoding gradients set to fill only the central stripe of k-space. A k-space rotation around kz axis preceded each excitation RF pulses, resulting in blades uniformly distributed from 0° to 360° around kz axis and forming a circular FOV. 
[image: ]
[bookmark: _Ref54602616]Figure 5. 1: 3D GRASE BLADE pulse sequence’s chronogram describing the readout module including excitation and refocusing radiofrequency pulses (RF), Slice encoding gradient (Gz), phase encoding gradient (Gy), frequency encoding gradient (Gx) and signal readout (ADC). After the excitation RF pulse (Smaller Amplitude) multiple refocusing RF pulses (Higher Amplitude) are applied in order to generate spin echoes at different echo time (TE). 
Thereby ms3DGB is primarily a combination of single-shot 3D Cartesian GRASE and 2D radial sequences where MR signal is collected by multiple 3D rectangular bricks referred to as stack-of-blades as shown in Figure 5. 2 . 
[image: ]
[bookmark: _Ref54602644]Figure 5. 2 : Schematic Representations of 2D Cartesian k-space readout trajectory (a), 2D Blade (b) and 3D Blade trajectory (c). 2nd and 3rd row depicts an example of 3D k-space center-out readout with 2 blades (Red and green) having Acquisition angle (θacq) of  0° and 90°degrees respectively. 3D volume acquired  with Turbo factor (TF:5) and EPI factor (EPI:16) (d)  beginning of sequence: first line, first blade of central partition (TF=1; EPI=1; θacq=0°) (e) middle of the first blade scan(TF=1; EPI=8; θacq=0°), (f) completed the first blade on first partition (TF=1; EPI=16; θacq=0°),(g) starts first line of the first blade of the second partition (TF=2;EPI=1; θacq=0°) (h) likewise it completes the entire slab (TF=5;EPI=16; θacq=0°)  then rotates the blade by an increment angle (∆α) (i) completion of second blade in partition one (TF=1;EPI=16: θacq=90°).  
Each blade consists of several equally spaced parallel lines (LB) centered on the origin of k-space. These subsets or blade of linear trajectories are analogous to the lowest frequency phase-encoding lines of a Cartesian readout. The blade’s width (number of phase encoding lines) is equal to the EPI Factor and the number of encoded blades in slice encoding direction corresponds to the number of partitions in a 3D slab. In each subsequent repetition time (TR), the initial blade is rotated by a series of incremental angles (∆θ) with respect to kz axis.  Hence all the blades measure a circular region of k-space: the intersection of all blades measure a circular central region of k-space. This oversampled region in the center of k-space can be compared between blades to correct for inconsistencies prior to combining the data, playing a 2D navigator’s role eliminating the need for separate navigator acquisition. Moreover, an even number of blades and repetitions were acquired in our experiments to warrant the acquisition of pairs of blades sampled at the same k-space points but with opposite phase encoding direction. This strategy further enables image distortion correction, according to [13].

3DGC PCASL data consists of multiple repetitions Nr, where each repetition consists of 3D label (L) and control (C) state acquisitions, made of a fixed number of partitions Np. Each partition in a 3D slab is constituted by a number of blades (Nb) spread across 0 to 360°, further annotated as    &   respectively. Where n, p & r represent blade number, partition number, and repetitions number in any data acquisition. The complete home-made reconstruction pipeline, including motion-correction steps, is summarized in the flow diagram in figure 2 and detailed below.
[bookmark: _Toc51328075][bookmark: _Toc54624093]5.2.2. Image Reconstruction and Motion Correction Pipeline

[bookmark: _Toc54624094]5.2.2.1. Image Reconstruction and Motion-Correction Pipeline

ASL specific customized image reconstruction algorithm embedded with self-referenced rigid body motion-correction  was implemented on MATLAB (The MathWorks Inc., Natick, MA, USA)  based on Pipe et al. proposed reconstruction algorithm [10] and Huan Tan et al.[1]. Additional optimization for distortion correction using TOPUP [13] was also integrated .  Motion estimation and correction, and final image reconstruction were executed on a quad-core 2.90 GHz Intel processor with 32GB memory. The sequential steps of the pipeline are summarized in Figure 5. 3 and descriptions are provided below while more details are available in supplementary materials. 

[image: ]      
 
[bookmark: _Ref54602674]Figure 5. 3: Principle of the proposed BLADE reconstruction pipeline for motion correction applied to patients and volunteers datasets (center) and principle used for quality control of the pipeline through simulations (left). Each kernel is labelled as to refer to its current belonging, for partition (p) of control (C) or label (L) image and for each repetition (r).

[bookmark: _Toc51328076][bookmark: _Toc54624095]5.2.2.2. Nyquist ghost: 

3DGB as EPI readout suffers from two major sources of image artifacts, geometric distortion, and Nyquist N/2 ghost. Nyquist ghost degrades the image quality and reduces the signal to noise (SNR) ratio. Each of the single-shot low-resolution blades was Fourier transformed along the slice axis (Kz). This operation converts the 3D k-space data into an equivalent stack of 2D blade acquisition from multiple slices. Since two non-phase encoded reference scans were performed at every excitation RF pulse in forward and reverse direction, the linear phase variation between odd and even echo signal can be estimated and used to correct the phase errors prior to using 1D Fourier transform [14]. Nyquist ghosts were removed by this operation for each individual blade separately before performing the following coil combination. 
[bookmark: _Toc51328077][bookmark: _Toc54624096]5.2.2.3.	Coil combination: 

