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Forty years ago, radionuclide myocardial perfusion imaging, a breakthrough in noninvasive imaging, began as a robust clinical tool for evaluating coronary artery disease (CAD). Today, radionuclide imaging has progressed into a molecular technique that can detect an expanding array of cardiovascular diseases, paving the way for personalized therapies. Of course, these developments couldn’t have come to the fore without the rapid technical innovations in the imaging technologies. New devices, including hybrid PET/CT and PET/MR scanners as well as novel image reconstruction software, have brought the best research ideas to clinical practice. The selection of articles in this issue of Cardiology Clinics illustrates the multitude of technological and radiotracer advances that are transforming the field of nuclear cardiology and improving the quality of life for those afflicted with cardiovascular disease.


The thoughtful contributors to this issue of Cardiology Clinics usher readers into the frontiers of nuclear cardiology. They explain how our field provides a comprehensive evaluation and image-guided management to individuals with a range of cardiovascular diseases. They describe how radionuclide myocardial perfusion imaging provides rapid, high-quality, and low-radiation-dose imaging to individuals with known or suspected CAD. They reveal how quantitative imaging of myocardial blood flow can determine the hemodynamic significance of nonobstructive CAD and coronary microvascular dysfunction. They demonstrate how 18F-fluorodeoxyglucose PET provides unique information, in myocardial inflammatory diseases and cardiovascular infections, which cannot be obtained from any other imaging modality. They show how repurposing several molecular imaging tracers (sodium fluoride, 99mTc-pyrophosphate, 18F-amyloid agents, 123I-metaiodobenzylguanidine-MIBG, and more) may lead to personalized disease evaluation and management of a variety of cardiovascular diseases. Appropriate clinical use of these new techniques and tools has the potential to significantly alleviate the suffering of individuals with a variety of cardiovascular diseases.


We thank Dr Audrey H. Wu for the opportunity to edit this issue on Nuclear Cardiology. It has been a great pleasure to work with each of the authors; we thank each of them for their insightful contributions. Our special thanks to Alison Swety and her team for supporting us and keeping us on track for the issue.










Advances in Single-Photon Emission Computed Tomography Hardware and Software
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Nuclear imaging techniques remain today’s most reliable modality for the assessment and quantification of myocardial perfusion. In recent years, the field has experienced tremendous progress both in terms of dedicated cameras for cardiac applications and software techniques for image reconstruction. The most recent advances in single-photon emission computed tomography hardware and software are reviewed, focusing on how these improvements have resulted in an even more powerful diagnostic tool with reduced injected radiation dose and acquisition time.

Keywords

SPECT imaging system; SPECT instrumentation; Image reconstruction; SPECT hardware and software advances

Key points



• Nuclear imaging remains today’s most reliable modality for the assessment and quantification of myocardial perfusion.

• Nuclear imaging techniques have recently experienced tremendous progress in terms of dedicated cameras for cardiac applications and software techniques, bringing myocardial perfusion imaging (MPI) to the next level.

• Hardware and software advances allow studies to be performed with reduced radiation exposure and acquisition time while providing even better image quality and diagnostic power.







Introduction


Principles of Nuclear Cardiology Imaging

Nuclear cardiology’s signal is a radioactive tracer injected into a patient that emits x-ray or γ-ray photons, and its imaging systems are either single-photon emission computed tomography (SPECT) or positron emission tomography (PET) cameras. This combination has met with remarkable success in clinical cardiology, a success that is the result of sophisticated electronic nuclear instrumentation associated with a highly specific and thus powerful signal—the measured signal is as important as or more important than the imaging systems.


There is a misconception that MRI, echocardiography, and computed tomography (CT) are superior to nuclear cardiology imaging because of their superior spatial resolution. Yet, for efficiently detecting perfusion defects, what is necessary is superior contrast resolution. It is this superior contrast resolution that allows differentiating between normal and hypoperfused myocardium, facilitating the visual and quantitative analysis of nuclear cardiology images. Because the normal myocardium is bright compared with the background, it serves as an excellent signal and has allowed the development over the past decades of software packages for fully automated and objective processing and quantification of nuclear cardiology images, an achievement yet to be reached by other modalities.1,2

New Requirements for Nuclear Cardiology

In recent years, both the medical community and the general public have had many concerns regarding the increased use of ionizing radiation to diagnose all types of diseases and its associated risks for patients.3 In particular, there is a widespread perception that nuclear imaging is associated with high radiation doses. Although the risk-benefit ratio of performing a nuclear imaging procedure is favorable, the nuclear imaging communities have quickly reacted by implementing a new set of guidelines to decrease patient radiation exposure. The American Society of Nuclear Cardiology (ASNC) has recently published documents4,5 that encourage laboratories to greatly decrease patient radiation dose and has set a goal of 50% of all myocardial perfusion studies performed with an associated radiation exposure of 9 mSv by 2014 (a combined stress/rest study with conventional instrumentation and reconstruction techniques delivers a radiation dose of 12 mSv to a patient). Additionally, one of the main drawbacks of MPI is the long acquisition time necessary to maintain image quality and contain radiation dose. Long procedures have a further negative impact on patient comfort and laboratory efficiency, thus increasing study costs.


Stimulated by these sociologic, clinical, and financial needs, manufacturers and scientists have begun to break away from standard MPI imaging systems to create innovative designs of dedicated cardiac cameras and to implement new software techniques to bring MPI to the next level. The basic SPECT camera design is 50 years old and the conventional image reconstruction algorithm, the filtered back-projection (FBP), is even older, dating to more than 90 years ago.


In this article, after introduction of the main aspects of conventional SPECT MPI, the most recent hardware and software advances and how they can result in more accurate diagnostic studies with reduced radiation exposure and study time are reviewed. This reduction in radiation dose and study time is being achieved while providing better image quality compared with standard approaches. These new hardware and software tools provide a large degree of flexibility, which eventually will allow for a more patient-centered approach as required by new clinical guidelines. There are several good reviews6–11 on these issues, which are referred to for additional details; and the authors hope to further emphasize the need for these improvements in devices and techniques.