The multichannel surface coil combination's role is to turn images from all channels into a single image. K-space data from multichannel head coils were combined using Roemer adaptive coil combination method [15]. In this method, pixel values of each coil are multiplied with the complex conjugate of the coil sensitivity for that channel, prior summation up overall coils, and then divided by the sum of the squared coil sensitivity in all channels. Consequently, any phase added by each coil of the array would be effectively removed, and the pure MR signal is summed up. This method allows obtaining optimal combined signal of magnitude and phase information from complex data, very crucial information for further estimation of the motion and correction.
[bookmark: _Toc54624097]5.2.2.4. Distortion Correction

Indeed, like EPI images, ms3DGB suffers from nonlinear geometrical and intensity distortions primarily along with the in-plane phase encoding directions. These distortions are resulting from static magnetic field inhomogeneities caused by eddy current-induced global gradients [16] and susceptibility induced local gradients [17]. At higher field strength, these artifacts are more apparent as the susceptibility gradients induced local variations in the magnetic field are larger, increasing the difficulty to register the ASL images through the multiple repetitions and with the anatomical images, further causing control-label image subtraction errors leading to inaccurate perfusion quantification. 
[image: ]
[bookmark: _Ref54602700]Figure 5. 4:  Flow diagram summarizing the image distortion correction by TOPUP algorithm, applied on each pair of blades acquired with opposite in-plane phase encoding direction. Images illustrate the algorithm's entries (a) and outputs (b), as well as intermediate low-resolution images. Arrows are pointing to clearly visible distortions close to sinuses air-tissue interfaces. These distortions are successfully removed after correction and the final image show anatomical structures recovery on the previously affected areas.

The FSL based TOPUP tool [13] was thus added to our -post-processing pipeline to estimate and remove these image distortions. The set of (distorted) images acquired under the susceptibility induced field are internally consistent, because the expected subject motion to be rather small, such that variations in the field can be neglected for all acquired images and  acquisition parameters. In this case reversing the phase-encoding direction would results in different distortions. This knowledge is used to estimates the displacement field and restore images free from susceptibility off-resonance field. The distortion correction flow diagram is shown in Figure 5. 4.  Our integrative pipeline allows very easy toolboxes’ reordering and testing of different scenarios, hence to be able to evaluate the efficiency of the place of the TOPUP correction in the reconstruction and motion correction pipeline.

[bookmark: _Toc51328078][bookmark: _Toc54624098]5.2.2.5. Phase Correction:  

Because 3DGB implement oscillating readout gradients, it is intrinsically vulnerable to linear phase variations along the readout direction due to eddy current delays, off-resonance effects, and improper gradient balancing.  Since the phase encoding direction is changing for every blade, the previous causes could induce a potentially different displacement of each blade's k-space center.  Hence, phase correction is an essential preprocessing step before combining all the blades to compute high-resolution control or label images. This step makes sure that the point of rotation is the center of k-space for all the blades by removing all low-frequency spatially varying phase in image space for each strip [10] [18].  Phase correction pipeline is illustrated in Figure 5. 5
[image: ]
[bookmark: _Ref54602793][bookmark: _Ref51275991][bookmark: _Toc51328408]Figure 5. 5:   Flow diagram of phase correction algorithm, applied on each blade during the blade image reconstruction.

[bookmark: _Toc51328079][bookmark: _Toc54624099]5.2.2.6.	Rotation estimation and Correction: 

To estimate bulk transformations caused by the subject motion all along with the ASL time series, and ensure the global coherence of all control and label datasets, each over imposed motion-related rotation of the all phase-corrected blade should be removed.  Indeed, it is well known by the Fourier theory that rotation of an object in image space produces an identical rotation of its Fourier transform in its k-space [14]. Therefore, by assessing the magnitude of the k-space data it is possible to estimate rotational motion independent of translational shift. 
As stated above, each blade contains a common central disc of k-space. The comparison between all central disc of a given partition allows the estimation of in-plane rotation and translation motion of individual subsets using Pipe et al. approach [10] [19] 

This operation proposes an individual correction of the 3D datasets by aligning all blades on a local reference blade LRBC,Lp, r  , but it does not warranty the coherence of all final corrected ms3DGB pCASL data through time. To preserve the perfusion signal resulting from the subtraction of the pairs of ms3DGB control and label datasets, these need to be perfectly registered after correction, imposing the necessity to extend the PROPELLER reconstruction to the whole time series, as illustrated in Figure 5. 6. Among all local reference blades (LRBC,Lp, r  ), our pipeline further needs to identify a common and global reference (LRBC,Lp,) for all blades of all partition from the whole ASL times series..

So in our customized rotation correction algorithm, the circular k-space magnitude of all blades within each given partition p (1 < p <PN) were first locally averaged. Correlation weightings of this mean circular center with each circular center of each blade of the partition enable identifying severely corrupted data associated with the lower weights. The most unaffected blade about motion is the blade, whose circular center has the highest correlation with the locally average one and is chosen as the local reference blade, labeled (LRB C,Lp, r ) for a given partition p and repetition r. The multiple reference blades from all partition from all the 3D datasets were further sent to the next stage of the computation, identifying a second common and global reference (LRB C,Lp, r) along all the repetitions to extend the motion-correction  using the same principle. Correlation weights, estimated motion angle, and translation retrospectively associated to each blade enable to reversely propagate the adequate correction to each blade while warrantying their mutual alignment in a final k-space with their true estimated angle. The final corrected k-spaces can then be gridded onto Cartesian grid C by the convolution interpolation method [19]. These differences between the estimated angles of rotation (Est (b,p,r)) and the theoretical angles (Th (b,p,r)) were used to quantify the level of rotational motion corruption in the acquired data.  
[image: ]

[bookmark: _Ref54602821]Figure 5. 6:  Details of the Propeller reconstruction box from Figure 5. 2  illustrating rotational motion correction algorithm: 1) Local reference calculation identify first the best quality blade set among the given partition in a given time point 2) Global reference calculation is identifying the best quality blade set among local references then estimate the shift of every blade across all time points for further correction. 