Conventional single-photon emission computed tomography: instrumentation and principles

The main components of SPECT imaging systems are the scintillation camera, the gantry, and the computer systems (including both hardware and software tools). The camera integrates the collimator; the scintillating crystal, traditionally a sodium iodide (NaI) crystal; and the photomultipliers (PMTs). All these components work together to acquire and reconstruct the tomographic images2 (Fig. 1). A γ-ray is emitted from a source within a patient and strikes the crystal. In the crystal, photons are converted into visible light that is further transformed into an electrical signal by the PMTs. Because γ-rays are emitted from a source uniformly in all directions, a photon from any area in the body can theoretically strike any area of the detector. To localize the exact source of the photon, a parallel-hole lead collimator is placed between the patient and crystal. This collimator consists of an array of long narrow parallel holes that exclude all photons except those that are traveling parallel to the direction of the hole.


[image: image]
Fig. 1 Traditional SPECT camera instrumentation. (Courtesy of James Galt, PhD, Atlanta, GA.)



Collimators are rated by their sensitivity and spatial resolution, 2 of the most important concepts in nuclear image formation and quality.2 Sensitivity is the number of photons that travel through the collimator in a certain amount of time. Image spatial resolution is the ability of the imaging systems to separate 2 distinct point sources in the object. In the particular case of nuclear images, resolution is affected by collimation because a portion of the photons not traveling in a parallel path can still get through a collimator hole, making the single point source appear fuzzy on the detector. How much the point spreads out, which also determines the system point-spread function (PSF), defines the spatial resolution and depends on the length and width of the collimator holes. General-purpose parallel-hole collimators have short and wide holes and can accept more photons than high-resolution collimators, characterized by longer and/or smaller diameter holes. Increasing the length of the holes increases the spatial resolution by decreasing the angle subtended to the hole and consequently eliminating more photons that do not travel parallel to a specific hole direction. Sensitivity and image resolution are inversely related: a high-sensitivity collimator has low resolution and vice versa.


Another important relationship exists between sensitivity, spatial resolution, and collimator geometry.2 The amount of radiation from a point source that reaches a generic plane decreases as 1/r2, but when a collimator is placed between the source and the detector, this relation no longer holds and the same number of rays travel through the parallel-hole collimator no matter how far the point source is. The crucial difference between a collimator placed near the source and one positioned faraway resides in which hole the γ-rays actually end up passing through. Photons traveling parallel to the collimator correctly go through the hole in line with the source, whereas oblique rays likely pass thorough adjacent holes. In Fig. 2A, most of the rays pass through the holes that are nearly in line with that source, even the oblique ones; in Fig. 2B, the same number of rays reach the collimator, but the most oblique rays pass through holes that are further away from the one in line with the source. This feature, commonly termed, detector-response, or geometric response, results in loss of spatial resolution and is exemplified by the larger profile of the PSF.


[image: image]
Fig. 2 Loss of image spatial resolution with object-detector distance. (A) Most of the rays pass through the collimator holes directly in line with source. (B) With increased object-detector distance, more oblique rays pass though holes that are spread around the hole in line with source, widening the PSF.



Once the photons have entered the collimator, the scintillation events generated in the NaI crystal are transformed into electrical signals in the PMTs. Traditional cameras used pulse height analyzers and spatial positioning circuitry to recover the energy and the location of the incident photons, which are successively converted into digital signals using analog-to-digital converters (see Fig. 1).


Conventional SPECT systems may have 1 or more scintillation cameras attached to the gantry. The main advantage of multidetector systems is the increase in count sensitivity: doubling the number of heads doubles the number of photons that may be acquired in the same amount of time. As a consequence of this increase in sensitivity, a higher-resolution collimator can be added or a reduction in acquisition time or injected dose can be achieved. In Fig. 3A, a common configuration for cardiac applications is depicted with 2 detectors mounted next to each other 90° apart. The full set of projections can be acquired by rotating the gantry only 90° with a consistent reduction in acquisition time. Multiheaded systems with triple detectors are also available although less flexible than single- or double-headed cameras.


[image: image]
Fig. 3 Camera head configurations. (A) Double-headed camera for cardiac applications; the 180° orbit can be achieved by rotating the gantry 90°. (B) New camera design concept with stationary detectors acquiring only the heart FOV. (C) Diagram of the IQ-SPECT variable focus collimator for increased sensitivity and resolution on the heart FOV.



Hardware advances: new camera designs

The required improvements both in terms of acquisition time and radiation dose have forced manufacturers to move away from traditional designs to implement dedicated cardiac imaging systems. The new-generation SPECT cameras use detectors constrained to acquire only the cardiac field of view (FOV), cadmium zinc telluride (CZT), or thallium-activated cesium iodide (CsI[Tl]) crystals and solid-state detectors instead of traditional NaI with analog PMTs. Collimators geometry has also been optimized to image the myocardium: new schemes include multi-pinhole or high-sensitivity parallel-hole collimators.


The most beneficial improvement introduced in recent years is use of the CZT10 detector— a semiconductor that works at room temperatures and can process greater than 10 million photons/s/mm2. It also exhibits superior energy resolution with respect to traditional crystals (approximately 1.7 × better than thallium-activated NaI12). These features make it an ideal detector solution for nuclear imaging, although more expensive. Moreover, CZT crystals absorb the γ-ray energy and generate an electrical signal without the need for PMTs. Traditional NaI cameras suffer from inefficient PMTs during the indirect process of conversion of photons to light and to electrical signals (the efficiency of the PMTs cascade approximates 20%) and any loss in visible photon directly results in miscalculation of the energy and the position of the event with consequent blurring of the image and suboptimal spatial resolution. Ultimately, CZT detectors combine the functions of scintillation crystals and PMTs, thus creating smaller and more efficient devices, which may also affect laboratory workflow.