 Estimation of rotation of the object between the two blades KB1 and KB2 can hence be calculated by using the k-space magnitudes ||KB1(ρ,φ)|| and ||KB2(ρ,φ)|| respectively.  Where (ρ,φ)  are polar coordinates representing pixel distance and angle along the origin of k-space and || || denotes magnitude.
For two blades acquired sequentially or not without patient motion, the theoretical rotational angle aφ is known and their magnitude ||KB1(ρ,φ)|| and ||KB2(ρ,φ)|| should be identical: 
    				(5.1)  
If these magnitudes are different from each other, one blade can be chosen as a reference and the other blade can be rotated by a user-specified range of additional angles.  For every newly generated angle, the correlation measure w between the magnitude data ||K(ρ,φ)|| and the reference ||KR(ρ,φ)|| is was computed as a function of angle. The angle corresponding to the maximum correlation corresponds to the angle with best probability; it is stored as the most probable angle between the two blades. In order to ensure a fast computation, the number of angles tested is limited to 20 degrees, i.e. an angle increment D φ= ±20° to generated the test-blade.  Hence, in order to provide the method with a better precision than angle increment used for the generation the test-blade, the best angle was determined as the maximum of the curve obtained after second order polynomial interpolation. 
In order to achieve a robust correlation it is necessary to remove the heavy weighting at the k-space center due to higher concentration of signal energy and at the edges where noise is very high due to the high spatial frequency. Heavy weighting is removed through each pixel in a disc is multiplied by the square of its distance from the k-space origin.  


[bookmark: _Toc51328080][bookmark: _Toc54624100]5.2.2.7.	Translation estimation and Correction:  

Fourier shift theory states that the translation (shift) of an object in the image space produces linear phase shifts in its k-space in the direction of motion [15][16]. Similar to the rotation correction, the central disc portion of the k-space of all blades within each given partition p (1 < p <Np) were locally averaged, and correlation weightings calculated between the mean circular center and circular center of each blade of the partition enable identifying the severely corrupted data. The same reference blades used for the rotation correction were used for the translation correction too. In this case, however, the data is kept complex. 
.  If the object in the image IB2 is translated by Dx along x-direction and Dy along the y-direction in comparison with B1 then:
						(5.2) 
Pairs (∆x, ∆y ) for which the cross correlation between the IB1 and IB2 is maximum correspond to the sought-after translations between the blades caused by the motion:    
                   			(5.3)  
Using parceval’s theorem this is equivalent to find the pairs ( for which the following expression is maximum:
                        				(5.4)
Once the object translation is estimated between the blades, complete k-space data of IB2 is multiplied by the corresponding phase in order to apply the translation correction.


[bookmark: _Toc51328081][bookmark: _Toc54624101]5.2.2.8.	Correlation Weighting and Image Formation:

The previously proposed method can only estimate and correct for in-plane bulk transformations directly. To handle through-plane motion, correlation-weighting was used again. First, the central portion of all motion-corrected blade Kb(ρ,φ) was gridded and averaged. the correlation measure b of each gridded blade Kb(x,y)  with the mean reference < KA(x,y)  > was stored
                   					(5.5)	  
All correlation measures are further normalized between the 0.1 to 1 and raised to the power of ɛ as
      				(5.6)	   
P is the distribution of correlation weights that can be used to classify the relative contributions of blades to the final reconstructed image: a low correlation between the blades indicates data that suffered from severe through-plane motion and could not be tackled by previous corrections.  These uncorrected blade images could cause artifacts in the final reconstructed image. Weighting their signal k-space signal according to P will further limit the contribution from the bad data and improve the final image. The choice of ɛ excludes the blades containing bad data from the final image reconstruction but at the cost of a smoothing effect. Correlation weights are applied to the respective motion-corrected blades before the final reconstruction is performed: gridding of the resulting k-space made from all corrected and weighted blades, and Fourier transform. 
 

[bookmark: _Toc51328082][bookmark: _Toc54624102]5.2.2.9.	CBF Estimation

The label images were subtracted from the control images to obtain the Perfusion weighted (PW) images. The absolute cerebral blood flow (CBF) was calculated using the General Kinetic Model [20] as: 

         .			(5.7) 
In the above equation, Δ𝑀 is the control-label difference or PW signal, 𝜆 is the brain/blood partition coefficient in ml/g, 𝛼 is the labeling efficiency, 𝑀0 is the equilibrium magnetization of the brain, 𝜏 is the labeling duration and R1a is longitudinal relaxation time of blood. The assumed parameter values followed the recommendations in [2] 𝜆= 𝜆mean = 0.9 ml/g (mean 𝜆 for gray and white matter). The labeling efficiency were assumed to be 0.70 [21]. R1a = 0.606 s−1 at 3T. We have used λGM/λWM = 0.98/0.82, T1,GM/T1,WM = 1331/832 ms, T2,GM/T2,WM/T2,blood = 110/80/186ms as suggested by[22].

[bookmark: _Toc51328083][bookmark: _Toc54624103]5.2.2.10.	Virtual Motion Simulation study

To evaluate our improved pipeline’s robustness and ensure quality control after each step, virtual motion simulations were carried out. A controlled, thus known motion was injected into a realistic dataset, where care was taken to previously remove any residual motion. A high-resolution ms3DGB pCASL dataset, acquired on a healthy volunteer was used to run the simulation experiments. The corresponding main MR parameters were: 96x96 matrix sizeand 220x220 mm field of view (FOV) were acquired with 16 equally spaced blades and 16 phase encoding lines per blade , TR=4400ms; TE=21.9ms; imaging slab thickness of 80 mm consisting of 16 slices with 5.0 mm slice thickness, 2 Repetitions, a Labelling Duration of 1600ms, and a Post labeling delay of 1500ms; two-pulse BS (BS_1 = 480ms and BS_2 = 55ms) optimized to suppress static tissue signals is applied.  