Compared with dual-head traditional Anger cameras, all devices with modern designs and detectors have in common a 5- to 10-fold increase in count sensitivity due to the increased sampling of the FOV at no loss or even gain in spatial resolution.7,8 Note that Fig. 3A shows that much of the crystal in conventional SPECT cameras is not used to image the heart. Fig. 3B shows how in the cardiac dedicated cameras, several smaller detectors simultaneously image mostly the heart: the detectors are arranged around the body as to acquire specifically only the cardiac FOV with greatly improved count statistics. This design has the potential for acquiring a stress study in approximately 2 minutes with a standard injected dose. Fast acquisitions improve patient comfort; reduce the impact of artifacts, such as motion; and increase throughput. Moreover, some of this gain in sensitivity can be traded for a decrease in injected radiation dose.


Several ultrafast cameras are already commercialized. Their main innovative aspects with respect to the traditional instrumentation are described in the literature.6–11

D-SPECT

The first imaging system with a new revolutionary design was D-SPECT (Spectrum Dynamics, Cesarea, Israel). The system uses solid-state CZT pixilated detectors mounted on 9 (or fewer) vertical columns, placed using a 90° configuration (Fig. 4A). Each of the 9 detectors assemblies is equipped with a tungsten, square, parallel-hole collimator. Each hole measures 2.46 mm on its side, larger in comparison with traditional collimators geometry, resulting in camera-increased sensitivity. All detectors move in synchrony and image the heart simultaneously. An initial 1-minute scout acquisition is performed to identify the location of the heart in the FOV and set the limits for the detectors movement during the diagnostic scan.


[image: image]
Fig. 4 Ultrafast camera designs. (A) D-SPECT. Modified from slides. (B) Discovery NM 530c. Modified from slides. (Courtesy of [A] Spectrum Dynamics, Cesarea, Israel, with permission; and [B] GE Healthcare, Haifa, Israel, with permission.)



A modified iterative algorithm implementing resolution recovery (RR) is used for the image reconstruction to compensate for the loss in resolution due to the large collimator hole dimensions (discussed later).

Discovery NM 530c

The second CZT system introduced is the Discovery NM 530c (GE Healthcare, Haifa, Israel), displayed in Fig. 4B. The SPECT design uses Alcyone technology, consisting of an array of 19 pinhole collimators, each with 4 solid-state CZT pixilated detectors. All 19 pinholes simultaneously image the heart with no component moving during data acquisition. Nine of the pinhole detectors are oriented perpendicular to the patient’s long axis, whereas 5 are angulated above and the remaining 5 below the axis. The use of simultaneously acquired views improves the overall sensitivity and provides all the data necessary for both dynamic studies (promoting the feasibility of absolute flow measurement with SPECT) and reduction of motion artifacts. Breast attenuation artifacts are also minimized because not all the views are imaged through the attenuator, but some from are above and some from below the breast.

Cardius 3 XPO

The Cardius 3 XPO (Digirad, Siemens, Poway, CA, US) also uses solid-state electronics. The system has CsI(Tl) pixilated detectors coupled with individual silicon photodiodes and digital Anger electronics, which improve the efficiency of energy conversion with respect to traditional PMTs. Three detectors are fixed using a 67.5° angular separation and the patient is rotated through an arc of 202.5° while sitting in a chair. Manufacturers of this device claim that up to 38% more count sensitivity compared with conventional dual-head systems while maintaining image quality.

IQ-SPECT

The IQ-SPECT system (Siemens, Munich, Germany) has the virtue of having reintroduced to the field the use of confocal collimators. Two collimators are mounted on a dual-detector SPECT camera, with a 90° configuration and a 180° orbit movement. What makes these collimators peculiar is that their FOVs are most convergent at their center, allowing an increased sensitivity and resolution in the heart FOV, whereas the convergence is relaxed toward the FOV edges where it is less important. In Fig. 3C, the IQ-SPECT design is shown with the focused collimation. An advantage of this approach is that it can be used with the existing traditional dual-detector systems by upgrading the collimators design.


Single-photon emission computed tomography image reconstruction algorithms

As discussed previously, several factors can affect the formation of SPECT images, which in turn constrain the ability to decrease acquisition time and injected radiation dose.2 New software methodologies have been developed and are now commercially available to circumvent these limitations. By directly modeling some of the physical and geometric features involved in the formation of nuclear images, for instance, the Poisson noise due to low-count statistics or the collimator geometry to control loss of resolution with depth, better-quality images can be created with reduced injected doses and/or reduced acquisition times.

Filtered Back-Projection

MPI reconstruction is the mathematical process of using planar projections of the radionuclide distribution to generate transaxial tomographic slices, where the pixel (voxel) count values in each slice are related to the concentration of the perfusion agent in the myocardium.


FBP, although more than 90 years old, remains for a majority of nuclear laboratories the most commonly used image reconstruction method. FBP is an analytical method for image reconstruction combining back-projection and filtering theories. Each row of the acquired projection contains counts that originate from the entire transverse plane. The count profile is then projected back by setting all the image pixels along the ray pointing to each profile sample to the same value. FBP assumes that the photons acquired at a voxel over a collimator’s parallel hole were originated from a radioactive source positioned along a straight line from the detector (Fig. 5); all other photons are considered either noise or counts from other sources. To avoid a common artifact, known as the star artifact, a high number of views is necessary and prior to back-projection each view has to be filtered by means of a ramp filter. The ramp-filtered projections are characterized by enhancement of the edges and reduction of reconstruction artifacts. An additional low-pass filter, Hanning or Butterworth, is commonly applied to further decrease noise. The final back-projected image is ultimately taken as the sum of all views. Although efficient, FBP can produce low-quality images. Filtering may remove noise but also decrease spatial and contrast resolution. The smoother the filter, the increasingly blurred the image appears, thus affecting the reliability in identifying and measuring potential perfusion defects.


[image: image]
Fig. 5 Differences between FBP assumption and RR techniques. FBP assumes that photons counted in a voxel over a collimator’s holes were emitted in straight line with the hole. RR techniques take into account the depth-dependent loss of spatial resolution depicted here by the dashed cone. By incorporating the geometry of the imaging system and the collimator, RR can be achieved.