Motion from the reference dataset acquired on one healthy volunteer was analyzed using the motion-correction pipeline and eventually corrected to ensure that the data were neither affected by unintended subject motion nor any protocol induced image artifacts. Each of the blade data was corrected for any residual errors, and the final angles (Ref) and phases shifts (x or yRef) were recorded. The magnitude and sign of rotation angles increment (ϕ) used for the simulation were randomly generated by sampling the Gaussian distribution with a mean of zero and a standard deviation of 6.5 degrees. The resulting angles αSim to be used for the simulation were obtained by randomly adding the angle increments and reference angles: (Sim = Ref+ ϕ). The shifts were generated with zero mean and standard deviation of 6 pixels for the translational motion, and likewise, XYSim= XYRef +xy. 
An artificially corrupted k-space was obtained by biasing the original motion-free blade data using these new angles and linear phase shifts before being gridded to achieve artificially rotated blade subsets. The obtained corrupted data was sent for motion-correction to the proposed pipeline. The efficiency of motion-correction was evaluated by comparing the reference values of (Ref) and the angles estimated from the corrupted data (αEst) for each blade to calculated ϕest= Est - Ref. A Bland-Altman (BA) analysis was conducted between the theoretical blade angle programmed by the sequence and the estimated angles Ref , Sim,Est to illustrate and quantify the method’s performance. The reproducibility coefficient (RPC) and the coefficient of variation (CV) were calculated before and after correction. 

Two rounds of simulations were performed. Both rotation and translation were simulated simultaneously in the k-space before motion estimation. Alternatively, only one type of motion (rotational or translational) was simulated each time and then the motion estimation performed. It was aimed to evaluate the efficacy of the proposed correction method when different combinations and amplitude of motions were present in the data. In the combined motion simulation, linear phases were added to each phase and distortion corrected blades followed by rotating the k-space co-ordinates. Rotational motion and translational motion were first added and evaluated separately before being combined to generate synthetically motion-corrupted datasets supplied as an input to the proposed motion-correction algorithm.

[bookmark: _Toc51328084][bookmark: _Toc54624104]5.2.2.11.	Experiments in Volunteers and patients, MR protocols

The study was conducted in accordance with the Declaration of Helsinki. All healthy volunteers and patients were recruited with the approval of the institutional research ethics committee., who were informed of the purpose of the study and methods used before providing their written consent. 
Experiments were performed on a 3 Tesla MAGNETOM Prisma MR scanner (Siemens Healthcare, Erlangen, Germany). In order to compare the image quality between ms3DGB, ss3DGC and ms3DGC, a total of 5 healthy volunteers were scanned using three sequences. The ms3DGB sequence was additionally performed in two subjects requested to move the head once during the scan on demand, fixing a point in the tunnel then points deviated 10 cm away from the original vertical position. The subject was instructed to move the head left-right (‘NO’) and then up-down (‘YES’) nodding to simulate rotational and translation,  as well as through-plane motion respectively. 
Identical PCASL preparation and image acquisition parameters were used for both ms3DGB and 3DGC protocols to acquire control and perfusion-sensitive labeled images. The main MR parameters for ms3DGB were TR=4400ms; TE=21.9ms; FOV=220x220; Matrix size= 96x96; imaging slab thickness of 90 mm consisting of 12 slices with a slice thickness of 5.0 mm, a number of 16 blades, 2 repetitions, a Labelling Duration (LD) of 1800ms and a Post labeling Delay (PLD) of 1800ms and BS_1 = 480ms and BS_2 = 55ms is used The other scheme differ by the number of segments for the ms3DGC (equal to 4) , and a matrix size= 96x64 was used for ss3DGC to match the voxel size with ms3DGB protocol.. 
Separated M0 images were acquired without ASL preparation with 4 blades at TR=10s to enable absolute quantification of brain perfusion and comparison between techniques in any brain territories of interest. High-resolution anatomical images were also acquired using 3D MPR2RAGE sequence (16) with the following parameters: TR=5000 ms, TE=2.98 ms, GRAPPA acceleration with iPAT = 3 ; TI1/TI2=700/2500 ms, flip angles (FA1/FA2)= 4/5°, BW=240 Hz/pixel, voxel size=1.0x1.0x1.0 mm3, FOV=256x256 mm2, 176 slices.
The regional mean CBF values for GM and WM were calculated and tabulated for all the volunteers. For the clinical study, 50 patients were recruited and the ms3DGB was added to the standard clinical protocol.  All estimated rotational (αEst) angles and translational shifts (∆XEst and ∆YEst) were recorded and used to quantify and analyze the range and type of motion in our patient population.  

5.3. [bookmark: _Toc51328085][bookmark: _Toc54624105]Results 

For a single 96 x 96 x 12 head volume reconstruction from 64 channel data, the whole post-processing including Nyquist and distortion correction, the motion estimation and correction, and the final reconstruction takes about 4 minutes.  