Iterative Reconstruction Techniques

Due to the advances in computational techniques, iterative methodologies have rapidly become the state-of-the-art reconstruction techniques, although not always implemented by nuclear laboratories. Although more expensive from the computational time standpoint, iterative reconstructions (IRs) allow incorporating corrections for the factors that degrade image quality by modeling the imaging systems and the emission/detection processes.


As shown in Fig. 6, IR starts by providing an initial predicted image of the object being acquired. It can be a simple uniform flood field or a better estimation of the configuration of the heart. This volumetric image is used to obtain predicted projections that are compared with the actual measured SPECT projections. Depending on the difference between predicted and acquired profiles, the predicted projections are updated and this process is continued until the reconstruction is such that the predicted projections match the actual ones within an error margin. One of the first IR techniques introduced was based on maximum likelihood expectation maximization (MLEM),13,14 followed by a similar but faster method, the ordered subsets expectation maximization (OSEM).15 The primary differences between various iterative methods are how the predicted reconstructions and projections are created and how they are modified at each step. The more theoretically accurate the iterative technique is, the more time consuming the process. The OSEM technique was developed as a shortcut for the more computationally intensive MLEM: during each iteration only a subset of the projections is used rather than the entire set. Given its flexibility and efficiency, OSEM is commonly implemented into most of new imaging systems software.


[image: image]
Fig. 6 Principle of IR algorithms. IR starts with an initial predicted image to obtain predicted projections. Actual measured projections and predicted ones are compared and a projection error is computed. By means of this error the image is updated and the procedure continued until convergence is reached. At the bottom of the image an example of IR by means of MLEM is shown with different number of iterations. There is no common rule to stop the iterative process, but, importantly, as the number of iterations increases so do noise and artifacts.



Myocardial perfusion SPECT images reconstructed with OSEM are of better quality with respect to images reconstructed with FBP. This difference between the 2 reconstruction modalities may not be crucial in cases of high-count density scans, but it becomes clinically relevant for images with low counts.9 As a result, the improvements achieved by means of IR techniques can be traded for shorter protocols or decreased radiation dose without measurable loss in image quality. This is particularly true when additional corrections are incorporated into IRs.

Attenuation Correction and Single-Photon Emission Computed Tomography/Computed Tomography Hybrid Systems

Attenuation of emitted photons by soft tissue is another important shortcoming of SPECT imaging.16 This soft tissue attenuation is what commonly gives rise to reduced counts in the anterior and/or lateral walls in women due to breast attenuation and reduced counts in the inferior wall in men due to preferential diaphragmatic attenuation.17 Attenuation correction (AC) means the compensation during iterative image reconstruction for those absorbed photons. Several comparative studies of SPECT MPI16,18–25 have shown that AC increases diagnostic performance by significant increases in specificity usually at no significant loss of sensitivity for detecting CAD. In 2002, ASNC released a statement directly addressing the issue and recommending that appropriate hardware and software tools for nonuniform AC be used for an improved image quality and diagnostic accuracy.18,19 Corrections for photon absorption usually use a CT transmission scan from which attenuation coefficients along the thorax may be measured and used to mathematically correct for the absorption. The improvement is even more significant today with the use of solid-state detectors and with RR and noise regularization techniques (described later). The more each physical phenomenon affecting the image formation process is accounted for and corrected, the more accurate the image formation process becomes.


The introduction and dissemination of the SPECT/CT hybrid systems have greatly expanded the usage of AC in clinical routine. These systems physically couple into a single gantry a nuclear scanner to a CT scanner (Fig. 7). Most commonly the CT is a 64-slice device; higher-quality scanners can also be incorporated at significantly higher costs. The 2 acquisitions are obtained sequentially but without moving the patient and successively registered by means of semiautomated software algorithms. In addition to the scan for AC, coronary artery calcium imaging can be performed within the same session. Coronary artery calcium imaging is a simple, rapid, and low-dose acquisition used to quantify coronary atherosclerotic plaque burden and with an established additional diagnostic value over general risk factors to assess coronary artery disease.26–28


[image: image]
Fig. 7 Common configuration of SPECT/CT hybrid system. (Courtesy of James Galt, PhD, Atlanta, GA.)



Furthermore, hybrid systems come with the great benefit of providing information about patient-specific coronary anatomy, although a diagnostic-level CT scanner may be needed.29–31 One of the main drawbacks of nuclear imaging is that, given the lack of specific anatomic information, it relies on standard separation of the LV myocardium in vascular territories or according to the 17-segments model. It is widely accepted that diagnosis and effective treatment of coronary artery disease often require the integration of the 2 types of information, anatomy and function. By means of multimodality image fusion, a more comprehensive picture of patient status can be derived with established additional diagnostic and prognostic value. A large literature exists on the subject for a more detailed description of the field.32–36 Although each acquisition, in particular a diagnostic one, increments the combined radiation dose, the continuous technical improvements of devices and protocols have greatly decreased the dose administered by each modality.37,38 A diagnostic computed tomography (CT) angiogram can now be performed with less than 1 mSv.

Resolution Recovery Techniques

One of the main factors affecting MPI quality is the depth-dependent loss of spatial resolution: the more distant the object is from the parallel-hole collimator, the greater the number of parallel holes intercept its photons ultimately blurring its reconstructed image. The magnitude of this decrease in spatial resolution strongly depends on the geometry of the collimator itself, namely, it is directly proportional to the width of the collimator hole and inversely proportional to its length. By their nature, IR techniques allow to model the geometry of the specific imaging system being used and the physics of the emission/detection processes as a means of compensating for the inherent loss in spatial resolution. These are called RR techniques.6–11


Specific information about the characteristics of the detector, the collimator, the patient position with respect to the detector, and the orbit shape are necessary for the proper implementation of RR techniques. A database of known detectors’ characteristics and collimator designs has been derived and is used depending on each specific combination of acquisition system, radiopharmaceutical, and protocol. Particularly during IR, data from each voxel are modified depending on the collimator geometry and patient position. Image pixels weights are analytically computed, taking into account the solid angles subtended by the collimator between each detector pixel and each body voxel (see Fig. 5). Additional parameters, such as center of rotation of the imaging system and detector-patient distances, are necessary at each iteration and projection. Newer cameras usually can provide these distances; if this is not the case, simple segmentation algorithms applied to each projection can be used to efficiently estimate body-detector distances.

Noise Compensation Techniques

Nuclear images are known to be inherently noisy due to the low-count statistics. Low-count density SPECT images are characterized by noise levels that appear at similar or higher frequencies with respect to the actual myocardial signal. As discussed previously, FBP reduces noise by reducing the high-frequency portion of the data. This results in blurring of the images and decreased image contrast, image resolution, and diagnostic power in detecting perfusion defects and wall motion abnormalities. At the same time RR is performed, noise compensation techniques allow also noise to be regularized and modeled in the reconstruction process. Fig. 8 graphically depicts this concept. Jagged high-frequency noise in the count profile is removed just as it is removed with low-pass filtering. What is different from conventional low-pass filtering is that the modeling process preserves the original defect contrast, thus making it possible to reduce noise without compromising image contrast.


[image: image]
Fig. 8 Rationale for noise compensation techniques. (A) Perfusion defect in the inferior wall. (B) Count profile as obtained from original image along the dashed line depicted in (A) with common high-frequency noise. (C) Smoothing by means of traditional low-pass filters reduces high-frequency noise and also image contrast and ability to detect the defect. (D) By means of noise regularization techniques, high-frequency noise is removed while maintaining image contrast and perfusion defect appearance.



Manufacturers of new SPECT cameras have all incorporated into their devices these advanced software methods, including IR, RR, and noise compensation techniques. Some of the most common software packages are briefly presented.

Wide Beam Reconstruction

UltraSpect (UltraSPECT Inc, Haifa, Israel) developed for its stand-alone workstation the patented algorithm, Wide Beam Reconstruction (WBR).39 The algorithm includes both RR and noise compensation techniques. As described previously, the geometry of the imaging system and the dimensions of the collimator are used within IRs to perform RR. This method can be implemented in both old and newer cameras provided that information about the various scintillation systems is given. By modeling the Poisson distribution of emission process in the creation of nuclear images, noise compensation is also achieved. The objective function implemented in the reconstruction procedure includes both a Poisson and a gaussian component. By differently weighting the 2 components, high-frequency data are either enhanced or smoothed.


It has been reported that SPECT MPI may be performed with the WBR RR algorithm using half the conventional scan time without compromising imaging results.39 Other studies showed that 2 different implementations of these RR algorithms applied to half-time ECG-gated MPI SPECT acquisitions compare favorably with FBP of full-time acquisitions, although systematic offsets in end-diastolic and systolic volumes and ejection fraction were reported due to the increase in image contrast over FBP images.40,41 Another clinical trial showed that adaptive noise control with WBR improves uniformity of myocardium comparing to FBP techniques and results in improved diagnostic certainty while preserving normalcy and accuracy.42

Astonish

The Astonish algorithm (Philips) includes an OSEM reconstruction technique and corrections for the main factors degrading SPECT images, specifically introduced to shorten MPI protocols without compromising image quality. RR is achieved by including information about the collimator geometry in the IR during both the forward and back-projection parts of the algorithm. Additional correction for photon scatter is included.43 The standard OSEM technique is also modified within the Astonish package to model the Poisson noise in the creation of the images.44


Clinical trials have demonstrated the equivalent diagnostic power of images obtained with Astonish software processing with half-time protocols with respect to standard rest/stress studies reconstructed with FBP.45

Evolution

GE Healthcare introduced the Evolution software package with a modification of the OSEM technique to incorporate RR by integrating collimator and detector response and noise compensation. Several different parameters are accounted for in the algorithm: collimator holes and septa dimensions, crystal thickness, collimator-to-detector gap, center of rotation, and object-to-detector distances, depending on the angle of the specific projection. Some of these are included in the software as look-up tables; others are directly retrieved from the raw projection data. Implementation details about the algorithm can be found in Refs.40,46,47


Summary


Nuclear cardiology’s inherent basic attributes have established it as a modality that has withstood the test of times. This article reviews recent advances in hardware and software techniques for MPI SPECT. These developments have been carefully studied and documented in the literature as to how they may be used in the diagnosis, prognosis, and treatment of heart disease. Challenges are mostly socioeconomic in nature but require focusing on reducing radiation exposure, maintaining high study quality, and increasing study value. Documenting progress needs to be continued in these areas.
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As the number of myocardial perfusion single emission photon computed tomography studies performed in the United States has steadily declined over the past several years, an opposite trend can be seen for myocardial perfusion PET. This review covers basic technical aspects of cardiac PET imaging and recent advances that maximize the quality and efficiency of cardiac PET. The covered topics include radioisotopes used in cardiac PET and basics of acquisition and reconstruction, including time-of-flight techniques, PET detectors, attenuation correction, and respiratory gating techniques.
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Key points



• Cardiac PET is currently often performed on 3-dimensional PET/computed tomography (CT) systems, which have different imaging characteristics compared with traditional 2-dimensional PET systems.

• Time-of-flight imaging has been incorporated into commercial PET/CT systems and may allow image contrast improvement in cardiac imaging, especially when combined with resolution recovery.

• Digital photon detectors have been proposed for PET imaging, and is likely to lead to a better count rate and better overall imaging performance.

• Cardiac PET attenuation correction is most often performed with CT; care must be taken to ensure appropriate registration of the CT attenuation maps.





As the number of myocardial perfusion single photon emission compute tomography (SPECT) studies performed in the United States has steadily declined over the past several years, an opposite trend can be seen for myocardial perfusion PET (Fig. 1). One of the reasons for this discrepancy (in addition to clinical, technical, and reimbursement considerations) is increasing public awareness of the potential dangers of radiation exposure, with regard to which PET radiopharmaceuticals compare favorably with SPECT radiopharmaceuticals, mainly because of the shorter half-life of the related radioisotopes (Fig. 2). New SPECT cameras and software approaches have been and are being developed to decrease the radiation dose and improve study efficiency in the SPECT world, as described by Piccinelli M and Garcia EV.1 This article focuses on technical aspects peculiar to PET imaging, as well as hardware and software approaches that maximize the quality and efficiency of cardiac PET.