[bookmark: _Toc54624106]5.3.1. Distortion correction in the presence of motion

Figure 5. 4  shows the reconstructed control images acquired from 16 blades, without detectable motion present in the acquisition and shown before and after the geometrical distortion correction was applied. The important signal loss shown here close to sinuses, was observed in all our subjects in these regions, where important air-tissue interfaces led to this type of off-resonance artifacts in the frontal brain region. After distortion correction of each blade data with the TOPUP method, distortions are successfully removed and the final image show retrieved anatomical structures on the previously affected areas. Nevertheless, Figure 5. 7 clearly shows that TOPUP is not compatible with motion occurring between blades acquired with reverse phase encoding direction, whenever the TOPUP correction is operated. 
[image: ]


[bookmark: _Ref54602929]Figure 5. 7: Illustrating 3DGB control images (Nex=2, Blades=16, Matrix= 96x96 TF=12; EPI=16) and its respective perfusion maps obtained by applying TOPUP at different stages in the PROPELLER reconstruction pipeline. Data acquired with and without subject motion during acquisition is used to demonstrate efficiency of TOPUP at different scenarios. 

In case of subject’s motion, pair of blades acquired at opposing phase encoding directions will have different field maps due to combined effects of magnetic field distortion and motion, rendering the separation of both effects impossible to accomplish. Applying the TOPUP distortion correction will add even more severe artifacts to the corrected k-space with further impact on motion estimation and perfusion map calculation. Only in case of no motion, could the TOPUP correction be applied and this operation should be performed before the PROPELLER MOCO. Although, for the rest of the study, the TOPUP correction was not activated. 


[bookmark: _Toc51328086][bookmark: _Toc54624107]5.3.2. Virtual motion simulations study

 The native control and label images used for virtual motion simulation and its perfusion-weighted maps are shown in Figure 5. 8(A). The original estimated mean rotational and translational motion of these images were Ref=0±0.13 (Mean±SD) degree. 

In Figure 5. 8, images with added motion appear blurred (B), the corresponding Bland-Altman plots between the simulated angles and the theoretical references ones, indicates simulated motion with angles that are exquisitely distributed on both positive and negative angles with a coefficient of variation (CV) increase from 0,19% to 4,5%. As expected, the final reconstructed control and label images were not registered properly, and the resulting perfusion map was corrupted due to subtraction errors. 
[image: ]
	       
[bookmark: _Ref54602949]Figure 5. 8:  Evaluation of the proposed motion correction algorithm through simulation: top row is the combined k-space of all blades of a given partition, leading to control/Label images, then perfusion weighted images. The bottom row shows the distribution of relative angles: Th data theoretical acquisition angles, sim added motion by virtual simulation, est estimated motion. A) First column corresponds to the original data acquired without significant subject motion (φsub= 0°), B) middle column represent the images after injection of virtual rotation motion Sim.  Each low resolution blade image is rotated by an angle sampled from a Gaussian distribution with SD=12.5°. The squares in Red and Blue are angles from control and label blades, respectively. C) Last column displays the final data after rotation correction (Est = 0±26°). 

After correction, coherence was retrieved with a distribution of estimated angle centered on the zero lines and a minimized standard deviation. The correlation between the theoretical angles implemented in the sequence (Th) and the estimated angles after motion-correction  (Est ) is similar and even improved, compared to that existing before the intentional corruption with controlled motion. Similar coefficient of variation and RCP were found before and after correction, demonstrating that the method can estimate the rotational motion with a high level of accuracy and correct for it. 

Figure 5. 9 and 5. 10  provide more details on the translational and rotational motion parameters extracted before and after simulations. These simulation results show that the estimated motion correction is globally capable to handle various levels of injected motion for both in-plane rotation and translation, with a pattern that is correctly retrieved.
[image: ]
[bookmark: _Ref54603770]Figure 5. 9: A). Display of estimated initial residual rotational motion angles from control and label acquisition in the volunteer dataset used for further realistic simulations scenarios. Each line plot corresponds to a partition of the 3D slab; B). Imposed theoretical rotational motion using randomly generated angle () by sampling a Gaussian distribution with a mean of zero and standard deviation of 6.5 degrees C). Estimated angles for the previous rotational motion virtually inserted in the initial realistic brain data. 
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[bookmark: _Ref54603777]Figure 5. 10: Row A). Display of estimated initial residual translation motion on X and Y direction from control and label images where each line plot corresponds a partition of the 3D slab; Row B). Imposed theoretical translational motion using randomly generated linear shift  by sampling the Gaussian distribution with a mean of zero and standard deviation of 6.5 pixel  C). Estimated shifts for the previous translational motion injected in the initial realistic brain data. 

 Nevertheless, some variations can be observed depending on the slice level across repetitions, showing that residual motion errors estimated for each slice differs from each other. It could indicate that due to subject motion in between the scan, each slice in a 3D slab experienced different B0 inhomogeneities and/or different imperfect gradient balancing corresponding to that fact that the initial shim is no more effective, 

Figure 5. 11 and Figure 5. 12 in provide visual illustrations of the k-space and image spaces at each step of the simulation study, and enable one to appreciate the effect and the efficacy of the sequential procedures and the effect of these individual and combined corrections in both spaces.
[image: ]

[bookmark: _Ref54602999]Figure 5. 11: k-space and Image space along the rotational motion correction pipeline: Original (top row), after added rotational motion (middle), after motion correction (bottom row). Motion free data shown in the first row are collected by 8 blades with incremental angle of 22.5° (column C & D). Middle row displays single blade k-space and image space (column A &B) that correspond to a rotational motion of 6.5°, while column (C&D) is added with 0± 6.5° (mean±SD) rotational motion randomly. Last row, corrected images with estimated corrected angles.  
 [image: ]
[bookmark: _Ref54603006]Figure 5. 12: k-space and Image space along the translational motion correction pipeline: Original data (top row), results of virtually added translational motion (middle row), after motion correction (bottom row). Each Column shows combined k-space of 8 blades (column A); Central region of combined k-space (Column B); 3D surface plots of central k-space (Column C) and respective image space (column D).     Motion free k-space data shown in the first row are collected by 8 blades with incremental angle of 22.5°(Row: top; columns A & A). Middle row displays k-space and image space (columns A &D) that correspond to a translation motion of 10 pixels. Row: Middle, Columns: C show k-space in 3D after a random mean±SD shift of 0± 10 pixels for better illustration of amplitude changes due to linear phase shifts. The values indicated in the third column are the central pixel’s peak intensities in each case. Last row, corrected images are displays before, after shift and after estimated shift and corrected for it. 

[bookmark: _Toc51328087][bookmark: _Toc54624108]   5.3.3. Volunteer and patients study: 

In the case of acquisitions performed in healthy subjects without stimulated head motion, the mean motion estimated was 0.4°±0.5° rotational motion and 0.0±0.3 pixel for translational motion. 
Images a human volunteer’s brain moving his head in the scanner and containing significant motion artifacts, are shown in Figure 5. 13. The corresponding distribution of estimated motion indices for all the slices of a 3D slab is plotted in central graphics to illustrate the dispersion of angles prior motion-correction. 
[image: ]
[bookmark: _Ref54603042]Figure 5. 13: Illustration of the effects of induced random motion between the blade shots in control and label image acquisition obtained in a healthy volunteer. Blue arrows in the plots indicate the occurrence of motion and its effect on the next blade, showing that it affects all the slices of an imaging slab. Motion-uncorrected and motion-corrected label images are magnified in the bottom row to illustrate the effect of subject motion (left) and appreciate the efficacy of the blade reconstruction algorithm (right). The motion artefacts are pointed by white arrows in the magnified image. These artifacts are removed in the corrected images.

The estimation of the motion parameters clearly enables to identify a deviation to the initial pre-set values (non-motion) values. After motion-correction the motion artefacts are removed either by correcting or removing the affected blades from the final image and the final Control images demonstrate sharper edges close to the ventricles and a clear contiguous line of moderate signal intensity corresponding to the skin at the surface of the dark cortical bone.  The motion algorithm can retrieve precisely how many times the subjects moved the head randomly at different time points and in different directions and separate rotational and translational motion. In our volunteer study with stimulated motion, the mean rotational motion was 9.0 ±6.8 degrees and the mean observed shifts were 4.0±3.2 mm pixels for translational motion. Though the subject motion is a bulk and rigid in nature, different slices in a 3D volume experiences marginally different amounts of motion as shown in the plots. 

Figure 5. 14 shows the absolute CBF maps from one of the 5 healthy subjects calculated for ms3DGB, ss3DGCand ms3DGC acquisitions.  For ms3DGB, mean CBF was 72.2±1.8 ml/100g/min for grey matter (GM), and 25.8±1.2 ml/100g/min for white matter (WM). In  ss3DGC, mean CBF was 52.0 ±1.4 ml/100g/min for GM and 24.0±1.3 ml/100g/min for WM. The average GM/WM ratio was 2.8±0.1 for ms3DGB and 2.1±0.1 for ss3DGC, confirming that a higher CNR can be obtained with the blade technique due to oversampling of k- space. Visual comparisons of CBF maps demonstrate more apparent anatomical structures with blade acquisitions than with Cartesian ones.

[image: ]
[bookmark: _Ref54603090]Figure 5. 14:  Example of CBF maps obtained in the same normal subject with single-shot 3DGB (Bottom) and 3DGC (Top-Left). and Multi-shot 3DGC (Top-Right) after three repetitions (TA=5 mins), Nblades_3DGB=16. Npartitions_3DGC=16 and Turbo factor (TF) =12; The magnified images of brain regions  shows that the 3DGB delivers CBF maps with better GM and WM contrast and brain structures are clearly visible whereas the Cartesian images are suffering from noise and blurring effect

The estimated motion parameters extracted from 25/50 patients are plotted in Figure 5. 15. For every patient, the maximum and standard deviation of estimated rotational angles and translation shifts for each partition is reported. 
[image: ]

[bookmark: _Ref54603110]Figure 5. 15: Bar plot of estimated mean motion parameters (left: a & c) and standard deviation (right: b & d) from all slices (i.e. partitions) in 25/50 patients using 3DBLADE pCASL sequence. The patients numbers are reformatted for better visualization and do not necessarily exhibit the order of the inclusions. For the sake of clarity, only half of the patient data were used here.

Among all patients, referred for routine brain examination, the maximum rotational motion estimated was of 3.1± 1.1[range: 0.01- 4.2°] and translation motion of 0.5±1.0 pixels [range: 0.00 – 1.4].  Nearly 85% of the patients reported with no motion i.e less than 0.5-degree rotation and less than one-pixel translation. Figure 5. 16 and  5. 17 gives the complete picture of rotation and translation motion parameters estimated for all 50 patients. 
[image: ]
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[bookmark: _Ref54603145]Figure 5. 16: Bar plot of estimated Max rotation motion (Top) and standard deviation (Bottom) from all slices (i.e. partitions) in 50 patients using 3DBLADE pCASL sequence. The patients numbers are reformatted for better visualization and do not necessarily exhibit the order of the inclusions. 

[image: ]
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[bookmark: _Ref54603153]Figure 5. 17: Bar plot of estimated Max translation motion (Top) and standard deviation (Bottom) from all slices (i.e. partitions) in 50 patients using 3DBLADE pCASL sequence. The patients numbers are reformatted for better visualization and do not necessarily exhibit the order of the inclusions. 