[image: image]
Fig. 1 Annual myocardial perfusion PET studies performed in the United States (Medicare Part B utilization data, Current Procedural Terminology code 78492, multiple studies at rest and/or stress). (Data from Wheaton Partners, LLC. CodeMap. Available at: https://www.codemap.com/. Accessed July 15, 2015.)







[image: image]
Fig. 2 Effective dose delivered to an adult patient for typical injected activities in myocardial perfusion PET and single photon emission CT stress studies (standard cameras/protocols). Activities are 50 mCi for 82Rb, 30 mCi for 13N-ammonia, 7 mCi for 18F-flurpiridaz, 30 mCi for 99mTc-tetrofosmin, or 99mTc-MIBI, 2.5 mCi for 201Tl.44–49 A new PET radiopharmaceutical, 18F-rhodamine 6G, has been reported to deliver a dose of only 1.04 mSv for a 10-mCi injection.50 (Data from Refs.44–50)





Radioisotopes for myocardial perfusion PET

Although one of the most interesting characteristics of PET is its minimal interference with the biologic processes it sets out to measures (through the use of positron-emitting isotopes of elements naturally occurring in the human body, like 15O, 13N, 11C, and 18F, the latter being an analog of hydrogen), the radioisotopes in clinical use for the practical purpose of measuring myocardial perfusion are 82Rb, 13N, and 18F. A summary of relevant properties for these 3 radioisotopes is shown in Table 1. The energy with which positrons are emitted depends on the radioisotope and, because a positron needs to dissipate its energy through multiple impacts before annihilating with an electron, there is a “positron range” connected with the difference between the location of emission and that of annihilation—the greater the energy, the greater the uncertainty about where the emission actually occurred, and ultimately, the lesser the PET image resolution. Positron range distributions or “line-spread functions” are not well-described by Gaussian curves owing to their long “tails,”2 and therefore both their full-width half maximum and full-width tenth maximum are reported in Table 1, showing that the highest quality PET imaging is theoretically achieved using 18F, followed by 13N and, much lower, 82Rb. Of note, 82Rb is the only generator-produced myocardial perfusion PET radioisotope, and this has contributed greatly to its diffusion in sites for which it is not possible, convenient, or economical to use cyclotron-produced alternatives. For the future, it is reasonable to conjecture that improvements in image quality will be associated with advances in the development and availability of 18F-based perfusion radiopharmaceuticals.




Table 1


Common radioisotopes used in myocardial perfusion PET










	Radioisotope

	Source

	Half-Life (min)

	Max β+ Energy (MeV)

	FWHM (mm)

	FWTM (mm)









	
18F

	Cyclotron

	109.70

	0.635

	0.22

	1.09





	
13N

	Cyclotron

	9.96

	1.19

	0.60

	2.80





	
82Rb

	Generator

	1.25

	3.35

	2.60

	13.20
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The full-width half maximum (FWHM) and full-width tenth maximum (FWTM) of the LSF owing to the positron range are reported.




Coincidence detection

The result of a positron’s annihilation is the simultaneous emission of two 511-keV photons (γ-rays), which for practical purposes can be considered to be collinear and traveling in opposite directions (to be accurate, the angle between them is a Gaussian curve peaked at 180° and with an full-width half maximum of 0.3°). Consequently, a line of response (LOR) is defined as the result of each annihilation, and the use of a physical collimator is not strictly necessary in PET, because collimation is achieved electronically by setting an acceptance time window (to account for time of flight and timing inaccuracies) on γ-rays detected by directly opposing detectors. Moreover, the total attenuation for the 2 photons is constant for a given LOR through the patient, no matter how deep within the patient the annihilation occurred. This allows the use of a radiation source external to the patient (eg, obtained by CT) to measure accurately the attenuation along all the LORs of interest, and determine the appropriate correction factors; by comparison, attenuation correction (AC) in SPECT is a more complex problem. The goal in PET data acquisition is that of accurately identifying, temporally and spatially, the γ-rays produced by positron annihilation in the object being scanned. Each 511-keV photon that dissipates part or all of its energy in a detector corresponds with a single event (“event”). The pair of single events produced by the same annihilation is defined as a true coincidence event (“true event”), in that it ideally identifies the true LOR. In practice, 1 or 2 of the γ-rays may have been scattered, thus producing a scattered coincidence event (“scattered event”), where the apparent LOR deviates from the true LOR. If 1 of the 2 γ-rays is scattered outside the plane where the real LOR lies, only a single event is recorded. If 2 single events from unrelated annihilations are detected simultaneously, they may seem to be a true coincidence event, but really represent a random coincidence event (“random event”). The number of random events is directly related to the resolving time of the system, or the time window chosen to define the simultaneity of detection. A graphical explanation of the genesis of single, true coincidence and scattered coincidence events is shown in Fig. 3 for a simple, 2-detector configuration. The goal, of course, is that of maximizing the amount of true events collected, at the same time decreasing as much as possible the contribution of other types of events to the cardiac PET images.


[image: image]
Fig. 3 Single event, true coincidence, and scattered coincidence events exemplified in a 2-detector configuration.



Field of view and sinograms

Detectors are generally arranged in a ring in modern PET systems, and the field of view of an acquisition is determined by the number of detectors that are electronically enabled to be in coincidence with an opposing detector (Fig. 4). This number is limited to avoid artifacts associated with interdetector penetration and scatter,2 and the overlapping portion of the intersecting “fans” of LORs for all detectors in the ring defines the field of view.


[image: image]
Fig. 4 Fans of lines of response connecting a detector with its directly opposed detector plus 6 other detectors, 3 to the left and 3 to the right of it. The greater the number of detectors with which a detector is in coincidence, the greater the effective field of view of the system.



Under these assumptions, many LORs are parallel (Fig. 5). All parallel LORs define a direction (also termed projection, or angle). Each LOR in a parallel set is named a position, or sample, and each sample in a given direction set gives information on the amount of activity encountered by traversing the scanned object along that specific LOR. The data from all the different angles and positions can be conveniently collected and displayed in a sinogram (Fig. 6), or a matrix whose rows (each identifying a direction or angle) represent the data profiles across the object along those angles.


[image: image]
Fig. 5 Parallel sets of lines of response (LORs), each set defining a direction or angle. Within a set, each LOR represents a position, or sample.



[image: image]
Fig. 6 Sinogram in PET. Each sample (pixel) represents the activity distribution in the object of interest, integrated along a line of response (LOR) connecting 2 detectors. All LORs contributing to the same sinogram row are parallel, thus identifying a direction or an angle.



As Fig. 7 shows, sinograms are directly related to projection images, and 1 set can be easily derived from the other. This is important because sinograms are the basic (raw) building blocks of PET images, much like projection images are for SPECT images, and their interchangeability makes it easy to apply similar reconstruction and image recovery techniques to data acquired using either of the 2 modalities.


[image: image]
Fig. 7 Relationship between sinograms and projection images. If sinograms corresponding with adjacent detector rings (along the z direction, or patient long axis) are stacked on top of one another, projection images can be extracted from the sonogram stack by cutting through it perpendicularly. (Courtesy of Magnus Dahlbom, PhD, Los Angeles, CA.)



Two- versus 3-dimensional PET

As mentioned, coincidence detection makes it unnecessary to use an “in-plane” collimator for PET, thus increasing count sensitivity compared with SPECT. Removing the interplane septa that physically separate detector rings along the axial dimension allows to further improve count collection, by enabling interplane or cross-ring LORs (Fig. 8). Of note, the individual detectors shown in Figs. 4, 5, and 8 are actually detector matrixes and therefore define more than 1 axial plan, but for the sake of discussion the simplified setups shown shall suffice.


[image: image]
Fig. 8 Axial section of a simplified, 4-ring PET system with and without septa to separate imaging planes. Coincidence detection can be (A) strictly 2-dimensional (2D), allowing only “in-plane” lines of response (LORs); (B) in modified 2D fashion, including “cross-plane” LORs between adjacent rings; (C) fully 3-dimensional, removing the septa and allowing LORs between any ring pair.



Operating in 3D mode, without the interplane septa, results in greater photon sensitivity by a factor of 4 to 6 compared with 2D mode. The downside of 3D acquisitions is that the number of scattered events detected as a percentage of all coincidence events, also called scatter fraction, increases from 10% to 15% to 30% to 40%.3 The number of single events also greatly increases, and consequently so does the number of multiple coincidence events (“multiple events”), which are produced primarily by the simultaneous occurrence of a true coincidence event and a single event in 3 detectors, and secondarily by the simultaneous occurrence of 3 single events in 3 individual detectors (see Fig. 3). It is intuitive that the simultaneous occurrence of many events, whether single or coincidence, creates problems for the PET system, which must count, time, and characterize the events. This is a consequence of the fact that, for any counting system to be able to differentiate between 2 consecutive events, those events must be separated in time by an interval at least equal to the resolving time of the system. Such resolving time is called dead time, because the system is virtually dead to additional input during this time.4 Event pileups owing to dead time were a significant problem in older PET systems,5 but the use of newer detector materials and techniques has allowed all modern PET and PET/CT systems to operate in 3D mode, with substantial improvements in photon sensitivity compared with 2D PET.

PET detectors

There are several ways in which the choice of PET scintillating detector material affects image quality. The denser the material, the higher its photoelectric fraction, or its ability to stop the incoming 511-keV radiation completely on the first interaction, and consequently the lower the interdetector scatter. In addition, high luminosity or light yield (expressed as the number of light photons emitted for each MeV of energy absorbed) is desirable for signal-to-noise considerations. Finally, the speed at which a detector emits light after absorbing a 511-keV γ-ray is directly proportional to its count rate capability, which is important in 3D acquisitions. The decay time is defined as the time needed for the detector’s light output pulse to decrease to 1/e of its maximum amplitude value, and a low decay time is virtually essential for time of flight imaging. Table 2 shows the characteristics of 2 historically relevant PET scintillator materials, bismuth germanate oxide (Bi4Ge3O12 or BGO) and cerium-doped gadolinium oxyorthosilicate (Gd2SiO5(Ce), or GSO), together with a newer and widely used material, cerium-doped lutetium oxyorthosilicate (Lu2SiO5(Ce) or LSO), which combines high density with low decay time and a light output that come closest to the NaI(Tl) standard. A variant of LSO in which lutetium is in part replaced by yttrium has been incorporated more recently in commercially available PET/CT scanners, and active research continues with regard to developing new PET detector materials.




Table 2


Characteristics of inorganic scintillating materials used in PET compared with conventional NaI(Tl) for SPECT










	Material

	Density (G/cm3)

	Effective Atomic # (Z)

	Light Yield [% NaI(Tl)]

	Decay (ns)









	NaI(Tl)

	3.67

	51

	100

	230





	BGO

	7.13

	74

	8

	300





	GSO

	6.71

	59

	16

	60





	LSO

	7.4

	66

	75

	40
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Abbreviations: BGO, bismuth germanate oxide; GSO, cerium-doped gadolinium oxyorthosilicate; LSO, cerium-doped lutetium oxyorthosilicate.


Data from Derenzo S, Boswell M, Weber M, et al. Scintillation properties. Available at: http://scintillator.lbl.gov/. Accessed July 15 2015; and Dahlbom M, MacDonald L, Ericsson L, et al. Performance of a YSO/LSO phoswich detector for use in a PET/SPECT system. IEEE Trans Nucl Sci 1997;44:1114–19.