 CBF maps generated using ms3DGB ASL sequence in clinical subjects 1) having Large and recent stroke of both MCA and ACA territories (giving an hyper-signal on both  FLAIR and DW images). 2) Having Pre-surgery brain tumor fMRI examination in whichthe brain lesion is a grade II (WHO) astrocytoma situated in the left parietal lobe are shown in Figure 5. 18 and 5. 19 respectively. 

[image: ]

[bookmark: _Ref54603281]Figure 5. 18: CBF maps generated using 3D GRASE BLADE ASL sequence in clinical subject having  Large and recent stroke of both MCA and ACA territories (giving an hyper-signal on both  FLAIR and DW images). There is an hemorrhagic transformation in the right lenticular nucleus (not visible on the slice you present). The clot is visible in the right M1 with a signal discontinuity downstream. Histograms on the right side illustrates estimated motion angles (top)of each blade in all 12 partitions. Residual motion estimated after propeller correction (bottom) was applied (re-estimation of motion after originally estimated motion was corrected). 




[image: ]
[bookmark: _Ref54603294]Figure 5. 19: CBF maps generated using 3D GRASE BLADE ASL sequence in clinical subject having Pre-surgery brain tumor fMRI examination. The brain lesion is a grade II (WHO) astrocytoma situated in the left parietal lobe. Tractography shows a left arcuate fasciculus which is slightly deviated. Histograms on the right side illustrates estimated motion angles (top)of each blade in all 12 partitions. Residual motion estimated after propeller correction (bottom) was applied (re-estimation of motion after originally estimated motion was corrected). 






5.4. [bookmark: _Toc51328088][bookmark: _Toc54624109]Discussion

First of all, this study demonstrates a successful implementation of the 3D-GRASE-BLADE readout sequence combined with PCASL preparation, backed by an efficient off-line motion-correction or empowered with distortion correction. Second, this study demonstrates the feasibility to apply it in volunteers and patients to monitor the level of motion during the scans and to retrospectively correct for it. Moreover, distortion correction, intrinsically offered by the blade technique, failed to show robustness to motion and cannot be used in this context.  Finally, the study is also confirming the previous finding from [1] of higher CNR offered by the ms3DGB due to oversampling at the central k- space. Consistently in all subjects, the GM/WM ratio is higher for Blade than Cartesian. 

Our virtual simulations enable an easy validation of all blocks and demonstrate the efficiency of the technique for a large range of in-plane motion.  A higher mean standard deviation of rotational angle was obtained in patients compared to our volunteers, most probably signing hidden out-plane translational and rotational motion components, that cannot be compensated using the current approach as we have only a 2D navigator. 
Hence, the blade sampling strategy provides an opportunity to quantify the patient's rigid motion in between each blade acquisition, with a significant advantage to retrospectively allow one to compensate for it, without the need for an extra navigator or reference data acquisition. Considering that the image artifacts resulting from head motion are perennial in MR imaging with ASL due to longitudinal scanning duration[23], it is a crucial adjunct for further clinical routine application but also quality control in the multi-center or therapeutic trial. 
A disadvantage of the blade strategy is an increase in scan time to fully sample k-space as a multi-shot technique. However, this disadvantage is balanced for ASL imaging where signal averaging is necessary to achieve adequate perfusion SNR [17]. The effective temporal resolution of the blade is reduced by exploiting relationships among the redundant measurements to minimize the artifacts such as distortion but without any consequence for perfusion imaging and CBF quantification. The in-plane motion-correction capabilities and reduction of through-plane blurring are suitable for longitudinal acquisition strategies susceptible to patient motion. Recently, one of the study concluded that the number of blades does not play any significant role with regard to motion-correction  [24]. However further studies are probably needed to determine the right number of frequency encoding lines per blade and the number of blades per slice that may lead to the most accurate estimation of the rigid motion. 

One limitation of the study is that our patient population did not include non-cooperative patients such as  dementia, neither pediatric patients, where motion-correction would have been incredibly helpful. This feasibility study demonstrates that we can monitor the motion and correct for it, key outcomes to further obtain the ethical committee to allow the screening of patients with a higher likelihood of involuntary motion, such as patients who have Parkinson’s or Alzheimer disease, where perfusion is a crucial determinant for grading and follow-up [25]. 

Finally, the current version of the Blade sequence did not consider motion-correction in the z-direction (through-plane), and further work is needed to definitely tackle the complete patient motion observed in patients. 

We conclude that the ms3DGB could be a powerful solution that offers an efficient retrospective in-plane rigid estimation of the head motion occurring during a scan, combined with a capacity to quantify and correct for it. This estimation and correction could also be performed in real-time, hence enabling real-time feedback and re-acquisition before the end of the acquisition until a perfect and high-resolution perfusion image is gathered. In its current implementation, it produces perfusion images with increased image quality compared with ss3DGC. Nevertheless, in the absence of motion, the ss3DGC technique cannot compete against ms3DGC that always provides substantially higher image quality in both SNR and resolution. Consequently, ms3DGB ASL sequence could only stand out as a convenient approach for robust pCASL imaging when no other solution could be used (i.e. in the marginal situation patient where only in-plane motion is expected), limiting its clinical outcomes considerably. Moreover, while the TOPUP image distortion correction method is efficient to construct the perfusion maps with high structural definition; it is not compatible with unpredictable subject motion.
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6.2. [bookmark: _Toc51328099][bookmark: _Toc54624113]Conference Presentations

Conference paper “High Resolution 3D ASL GRASE Sequence Using BLADE k-space Readout for Inline Motion Correction” (Presented as a Digital Poster Presented @ ISMRM-2019 Montreal, QC Canada   )

[bookmark: _Toc51328100][bookmark: _Toc54624114]6.3.	Trainings

1. IDEA - Integrated Development Environment for Applications (VD11B) Course at Siemens Medical Solutions, Cary, NC, USA	(1 week)					         
2. Image Calculation Environment (ICE) and Non-Cartesian Image Reconstruction Training at Fraunhofer Institute for Medical Image Computing , Bremen, Germany   (1 Month)
3. European IDEA Users Group Meeting: Maastricht University, The Netherlands    (4 days)
4. The ESMRMB Lectures on Measurement of Perfusion and capillary exchange at University of Bremen, Germany 	(3 days)
5. Attended educational lecture and joint Annual Meeting ISMRM-ESMRMB 2018 held @ Paris,France 
6. Attended annual ESMRMB scientific meeting held in 2015 @Edimburg, UK
7. [bookmark: _Toc425179693]Attended annual meeteing held in in 2015 @Airth Castle, UK

[bookmark: _Toc54624115]General Conclusion and perspectives

Initially, we sought to make methodological contributions to improve the understanding of vasospasm, but due to reorganisation within the radiology department, the recruitment of these patients was made impossible. 
Like many research groups around the world, we then decided to target the prediction of the evolution of ischemic lesions in stroke, which remain nowadays a major public health issue. Imaging of high repoducible quality, fast enough to be used before therapy and non-invasive to be repeated at the acute phase of recovery and distal phase is of crucial interest to explore and monitor the complexity of the biological mechanisms involved in the brain’ s necrotic process following ischemia. To do so,  work focused on addressing one of the most important limitation of ASL, which remain motion.  
The recent development of multi-slice imaging has created the need to evaluate  of the Siemens Healthcare prototype. When designing the experimental protocol, we decided to chose different voxel sizes of the images across ASL protocols i.e. different slice thicknesses. If physicists generally compare approaches with similar slices thicknesses or ASL pairs, to have fewer parameters and more comparable theoretical conditions, physicians optimize sequences completely differently: taking always the best compromise between coverage, SNR and slice thickness or number of slices in a given readout time. This is the reason why, when doing so we may have surprise in the final sensitivity of a given ASL sequence, and we did not want to reproduce errors made in the past by choosing a protocol on bench rather than at bed side. This is the reason why, we deliberately decided to use different slice thicknesses (4-6 mm) across SMS Variants, especially since the multiband technique, which makes it possible to acquire more slices within a given volume coverage at higher SMS factors, hence enable each slice to be progressively thinner than the single band slices or lower acceleration factor. 
The other originality of the study, was to to take care of using subject-specific (T1, T2) pairs, as this procedure will be mandatory in patients, particularly to monitor CBF in longitudinal studies in which the status of the lesion and brain tissue can vary considerably. This introduce a slight technical challenge, and the necessity to validate the morphological toolboxe from Siemens against the well-known and used MNL altas. The SD of T1 and T2 values in our normal subjects was 18% and 6%, respectively, confirming that interindividual biological differences in normal subjects are relatively small, as is their impact on CBF; however, for example, in stroke patients, the edema in the ischemic area-at-risk coupled with the presence of early/late hemorrhage would result in large T1 and T2 tissue changes over time. Similarly, in patients with tumors, in whom imaging will serve for treatment monitoring and follow-up, important tissue remodeling would most likely and importantly modify the local T1 and T2 values. 
The conclusion of the multi-slice evaluation 3D GRASE showed the lowest variability and thus the highest robustness for ASL perfusion imaging in the brain compared to the 2D EPI alternatives in healthy subject population. All 2D EPI protocols with SMS can probably be considered equivalent even though regional differences in the CBF values can be observed from one to the other, which in turn adds a factor of variability that should be considered in multicenter studies. Whether motion correction is more efficient over a 2D longitudinal series than a 3D longitudinal series with powerful BS still needs to be investigated and will determine which of the two approaches is the most suitable technique by which to perform follow-up examinations in a large cohort of patients who are more likely to exhibit involuntary head movements, such as those suffering from brain injury or patients who are affected by neurodegenerative disorders, such as Parkinson’s disease.
In the second part of this thesis, a  3D blade GRASE sequence was implemented on a siemens 3T clinical scanner, from the original publication of Huan et al (ref), initially developed on a 1.5T GE scanner. However, because there was no study conducted on evaluating performance and accuracy of motion correction by Blade acquisition and reconstruction method in ASL measurements, the objectives of this work were first to perform simulation and reproducibility studies in volunteers in order to evaluate the performance of the approach with different levels of motion. There was also a possibility for improvement with regards to distorsion correction using TopUp, hence that also needed to be evaluated in the context of motion and  at 3T, where such artefacts are more severe. The sequence was then evaluated in a large number of patients referred for brain imaging in order to provide feedback on the new potential clinical outcomes for the proposed methodology.
The simulations and the results obtained in 5 volunteers and 50 patients referred for a brain MRI at 3T along three months confirmed the superiority of the ss3DGB in terms of SNR, its unique motion estimation and correction capabilities. The ss3DGB showed also reduced in-plane blurring compared to the  ss3DGC while neither increasing total acquisition time nor affecting perfusion sensitivity. Quantified CBF values in volunteers acquired without motion using the ss3DGB are higher than values estimated with ss3DGC and multi-shot 3DGC. Nevertheless, in the absence of motion, the ss3DGB  technique cannot compete against ms3DGC that always provides substantially higher image quality in both SNR and resolution.  Consequently,  ss3DGB ASL sequence could only stand out as a convenient approach for robust pCASL imaging when no other solution could be used (i.e. in the marginal situation patient where only in-plane motion is expected) and when high resolution is not required, limiting its clinical outcomes considerably. Distorsion correction intrinsically offered by the blade technique failed to show robustness to motion and cannot be used in this context. 
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