The size of the individual elements in a matrix (block) PET detector has not changed substantially over the past 20 years (from 5.6 × 5.6 mm2 in a CTI/Siemens ECAT 851/951 to about 4 × 4 mm2 in current PET systems), owing to detection efficiency and interdetector scatter considerations. Although this still allows for high spatial resolution of 4 to 5 mm in the center of the field of view, great improvements have been achieved in the way detectors interface with the scanner’s front end electronics. Traditional PET scanners use photomultiplier tubes much larger than the individual detectors in the matrix to which the tubes are coupled, so Anger logic must be used to estimate the location of the original impact of the γ-ray. By contrast, some very recent PET designs feature smaller silicon digital photomultipliers (SiPM)6 or avalanche photodiodes,7 to the point of achieving outright 1-to-1 correspondence between photomultipliers and detectors (Table 3). SiPMs have very good intrinsic timing resolution (44 picoseconds), and are therefore well-suited for use in conjunction with time-of-flight (TOF) acquisition, potentially achieving simultaneous improvements in sensitivity, image resolution, and maximal count rate; the maximal count rate will be very important for myocardial flow measurements with 82Rb.8 Furthermore, SiPM detectors as well as avalanche photodiodes are insensitive to electromagnetic interference, a critical feature for the PET/MR hybrid systems described by LaForest R and colleagues.9 Fig. 9 shows a comparison of photon detection using conventional photomultipliers and digital silicon photomultipliers with 1:1 detector coupling.




Table 3


Specifications and key parameters for modern, recently commercially available PET/CT systems











	PET/CT Model

	Ingenuity TF

	Discovery 710

	Biograph mCT Flow

	Vereos









	Patient port (cm)

	70 OpenView

	70

	78

	70





	CT (slices)

	64, 128

	16, 64, 128

	20, 40, 64, 128

	64, 128





	Patient scan range (cm)

	190

	200

	195

	190





	Maximum patient weight, kg (lb)

	195 (430)

	226 (500)

	226 (500)

	195 (430)





	Acquisition modes

	3D S&S

	3D S&S

	3D S&S, continuous

	3D S&S





	No. of image planes

	45 or 90

	47

	109

	72





	Plane spacing (mm)

	2 or 4

	3.27

	2

	1, 2, or 4





	Crystal size (mm)

	4 × 4 × 22

	4.2 × 6.3 × 25

	4 × 4 × 20

	4 × 4 × 22





	No. of crystals

	28,336

	13,824

	32,448

	23,040





	No. of photomultipliers

	420

	256

	768

	23,040 SiPMs





	Physical axial field of view (cm)

	18

	15.7

	21.8

	16.3





	Detector material

	LYSO

	LYSO

	LSO

	LYSO





	System sensitivity 3D, (%)a


	0.74

	0.75

	0.95

	>1.0





	Transaxial resolution @ 1 cm (mm)a


	4.7

	4.9

	4.4

	4.0





	Transaxial resolution @ 10 cm (mm)a


	5.2

	5.5

	4.9

	4.5





	Axial resolution @ 1 cm (mm)a


	4.7

	5.6

	4.5

	4.0





	Axial resolution @ 10 cm (mm)a


	5.2

	6.3

	5.9

	4.5





	Peak NECR (kcps)

	120 @19 kBq/mL

	130 @29.5 KBq/mL

	175 @28 kBq/mL

	650 @50 kBq/mL





	Time-of-flight resolution (picoseconds)

	591

	544

	540

	307





	Time-of-flight localization (cm)

	8.9

	8.2

	8.1

	4.6





	Coincidence window (nanoseconds)

	4.5

	4.9

	4.1

	1.5













[image: Image]





Systems are by Philips (ingenuity TF and Vereos), GE (Discovery 710), and Siemens (Biograph mCT Flow).
Abbreviations: 3D, 3-dimensional; BGO, bismuth germanate oxide; CT, computed tomography; GSO, cerium-doped gadolinium oxyorthosilicate; LSO, cerium-doped lutetium oxyorthosilicate; LYSO, lutetium yttrium orthosilicate; NECR, noise equivalent count rate; S&S, step and shoot.


aNEMA 2001.
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Fig. 9 Comparison of photon detection using conventional photomultipliers (left) and digital silicon photomultipliers with 1:1 detector coupling (right). The digital approach results in higher spatial resolution and faster timing resolution. (Courtesy of Philips Healthcare, Eindhoven, The Netherlands; with permission.)



As shown in Table 3, the axial coverage of 16 to 22 cm in modern PET/CT systems should allow full coverage of the myocardium at 1 bed position. For cardiovascular applications, where more than 1 bed position is required, it is possible to achieve more uniform axial noise sensitivity by continuously moving the patient through the detection system and rebinning the data appropriately in real time,10 as opposed to using a standard approach.

Time-of-flight imaging

The picosecond timing resolution achievable by combining the fast decay time of LSO and lutetium yttrium orthosilicate detectors with fast coincidence electronics has made it possible to implement TOF imaging in modern clinical PET scanners. The concept of TOF PET had actually been proposed decades ago,11 but until recently its realization had been limited to research PET scanners. In brief, if Δt is the difference in the detection times of 2 photons from the same coincidence event and c is the velocity of light (3 × 1011 mm/s), the exact annihilation location along the LOR can be determined with an uncertainty Δd (depth resolution) expressed by the following formula:


Δd=Δt×c2



[image: image]




The faster the detector and front-end electronics, the smaller the Δt that can be measured, and consequently the smaller the portion of the LOR, where we can say the annihilation occurred (Fig. 10). The iterative reconstruction algorithm used to generate tomographic PET images from sonograms can incorporate this depth resolution information, resulting in an improved signal-to-noise ratio, particularly in large patients.12 It has been shown that TOF imaging results in contrast improvement and increased uptake in the lateral wall for N-13 ammonia myocardial perfusion PET imaging.13


[image: image]
Fig. 10 Principle of time-of-flight (TOF) imaging in PET. In standard PET, a coincidence event detected by detectors A and B identifies an annihilation that can be located anywhere along the line of response (LOR) connecting A and B. In TOF-PET, a similar coincidence event detected by detectors C and D can be more accurately related to an annihilation that occurred in a subsection of the LOR connecting C and D. (From Sitek A. Data analysis in emission tomography using emission-count posteriors. Phys Med Biol 2012;57(21):6779; with permission.)



It is expected that the use of digital SiPM can further improve the TOF performance of PET systems. Making reference to the equation, if Δt equals SiPMs’ timing resolution of 4.4 × 10−11 s, the Δd would be about 6 mm, resulting in substantial improvement in the quality of the final images.
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